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Foreword

MRI is a highly regarded imaging method for clinical diagnosis. It provides exceptional soft
tissue contrast, is non invasive, and has a wide range of applications. It is particularly useful
for the musculoskeletal system, especially for monitoring cartilage, tendons, ligaments, and
other collagen-rich tissues. However, the use of MRI extends far beyond this and covers a wide
range of fields.

The accurate morphological and quantitative imaging of short- and ultrashort-T, tissues
requires the use of correspondingly short echo times. The development of short and ultrashort
echo time (UTE) sequences has opened up the possibility of imaging a wide range of tissues,
including tendons, calcified cartilage, cortical bone, lung, myelin, and others. There are now
many intriguing UTE and zero echo time (ZTE) sequences with various acquisition schemes,
including hybrid variants such as pointwise encoding time reduction with radial acquisition
(PETRA), serving different purposes and each having its own advantages and disadvantages.

Over the years, advancements in technology such as higher field strengths, improved coil
designs, and stronger gradients have led to significant increases in signal-to-noise ratio, higher
spatial resolution, and shorter echo times. These improvements, in conjunction with the devel-
opment of new and more refined MR sequences, have made morphological and quantitative
imaging available in a wide range of tissues where this was not previously possible.

The book is organized into four sections, each focusing on a different aspect of short- and
ultrashort-T, tissue imaging. The first section covers data acquisition, including the different
sequences available for detecting signal from these types of tissues.

The second section delves into contrast mechanisms, highlighting some slightly less com-
monly used but equally exciting techniques such as spectroscopic and phase imaging.

The third section focuses on various quantification techniques such as T, and T,* quantifi-
cation, as well as perfusion and diffusion, and on novel applications of deep learning for auto-
matic segmentation and quantitative imaging.

The last section provides a comprehensive overview of the wide range of applications of
short and UTE sequences and highlights the many different types of tissues that the sequences
can be used to study.

This book is a comprehensive work for anyone who wants to gain a deeper understanding
of short- and ultrashort-T, tissues and their measurement. It is aimed both at newcomers to the
field, such as Ph.D. students, as well as established scientists and clinicians who will find a
wealth of excellent information within its pages.

The contributors to this book are an impressive group of experts in the field, and I am hon-
ored to have played a role in the creation of this book by contributing a chapter on the Cartesian
variable echo time sequence, along with my research group and Xeni Deligianni from the
University Hospital Basel. It is a privilege to be a part of such an impressive book!



vi Foreword

Finally, I would like to express my sincere gratitude to Jiang Du, Ph.D., Professor of
Radiology at the University of California, San Diego, and Graeme M. Bydder, MB ChB,
Emeritus Professor of Radiology at the University of California, San Diego, for their dedica-
tion and efforts in making this book possible.

Department of Biomedical Imaging and Image-guided Therapy Siegfried Trattnig
Medical University of Vienna
Wien, Austria



Preface

When clinical MRI began in the early 1980s, lung, cortical bone, and other musculoskeletal
tissues appeared black on MR images, and the thinking was that these tissues produced no use-
ful signals, were not suitable for clinical MRI and would probably remain so. Only large
abnormalities could be seen in the lung and musculoskeletal tissues with MRI; more subtle
changes could not be recognized and tissue properties could not be quantified. The lack of
detectable signal from short- and ultrashort-T, tissues was regarded as a fundamental limita-
tion of MRI and meant that the technique was not competitive in areas of considerable clinical
importance.

The advent of UTE imaging which produced detectable signal in the lung [1], tendons and
ligaments [2], and cortical bone [3] was therefore a most welcome development. It meant that
these tissues could be regarded as part of mainstream MRI, and research on imaging tech-
niques and visualization could progress in the way that it had for other tissues and organs.

Progress in the first decade of clinical imaging of short- and ultrashort-T), tissues was summa-
rized in a book published in 2012 [4]. Since that time there has been increased interest and major
progress in technical aspects of imaging short- and ultrashort-T, tissues. There has also been a
notable expansion in clinical applications. These developments are the subject of this book.

We are very grateful to the authors who have, without exception, produced up-to-date,
thoughtful and wide-ranging accounts of their work, and so have provided abundant raison
d’étre for the book.

Our thanks go to Patricia Hamilton for meticulous manuscript preparation and review, as
well as to Duncan Stovell and Stuart Crozier from Magnetica who have provided generous
financial support. Thanks also to Vinodh Thomas and Margaret Moore from Springer who
have provided valuable advice and direction.

At a personal level, we are very grateful for the unstinting support from all of those involved
in this project and have greatly appreciated the opportunity to get to know authors and their
work in depth.
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Radiofrequency magnetic field
Brown adipose tissue

Breath hold
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BMD Bone mineral density

BME Bone marrow edema

BOLD Blood oxygenation level-dependent

BSI Bone stress injury

bSSFP Balanced steady-state free precession

BW (i) Bandwidth

BW (ii) Bound water

BWPD Bound water proton density

Caw Cs, C,» = absolute contrast, Cy, = fractional contrast
Cow Bound water concentration

Cow Pore water concentration

CCT Central contrast theorem

CEP Cartilage endplate

CEST Chemical exchange saturation transfer

CF Cystic fibrosis

CHESS Chemical shift selective

CKD Chronic Kidney disease

CNFS Cervical neural foraminal stenosis

CNN Convolutional neural network

CNR Contrast-to-noise ratio

COSMOS Calculation of susceptibility through multiple orientation sampling
CPMG Carr-Purcell-Meiboom-Gill

cr Cardiorespiratory

CS Compressed sensing

CSE Chemical shift encoding

CSF Cerebrospinal fluid

CSI Chemical shift imaging

CSPI Continuous single-point imaging

CT Computed tomography

CTAC Computed tomography-based attenuation correction
CTI Constant time imaging

Ccv Coefficient of variation

Cw Continuous wave

CWPE Continuous wave power equivalent

D Delta, difference

d Divided

D* Apparent diffusion coefficient

DAFP Double adiabatic full passage

DAFP-UTE Double adiabatic full-passage ultrashort echo time
DAQ Data acquisition window

DB-UTE Dual-band saturation-prepared ultrashort echo time
DC Data collection

DC/TMD Diagnostic criteria for temporomandibular disorder
DCE-MRI Dynamic contrast-enhanced magnetic resonance imaging
DCNN Deep convolutional neural network

DDH Developmental dysplasia of the hip

DESIRE Double echo sliding inversion recovery
DESIRE-UTE Double echo sliding inversion recovery ultrashort echo time
DESS Double echo steady state

DEXA Dual-Energy X-ray absorptiometry

dIR Divided inversion recovery

DIR Double inversion recovery

Double-IR-UTE

Double adiabatic inversion recovery ultrashort echo time
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dRHE-MRAC

DRONE
drSIR
drSIREDS

drSIRES
DS
dSIR
DTI
Dual-IR-UTE
DW
DWI
DW-SE-EPI
DXA
ECM
ECV
EDSS
EPI
EPR

ES

F

FA

FAI
FAPI
FAT-SAT
FB

FCD
FEA
FE-UTE
FFT
FID
FIR
FLAWS
fMRI
FOV
Fraci

FS

FSE

FT

FW
FWHM
G

GAG
GAN
GBCA
GE
GIRF
GM (i)
GM (ii)
GM (iii)
GM,
GManyein

Dual-echo ramped hybrid encoding-based magnetic resonance-based
attenuation correction

Deep RecOnstruction NEtwork

Divided reverse subtraction inversion recovery
Divided reverse subtraction inversion recovery echo and diffusion
subtraction

Divided reverse subtraction inversion recovery echo subtraction
Diffusion subtraction

Divided subtracted inversion recovery
Diffusion tensor imaging

Dual adiabatic inversion recovery ultrashort echo time
Diffusion-weighted

Diffusion-weighted imaging
Diffusion-weighted spin echo-based echo planar imaging
Dual X-ray absorptiometry

Extracellular matrix

Extracellular volume

Expanded disability status scale

Echo planar imaging

Electron paramagnetic resonance

Echo subtraction

Fibula

Flip angle

Femoroacetabular impingement

Fibroblast activation protein inhibitors

Fat saturation

Free breathing

Fixed charge density

Finite element analysis

Frequency encoding-based ultrashort echo time
Fast Fourier transform

Free induction decay

Fitted inversion recovery

Fluid and white matter suppression

Functional magnetic resonance imaging

Field of view

Short-T, fraction

Fat saturated

Fast spin echo

Fourier transformation

Free (pore) water

Full width at half maximum

Gradient

Glycosaminoglycan

Generative adversarial network
Gadolinium-based contrast agent

Gradient echo

Gradient impulse response function

Gradient modulated

Gradient moment

Gray matter

Long-T, gray matter

Myelin in gray matter
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GRE Gradient recalled echo

Giead Readout gradient

GRE-T,, Gradient recalled echo-based T,

Ggr Gradient during RF excitation

GT Ground truth

HA Hemophilic arthropathy

HIC Hepatic iron content

HJHS Hemophilia Joint Health Score

HPF High-pass filtering

HU Hounsfield units

HYFI Hybrid filling

HYFI-ZTE Hybrid filling zero echo time

ICcC Intraclass correlation coefficient

IDEAL Iterative decomposition of water and fat with echo asymmetry and least
square estimation

IFFT Inverse fast Fourier transformaction

IFT Inverse Fourier transformaction

IHE Interleaved hybrid encoding

ithMT Inhomogeneous magnetization transfer

iLSQR Improved sparse linear equation and least square

iMoCo Iterative motion compensation

IONP Iron oxide nanoparticle

P In-phase

IPSG International Prophylaxis Study Group

IR Inversion recovery

IRB Institutional Review Board

IRES Inversion recovery echo subtraction

IR-FS-UTE Inversion recovery and fat saturation ultrashort echo time

IR-HE Inversion recovery-based hybrid encoding

IR-IHE Inversion recovery-based interleaved hybrid encoding

IR-PRUTE Inversion recovery-based projection radial ultrashort echo time

IR-RHE Inversion recovery prepared ramped hybrid encoding

IR-SE Inversion recovery spin echo

IR-UTE Inversion recovery ultrashort echo time

IR-UTE-ES Single adiabatic inversion recovery ultrashort echo time with echo
subtraction

IVD Intervertebral disc

iwr Image weighting ratio

1z Intermediate zone

KL Kellgren—Lawrence

L Lorentzian

LAC Linear attenuation coefficient

LAM Lymphangioleiomyomatosis

LBP Low back pain

LCN Lacunar-canalicular network

LFB Luxol fast blue

LOR Line of response

LoSSpap 11 loss

Lossmso Total loss

Losspemso pcMSQ-net loss

LosSny Physical-constraint loss

Losss., Segmentation loss

LTI

Linear time-invariant
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M (i)

M (ii)

m
MANTIS
MAPSS

MAS
MASDIR
MBP
MCIR
mD
MEDI
MF
MIOP
MIP

MIR

ML
MMF
MMPD
MOLLI
MP2RAGE
MPF
MPnRAGE
MPR
MP-RAGE
MRA
MRAC
MRF
MRF-EPI
MRI
MRS
MRSI
MS
MSFC
MSK
MSMQ-Net
MSQ-Net
MT

MTF
MTJ]
MTR
NAGM
NASH
NAWM
NEX
NGM
NIRSI
NMO
NMSI
NP

N,
NWM
OA

Magnetization
Menisci
Magnitude

Model-augmented neural network with incoherent k-space sampling
Magnetization-prepared angle-modulated partitioned k-space spoiled

gradient echo snapshots
Magic angle spinning

Multiplied, added, subtracted, and/or divided inversion recovery

Myelin basic protein

Motion-compensated image reconstruction

Middle domain

Morphology-enabled dipole inversion

Motion fields

Magnetic iron oxide particles

Maximum intensity projection

Multiplied inversion recovery

Machine learning

Macromolecular fraction

Macromolecular proton density

Modified look-locker inversion recovery
Magnetization-prepared 2 rapid acquisition gradient echo
Macromolecular proton fraction
Magnetization-prepared n rapid acquisition gradient echo
Multiplanar reformatting

Magnetization-prepared rapid acquisition gradient echo
MR angiography

Magnetic resonance-based attenuation correction
Magnetic resonance fingerprinting

Magnetic resonance fingerprinting echo planar imaging
Magnetic resonance imaging

Magnetic resonance spectroscopy

Magnetic resonance spectroscopic imaging

Multiple sclerosis

Multiple sclerosis functional composite
Musculoskeletal

Multi-tissue segmentation multi-parameter quantification net

Multi-tissue segmentation and quantification net
Magnetization transfer
Modulation transfer function
Muscle—tendon junction
Magnetization transfer ratio
Normal-appearing gray matter
Nonalcoholic steatohepatitis
Normal-appearing white matter
Number of excitations

Normal gray matter
Near-infrared spectral imaging
Neuromyelitis optica
Normalized mean signal intensity
Nucleus pulposus

Number of spokes

Normal white matter
Osteoarthritis
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ocCJ Osteochondral junction

OP (1) Osteoporosis

OP (ii) Out-of-phase

OPe Osteopenia

OPo Osteoporosis

OVS Outer volume suppression

PB Posterior band

PBS Phosphate-buffered saline

PC Phase contrast

PCL Posterior cruciate ligament

pcMSQ-Net Physical constraint multi-tissue segmentation and quantification net
PD Proton density

PDF Projection onto a dipole field

PDFF Proton density fat fraction

PD-FSE Proton density-weighted fast spin echos

PET Positron emission tomography

PETRA Pointwise encoding time reduction with radial acquisition
PG Proteoglycan

PGSE Pulsed gradient spin echo

PH Phase

PI Porosity index

PLM Polarized light microscopy

PNS Peripheral nervous system

Po Porosity

POCS Projection onto convex set

PR (i) Projection radial

PR (ii) Projection reconstruction

PREFUL Phase-resolved functional lung

PRFS Proton resonance frequency shift

PS Phase sensitive

PSF Point spread function

PSMA Prostate-specific membrane antigen

PSR Picrosirius red

PT Patellar tendinopathy

PTT Posterior tibialis tendon

PW Pore water

PWPD Pore water proton density

QALAS Quantification using an interleaved look-locker acquisition sequence
QCT Quantitative computed tomography

QMRI Quantitative magnetic resonance imaging

QSM Quantitative susceptibility mapping

QT Quadriceps tendon

qUTE-DESS Quantitative ultrashort echo time-based double echo steady-state
r Reversed

Rlw Spin-lattice relaxation rate

RAD Radiologist

rBW Readout bandwidth

RDC/TMD Research diagnostic criteria for temporomandibular disorder
ReLu Rectifier linear unit

RF Radiofrequency

RFPA Radiofrequency power amplifier

RHE Ramped hybrid encoding

RM,,, Exchange rate
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RNN

RO

ROD
ROI

RP

rSIR
rSIREDS
rSIRES
RUFIS
RX

S

SAR
scMRI
SD

SE

SGE
shMOLLI
SIJs

SIR (1)
SIR (ii)
SIREDS
SIRES
SIRF

SL (i)

SL (i)
SL (iii)
SLR
SNR
SPAIR
SPGR
SPI
SPIR (1)
SPIR (ii)
SPRITE
SR (i)
SR (ii)
SR (iii)
SR-SWIFT
SR-UTE
SSFP
SSIM
STAIRES
STAIR-UTE

STAR-QSM
STEAM
STEAM-UTE-DWI

STE-MTR
STIR

SWI
SWIFT
sWr

Recurrent neural network

Readout direction

Renal osteodystrophy

Region of interest

Rectangular pulse

Reversed subtraction inversion recovery

Reverse subtracted inversion recovery echo and diffusion subtraction
Reverse subtracted inversion recovery echo subtraction
Rotating ultrafast imaging sequence

Receive mode

Signal

Specific absorption rate

Synergistic contrast magnetic resonance imaging

Standard deviation

Spin echo

Spoiled gradient echo

Shortened modified look-locker imaging

Sacroiliac joints

Subtracted inversion recovery

Signal intensity ratio

Subtracted inversion recovery echo and diffusion subtracted
Subtracted inversion recovery echo subtracted

Synergistic reconstruction for biomedical imaging

Slice

Spin lock

Super-Lorentzian

Shinnar-Le Roux

Signal-to-noise ratio

Spectral adiabatic inversion recovery

Spoiled gradient recalled echo

Single-point imaging

Spectral inversion recovery

Spectral presaturation with inversion recovery

Single-point ramped imaging with T, enhancement

Saturation recovery

Slew rate

Suppression ratio

Saturation recovery sweep imaging with Fourier transformation
Saturation recovery prepared ultrashort echo time

Steady-state free precession

Structural similarity

Short repetition time adiabatic inversion recovery echo subtraction
Short repetition time adiabatic inversion recovery prepared ultrashort
echo time

Streaking artifact reduction for quantitative susceptibility mapping
Stimulated echo acquisition mode

Stimulated echo acquisition mode ultrashort echo time diffusion-
weighted imaging

Short echo time-based magnetization transfer ratio

Short tau inversion recovery

Susceptibility-weighted imaging

Sweep imaging with Fourier transform

Sequence weighting ratio



XXVi Abbreviations

T Tibia

T/R Transmit and receive

T, Longitudinal relaxation time

T, sw Bound water T,

T,-FSE T,-weighted fast spin echo

T, Transverse relaxation time

T,-FLAIR T,-weighted fluid attenuated inversion recovery

Ty Long transverse relaxation time

Tom Macromolecular proton transverse relaxation time

T Short transverse relaxation time

TA Total acquisition

TBI Total body iron

TE Echo time

TE, First echo time

TE.,. Encoding echo time

TE.,.i, Minimum echo time

TI Inversion time

TKA Total knee arthroplasty

TKR Total knee replacement

TMD Temporomandibular disorder

T™J Temporomandibular joint

TOF Time-of-flight

TP Tissue property

TP-filters Tissue property filters

TPI Twisted projection imaging

TR Repetition time

TSL Spin-locking time

TSR Saturation recovery time

Tsvd Truncated singular value decomposition

™ Total water

TWPD Total water proton density

US Ultrasound

USPF Ultrashort-T, proton fraction

UTE Ultrashort echo time

UTE-AdiabT), Ultrashort echo time-based adiabatic T,

UTE-AFI Ultrashort echo time actual flip angle imaging

UTE-AFI-VFA Ultrashort echo time actual flip angle imaging and variable flip angle

UTE-Cones-DESS  Ultrashort echo time cones-based double echo steady state

UTE-CSI Ultrashort echo time chemical shift imaging

UTE-DESS Ultrashort echo time double echo steady state

UTE-DWI Ultrashort echo time diffusion-weighted imaging

UTE-IDEAL Ultrashort echo time iterative decomposition of water and fat with echo
asymmetry and least square estimation

UTE-MMF Ultrashort echo time magnetization transfer modeling of macromolecu-
lar fraction

UTE-MT Ultrashort echo time magnetization transfer

UTE-MTR Ultrashort echo time magnetization transfer ratio

UTE-PD Ultrashort echo time proton density

UTE-QSM Ultrashort echo time quantitative susceptibility mapping

UTE-SE Ultrashort echo time spin echo

UTESI Ultrashort echo time spectroscopic imaging

UTE-STR Ultrashort echo time with a short repetition time

UTE-T,,

Ultrashort echo time-based T},
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UTE-T,*
UTE-VFA
UTE-VTR
VARPRO
VERSE
VFA

VOE

vITE

VTR

w

W/V
WASPI
WAT
WHO
WM
WM,
WMyelin
WORMS
zGRF-RHE
Z1P

ZTE

Ultrashort echo time-based T,*

Ultrashort echo time variable flip angle
Ultrashort echo time with variable repetition time
Variable projection

Variable-rate selective excitation

Variable flip angle

Volumetric overlap error

Variable echo time

Variable repetition time

Weighting

Weight/volume

Water- and fat-suppressed proton projection MRI
White adipose tissue

World Health Organization

White matter

Long-T, white matter

Myelin in white matter

Whole-organ magnetic resonance imaging score
Zero gradient radiofrequency-ramped hybrid encoding
Zero interpolation filling

Zero echo time
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Introduction to MRI of Short-
and Ultrashort-T, Tissues

Jiang Du and Graeme M. Bydder

History

In the earliest days of human MRI from 1976 to 1985, very
low or zero signals were observed in normal human cortical
bone, tendons, ligaments, and menisci with a variety of pulse
sequences, and this was generally attributed to the low tissue
mobile proton density (p,,) and/or the short-T, of these tis-
sues. The very low or zero signal from these normal tissues
was a useful source of background contrast for identifying
lesions in the tissues when the lesions had sufficiently higher
pms and/or longer T,s to make signal from them detectable
and appear visible with the pulse sequences in use at that
time. However, the lack of signal predicated against detailed
study of these tissues. Whatever sequence preparation was
used, there was no signal detectable from the normal tissues
with conventional clinical pulse sequences so there was no
opportunity to manipulate the contrast of the tissues.
Likewise, the lack of signal meant that the normal tissues
could not be characterized by measurement of their p,,, T},
T,, and/or T,* or other tissue properties (TPs) [1]. In addi-
tion, more subtle diseases might change TPs, but if these
changes were of the wrong type, or insufficient to reach the
thresholds for increase in p,, and T, to enable signal to be
detected, the abnormalities were not usually observable, and
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the changes in TPs could not be quantified [1-3]. It rendered
MRI insensitive to disease in short- and ultrashort-T, tissues
and tissue components.

With increasing static field strength and gradient perfor-
mance, it became possible to shorten echo times (TEs) and
use conventional gradient echo (GE) sequences to detect
some signals from tendons, ligaments, and menisci, but not
from normal lung parenchyma, cortical bone, or myelin.
Detection of signal from these tissues was dependent on the
use of ultrashort TE (UTE) and/or zero TE (ZTE) type
sequences with TEs less than 1 ms. These were first used
clinically in 1992 [4].

Using small-bore MR systems with much superior gra-
dient and radiofrequency (RF) performance, it was possible
to achieve TEs much shorter than those attainable with
clinical MR systems and images at high static field strengths
with improved signal-to-noise ratios (SNRs). This merged
into solid-state MRI where quite specific techniques such
as magic angle spinning are used for detecting signals and
creating lesion contrast. It is usually not possible to imple-
ment these techniques on lower-performance clinical MR
systems, but studies of small animals and tissues using
these systems may be very useful for morphological obser-
vations and characterizing tissues to provide guidance for
clinical studies.

The book essentially describes the last 20 years of devel-
opment in imaging of short- and ultrashort-T, tissues, often
by the people who originated the techniques and/or did the
first studies with them. Tissues that were previously “invisi-
ble”, and frequently ignored in the past, are now the focus of
morphological and quantitative imaging.

This introduction aims to describe some general concepts
and principles as background to the detailed description of
various UTE- and ZTE-type data acquisition strategies, con-
trast mechanisms, quantification techniques, and clinical
applications that follow and begins with an outline of rele-
vant TPs.

© The Author(s), under exclusive license to Springer Nature Switzerland AG 2023 3
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Tissue Properties (TPs): Normal Values,
Changes in Disease, and Changes
with Contrast Agents

Normal Values of T,, T,, and Mobile Proton
Density (o)

There are over 20 tissue properties (TPs) that contribute to
the signals detected in clinical MRI. Some of these TPs such
as py, diffusion, and flow are quite general and are applicable
very widely, whereas others such as the longitudinal and
transverse relaxation times T, and T, are specific for mag-
netic resonance [1-3]. In this section, and subsequently, the
term TPs is used to include fluid properties as well, unless
otherwise specified.

Mobile proton density (p,,) brings in the concept of
nuclear or molecular mobility since immobile protons, as in
crystalline solids, have extremely short Tys (e.g., a few ps)
making them impossible to detect directly with conventional
approaches [5, 6]. This is incorporated into the concept of p,,,
which is the MR detectable proton density. It implies that the
protons are not held so rigidly that their T,s are extremely
short and that their mobility is associated with a longer T, so
that signal is detectable with clinically relevant data acquisi-
tions. p,, is less precisely defined than chemical proton den-
sity but represents the density of protons that can be detected
and used in clinical MRI. It is also affected by shortening
effects due to susceptibility, chemical shift, and other factors
where signals can shorten the observed T, decay designated
as T,*. These effects may be quite profound and drastically
shorten the observed value of T,* to the level that signal
becomes undetectable.

The range of normal T;s of tissues encountered in clinical
practice covers over three orders of magnitude from about
150 ms in cortical bone to fluids of about 4000 ms. The T,s
for tissues increase with field strength though those of fluids
change very little. The relevant range of T,s in tissues is even
greater from <0.01 ms for protons in proteins to 4000 ms for
fluids. It is useful to divide these T,s into five broad groups:
<0.01 ms (supershort), 0.01-1 ms (ultrashort), 1-10 ms
(short), 10—100 ms (intermediate), and 100—4000 ms (long).

In clinical systems, this generally corresponds to the
detectability of the tissues. Supershort-T,s are usually only
indirectly detectable through magnetization transfer (MT)
[7]. Ultrashort-T,s are only detectable with UTE or ZTE-
type sequences, including 2D and 3D UTE [4-6], single-
point imaging (SPI) [8], single-point ramped imaging with
T, enhancement (SPRITE) [9], Cartesian variable TE (VTE)
[10], water- and fat-suppressed proton projection MRI
(WASPI) [11], sweep imaging with Fourier transformation
(SWIFT) [12], hybrid acquisition-weighted stack of spirals
(AWSOS) [13], pointwise encoding time reduction with

radial acquisition (PETRA) [14], ramped hybrid encoding
(RHE) [15], ZTE [16], and Looping Star [17]. Short-T,s are
detectable with GE sequences (shorter T, in the short-T,
range) and spin echo (SE) sequences (longer T, in the short-
T, range). Intermediate and long-T,s are detectable with SE
sequences. Sequences that can detect shorter T, signals can
also detect longer T, signals.

Another important concept is to divide tissues into those
with a majority of short- and/or ultrashort-T, components such
as parenchymal lung, cortical bone, tendons, and ligaments,
and those with a minority of short- and ultrashort-T, compo-
nents such as brain, muscle, and most other tissues. With tis-
sues with a majority of short- and ultrashort-T, components,
direct imaging may be all that is necessary, but with tissues in
which the short- and ultrashort-T, tissues are in a minority, it
is usually necessary to suppress signals from more abundant
intermediate- or long-T, tissue components, both to develop
useful contrast and to provide accurate quantitation of the TPs
of the short- and ultrashort-T, components [6].

Collagen-containing tissues vary in the p, and T, with
highly organized collagen as in tendons and ligaments hav-
ing a moderate p,, and a short-T,. These tissues are subject to
the magic angle effect whereby the T, of the tissue varies
widely with the orientation of fibers to B, [18]. Values, when
the fibers are parallel to By, may be short (e.g., <5 ms), but
when fibers are at, or near, the magic angle (about 55°) to By,
T,s are longer (e.g., 15-30 ms) [19]. This normal increase in
T, may be much greater than the increases in T, produced by
disease.

While backbone protons in collagen and other macromol-
ecules (T,s about 10 ps or less) are not directly detectable
with conventional MRI and UTE sequences [20], water
bound to collagen has a longer T, and this may be detectable
as collagen-bound water and act as a surrogate for tissues of
interest such as the matrix itself [21-23].

Myelin is an example of a tissue component that has a
specific ultrashort-T, of about 0.2 ms [24-26], allowing it to
be detected with UTE sequences even though it is present in
much lower concentration than water in both white and gray
matter of the brain.

Change in TPs in Disease

Pm changes are generally much less than those in T, and T,
although in some situations they can be the dominant effect
[1]. The most common TP change in disease in clinical prac-
tice is an increase in T, and T,. This occurs in infarction,
inflammation, infection, edema, and tumors. The reverse
change of a decrease in T, and T, occurs in stages of hemor-
rhage, as well as with iron and other paramagnetic
accumulation.
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Diffusion is increased in many diseases but in some acute
diseases, including infarction and infection, diffusion is
decreased. It is also decreased in many tumors.

Changes in TPs with Contrast Agents

Clinical Gadolinium-based contrast agents (GBCAs) are
paramagnetic and decrease T;, T, and T,* [27]. This effect
increases with concentration. The effect is opposite to the
increase in T, and T, produced by many diseases, and the
two effects may cancel out, particularly at low concentra-
tions of GBCAs.

Approaches to Imaging and Quantitation
of Short-, Ultrashort- and Supershort-T,
Tissues

The clinical approach to studying short-, ultrashort-, and
supershort-T), tissues follows from a knowledge of their TPs
[1-3].

The first part of the book describes various data acquisi-
tion strategies that can detect signal from short- and ultra-
short-T, tissues of interest. The working rule is that the
effective TE of the sequence should be of the same order as
that of the T, of the tissue of interest. Data acquisition strate-
gies, including SPRITE [9], 2D UTE [5], 3D UTE [28], ZTE
[16], PETRA [14], RHE [15], AWSOS [13], vTE [10], and
Looping Star [17], are described in detail.

The second part of the book deals with tissue contrast
and, in particular, techniques to render abnormalities visi-
ble on images. This work is concerned with detecting
wanted signals and suppressing unwanted signals from
intermediate and long-T, water and fat tissues or tissue
components. The contrast mechanisms include UTE with
subtraction [29], long-T, saturation [30], adiabatic inver-
sion recovery (IR) based techniques [5, 6], water excitation
[31], water/fat separation [32, 33], UTE spectroscopic
imaging (UTESI) [34], phase imaging [35], chemical shift
artifacts [36], TP-filters [1], and multiplied, added, sub-
tracted, and/or divided inversion recovery (MASDIR) [3].
Techniques may be used both for sensitivity to detect
abnormalities, in general, and for specificity to show a par-
ticular tissue component (e.g., bound water in bone and
myelin in white matter).

The third part of the book is on quantitation. This involves
the two previous sections of signal acquisition and suppres-
sion of unwanted signals and adds to them modeling for dif-
ferent TPs and techniques to measure them accurately and
consistently. This section covers quantitative MRI tech-
niques, including UTE-based T, [37, 38], T,* [39], T,, [40—
42], mobile proton density [43—46], MT [47], susceptibility

[48-50], perfusion [51-53], diffusion [54, 55], and deep
learning methods [56].

The fourth part of the book is on clinical applications,
which include the use of data acquisitions, contrast mecha-
nisms for visualization of abnormalities, and quantitation for
determining their extent as well as showing and characteriz-
ing disease, particularly where it is not recognizable using
qualitative image assessment. Changes in short- and ultra-
short-T, tissues can be evaluated with UTE-type sequences,
which may have critical applications in the musculoskeletal
(e.g., osteoarthritis (OA) [57], osteoporosis (OP) [43], tendi-
nopathy [58], hemophilia arthropathy (HA) [59], rotator cuff
injury [60], TMD [61], and spine degeneration [62]), as well
as in the nervous (e.g., multiple sclerosis (MS) [63]), respira-
tory (e.g., lung diseases [64]), and gastrointestinal systems
(e.g., liver iron overload [65]). MR-based attenuation correc-
tion and the silent feature of ZTE-type sequences are also
discussed in this section.

Data Acquisitions

These are directly related to MR machine performance.
Major considerations are static field strength (By), gradient
strength, and slew rate, as well as RF strength (B, field
strength). Clinical systems are generally at a major disadvan-
tage compared with high field-small-bore systems used for
small animal studies and microscopy. There are also safety
constraints applicable to in vivo studies.

From a clinical point of view, the common conventional
acquisitions, such as GE, SE, fast spin echo (FSE), and
Dixon, are widely available and have been in clinical use for
over 30 years. With improved gradient performance, the
minimum TE available with these sequences in clinical
applications has become shorter. The specific sequences
used for short- and ultrashort-T, studies are broadly divided
into four main groups: SPI where a single k-space point is
acquired after each short RF excitation [8], UTE where the
RF pulse is applied initially, and gradients are enabled after
this [5], ZTE where gradients are initially enabled and the
RF pulse is applied after this [16], and vTE where shorter
TEs are used at the center of k-space with small phase encod-
ing gradients [10]. With the ZTE approach, there is a period
after the center of the RF pulse and before the receiver is
enabled where data is not detectable, and this leaves a central
area of k-space that must be filled by some other means. The
VvTE sequence uses a conventional acquisition but variable
phase encoding durations. Other data acquisition strategies,
including SPRITE [9], Cones [66], PETRA [14], RHE [15],
AWSOS [13], and Looping Star [17], are similar to or hybrid
combinations of the above four groups.

Once data acquisition is enabled, acquisition then pro-
ceeds with radial mapping of k-space, or a variant of this,
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from the center (or close to it with ZTE) outwards to allow
acquisition of central or mainly central data in k-space before
the received signal decays to very low levels. Variants of
these approaches and combinations of them are used to
address specific issues.

Contrast Mechanisms

The acquisitions can be classified and related to the types of
tissue from which they can detect signal. Important to this is:
(1) developing contrast between normal and abnormal tis-
sues in the short- and ultrashort-T, domains, and (2) sup-
pressing unwanted signals from intermediate and long-T,
water and fat. This involves consideration of pulse sequence
preparations, acquisitions, and basic image processing tech-
niques such as addition, subtraction, and division of acquired
images [1-3].

Inversion pulses fully invert intermediate and long-T,
tissues where T,s are much longer than the duration of the
pulse (i.e., much longer than about 8 ms). However, this is
not the case for short- or ultrashort-T, tissues where trans-
verse magnetization decays during the inversion pulse, so
that their longitudinal magnetizations are only partially
inverted or are saturated during the inversion pulse. As a
result, the inversion pulse can be a source of T, contrast,
particularly when it is coupled with an inversion time (TT)
chosen to null the signal from intermediate or long-T, com-
ponents [6]. When linked with UTE or ZTE acquisition,
this then provides images in which short-T, tissues show
high signal, and long-T, tissues show low or zero signal.
This is the reverse of the pattern seen with conventional T,-
weighted SE sequences.

Subtraction of a longer TE image from a shorter one is
another method of suppressing or reducing unwanted signals
from intermediate or long-T, components [29]. Long-T), sat-
uration [30], off-resonance saturation [67], water excitation
[31], fat/water separation [32, 33], spectroscopic imaging
[34], and phase imaging [35] can also be used to create short-
T, contrast.

Adiabatic IR-based sequences can be combined in the
form of MASDIR sequences, and these provide additional
options for developing and increasing contrast [3]. It is pos-
sible to develop synergistic contrast where a single TP such
as T, and T, is used twice or more in one sequence to increase
contrast, and/or two or more TPs are used in the same
sequence for the same purpose [1-3]. These techniques can
also be used with high signal suppression (e.g., for interme-
diate or long-T, water and fat-containing tissues) and are
able to substantially increase contrast.

Quantitation

Many of the requirements for quantitation follow from con-
sideration of the TPs of the tissues of interest. If there are a
majority of short-T, components, a single exponential T,
decay may be an adequate model, but if short- or ultrashort-
T, tissues are in a minority, long-T, signal suppression or
biexponential modeling may be required [6].

Fat may be a significant source of signal contamination
and particular techniques suited to the tissue of interest
(e.g., with susceptibility differences in trabecular bone) are
needed to achieve effective fat suppression and accurate
quantitation [36].

A combination of signal suppression techniques may be
more effective than one alone, and MT modeling may be
necessary with acquisitions specifically designed to acquire
data for the model [47].

Quantitation techniques can be broadly divided into two
categories: relaxometry including UTE-based T, [37, 38],
T,* [39], T,, [40-42], and T, mapping; and other tissue prop-
erties including mobile proton density [43—46], MT ratio
(MTR) [68], MT modeling of macromolecular proton frac-
tion (MMF) [47], susceptibility [48-50], perfusion [51-53],
and diffusion mapping [54, 55].

Quantitation usually requires specific techniques in order
to achieve accuracy and consistency rather than just perform-
ing quantitation as a spin-off from sequences used for mor-
phological purposes. This may require additional time, but in
some circumstances (e.g., bone densitometry) it may be the
only type of acquisition needed.

Clinical Applications

These often follow from general considerations about what
is needed clinically, what is available with other MR tech-
niques, other imaging modalities, and other investigative
techniques.

Clinical work on short- and ultrashort-T, tissues began
with the lung [4], but motion and the effectiveness of high-
resolution breath-hold CT have meant that lung imaging has
been a relatively small application for UTE- and ZTE-based
techniques.

The short- and ultrashort-T, tissues in the musculoskele-
tal (MSK) system followed, and this has been a productive
area with studies on all the major MSK tissues [5, 69]. UTE-
type imaging of both long- and short-T, tissues makes it pos-
sible for a “whole-organ” disease approach, thereby
improving the diagnosis of various MSK diseases such as
OA [57], OP [43], tendinopathy [58], HA [59], rotator cuff
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injury [60], temporomandibular disease (TMD) [61], and
spine degeneration [62].

The specific MR properties of myelin (T, = 0.2 ms) and
its clinical significance have meant that the brain has been an
important target, too [63]. Given the essential role of myelin
in developing and maintaining elaborate cognitive functions,
direct imaging of myelin may help understand the pathogen-
esis of many neurological diseases, such as MS, Alzheimer’s
disease (AD), Parkinson’s disease (PD), traumatic brain
injury (TBI), and epilepsy.

Accumulation of T,-shortening iron has led to specific
disease-related applications in hemophilia [59], thalassemia
[70], and liver iron overload [65]. There are short- and ultra-
short-T, components in many other tissues and organs that
have yet to be studied in detail.

Other applications such as iron-labeled stem cell tracking
[71], temperature mapping [72], and treatment monitoring
remain to be systematically investigated.

Key Concepts

Listed below are some key concepts which help in under-
standing MRI of short- and ultrashort-T, tissues:

1. The name TE is often a misnomer since frequently no
echo is acquired since the acquisition is a free induction
decay (FID), but the concept of TE is used descriptively
because it does provide a guide to contrast.

2. The definition of TE, including the timing from when it
starts and when it finishes, has been the subject of debate.
With UTE sequences, the effective starting point for
measuring TE varies with T,. The end of TE is usually
taken as the time when acquisition starts, usually at the
center of k-space.

3. Short-T, tissues can be divided into two major catego-
ries: (a) those with a majority of short- and/or ultrashort-
T, tissues (e.g., bone, menisci, ligaments, and tendons),
and (b) those with a minority of short- and/or ultrashort-
T, tissues (e.g., trabecular bone and myelin). Generally,
the latter group is much more challenging for selective
imaging. Special considerations are needed to minimize
signal contamination from long-T, water and fat when
imaging these tissues.

4. Collagen is ubiquitous and in highly ordered form may
produce magic angle effects. Water bound to collagen
may be imaged rather than collagen itself as collagen
backbone protons have T,s that are too short for direct
UTE or ZTE imaging [20].

5. Magic angle effects are major confounding factors in
both morphological imaging and quantitative assess-
ment of short-T, relaxation times and tissue properties
[6, 18, 73].

10.

11.

12.

13.

14.

15.

The concept of p,, incorporates the idea of short-, ultra-
short-, and supershort-T,s (“invisible””) which are not
detectable with the acquisition in use.

. Short-T, components typically have short T;s, facilitat-

ing direct UTE imaging which otherwise may be chal-
lenging due to their usually lower p,,s than surrounding
or associated long-T, tissues.

. Phase imaging is an important source of contrast and

typically requires relatively long TEs for appreciable
phase evolution. Phase contrast can be generated for
collagen-rich short-T, tissues associated with orientation-
dependent frequency and phase shifts. Phase differences
accrue in short- and ultrashort-T, tissues during the RF
excitation and data acquisition portion of UTE imaging.
Data acquisition can be basically subdivided into SPI,
UTE, ZTE, and vTE groups or a hybrid combination
depending on the order of the RF pulse and gradient acti-
vation k-space mapping for the center of k-space.

The ZTE sequence applies RF excitation and data acqui-
sition after setting the radial encoding gradients [16]. It
effectively copes with rapidly decaying signals because
it encodes fresh transverse magnetization immediately
at full k-space speed and with zero signal delay (see
Chap. 5, “Zero Echo Time (ZTE) MRI”).

Inversion pulses can be used to create T, and T, con-
trast. The inversion and nulling of long-T, magnetiza-
tion highly depend on T, relaxation as well as the
choice of TR and TI, creating T,-dependent contrast.
Meanwhile, fast transverse relaxation during an adia-
batic hyperbolic secant pulse can forestall complete
inversion of the longitudinal magnetization but partial
inversion or saturation of short-T, tissues, creating T,-
dependent contrast.

Echo subtraction suppresses long T, components and
reverses T, contrast. Short-T, contrast is acquired by
subtracting a second echo image from a first echo image
which is equivalent to T, bandpass filtering.

Multiple IR sequences can be combined for improved
long-T, signal suppression. The dual or double adiabatic
inversion pulses allow more accurate nulling of long-T,
water and fat signals by considering their significant dif-
ferences in T's, thereby creating much improved short-
T, contrast.

Synergistic contrast is valuable for short-T, tissues by
combining a single and/or two or more different TPs to
suppress unwanted high signals from long-T, compo-
nents. It can be used to increase sensitivity and/or speci-
ficity in short- and ultrashort-T, tissues.

High T, contrast is possible with UTE and ZTE acquisi-
tions in spite of their ultrashort TEs. Echo subtraction
(i.e., shorter TE filter minus longer TE filter) leads to
reversal of the sign of short-T, tissues, producing overall
synergistic positive T, contrast.
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16.

17.

18.

19.

20.

21.

22.

23.

24.

25.

UTE-type sequences can directly image nonaqueous
myelin protons with ultrashort-T,*s of ~0.2 ms.
Adiabatic IR-based techniques, especially the STAIR-
UTE approach, allow efficient suppression of various
water components and thereby facilitate robust mapping
of myelin density and relaxation times (e.g., T; and T,*).
Short-T, imaging is subject to various artifacts related to
chemical shift, susceptibility, long-T, signal contamina-
tion, and motion. Center-out radial or spiral mapping of
k-space leads to off-resonance artifacts manifested as
spatial blurring due to the ring-shaped point spread func-
tion. Partial volume and long-T, signal contamination
may significantly affect short-T, quantification. UTE
imaging is generally less sensitive to motion artifacts
due to averaging of central k-space data.

Fat signal suppression and separation are critically
important. Short-T, signal is typically much lower than
fat signal if unsuppressed. Fat contamination and related
off-resonance artifacts are potential sources of error with
UTE imaging and can significantly affect the quantifica-
tion of MR relaxation times and tissue properties.
Short-T, imaging is typically associated with spatial
blurring and low signal because of the fast signal decay
during data sampling and the relatively low p,s of many
tissues of interest. A short sampling window helps to
minimize spatial blurring.

ZTE images are generally less blurry than UTE images.
Stronger RF and gradient systems are expected to bene-
fit all UTE-type sequences.

Quantitation of short- and ultrashort-T, tissues requires
consideration of fast relaxation during RF excitation,
spatial encoding, magnetization preparation, B, and B,
inhomogeneities, chemical shift artifacts, and long-T,
signal contamination.

Higher RF power and stronger gradient systems allow
more accurate quantification of short- and ultrashort-T,
tissues. Often effective long-T, signal suppression is
necessary to avoid signal contamination and obtain
accurate measurements for short-T, components such as
the osteochondral junction, the cartilaginous endplate,
trabecular bone, and myelin.

UTE type sequences allow mapping of T,, T,, T,,, and
T,* for bone, deep cartilage, menisci, ligaments, ten-
dons, lung, iron overload, and myelin, making it possi-
ble to evaluate these TPs in clinically “invisible”
short- and ultrashort-T, tissues.

Macromolecular fraction and exchange information in
bone and other short-T, tissues can be derived through
UTE-based MT modeling.

Relatively fiber orientation-independent biomarkers
including UTE-MT modeling of MMF [74] and UTE-
AdiabT,, [75] are likely more effective than traditional

26.

T, Ty,, and T,* mapping in evaluating degeneration of
collagenous short-T, tissues.

The range of clinical applications of short- and ultra-
short-T, imaging includes musculoskeletal (OA, OP,
HA, TMD, tendinopathy, spine degeneration, etc.), ner-
vous (MS, AD, PD, TBI, epilepsy, etc.), respiratory
(lung fibrosis, etc.), and gastrointestinal diseases (liver
iron overload, etc.). Other applications include PET-
MRI attenuation correction, iron-labeled stem cell track-
ing, temperature mapping, and treatment monitoring.

Conclusion

This introductory chapter has provided background and a
structure for understanding the imaging of short- and ultra-
short-T, tissues. The book is designed to provide: (1) an
overview of techniques and applications for those new to the
field, (2) an introduction to the achievements of those active
in the field, (3) an update on current concepts, and (4) an
outline of current clinical work. It also provides a summary
of over 20 years’ work, often written by those who originated
the advances they describe and those who performed the ini-
tial clinical studies.
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Single-Point Ramped Imaging with T,
Enhancement (SPRITE)

Dan Xiao and Layale Bazzi

Introduction

Single-point ramped imaging with T, enhancement (SPRITE)
[1] is best known in the magnetic resonance material science
community where it is used for the study of porous media
[2]. These show large susceptibility differences between
solid matrix and the fluids in pore space which lead to very
short signal lifetimes. SPRITE has been employed in the
study of biomaterials [3], mummified human organs [4],
in vivo animal imaging [5], myelin mapping [6], and in vivo
sodium brain imaging [7, 8], as well as in electron paramag-
netic resonance (EPR) imaging [9, 10].

SPRITE is a single-point imaging (SPI) technique that
has a faster data acquisition than more traditional forms of
SPI[11, 12]. The gradient switching and associated acoustic
noise are much reduced with SPRITE. As a pure phase
encoding method, SPRITE is largely immune to static mag-
netic field inhomogeneity since the signal evolution time is
constant for all k-space points, and a very short encoding
time is used.

Pulse Sequence

The SPRITE pulse sequence is shown in Fig. 2.1. The mag-
netic field gradient is switched on and stabilized before the
radiofrequency (RF) pulse is applied. A single point in
k-space is acquired after the short signal encoding time (T,).
The gradient is not turned off after data acquisition. This
minimizes switching, which also passively spoils the trans-
verse magnetization. At the end of TR, the gradient is ramped
up or down to its next value. Additional spoiling gradients
may be required around the k-space center. Any residual
magnetization can also be removed by phase cycling [13].
SPRITE is a 3D imaging sequence.
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In frequency encoding schemes, k-space data is acquired
at different signal evolution times, leading to a change in the
amplitude and/or phase of the modulation transfer function
(MTF). This may result in resolution loss and spatial misreg-
istration, depending on the k-space trajectory, signal lifetime,
and magnetic field offset. On the contrary, with pure phase
encoding methods, all the k-space data points have the same
signal evolution time T,. The signal equation is then:

TP

S (l;) =[p (7) e T B, (7),

where p (17 ) may include a T, relaxation term, which will be
discussed below. AB(F) refers to the macroscopic magnetic
field inhomogeneity that has a spatial variation on the scale
of an image voxel. When microscopic magnetic field varia-
tion is significant, intravoxel dephasing leads to rapid signal
decay, and the effect is expressed in T, attenuation. Because
the T, and AB terms are not k dependent, this signal equation
can be written as:

2.1)

S(k)=15(F)e > d(7) 22)

where

T

_ T ) g BT,

2.3)

p(F)=

T, is a contrast factor in the image, instead of a point
spread function (PSF). Similarly, local phase evolution due
to B, offset is consistent in all the k-space data points, lead-
ing to simple phase variation in the image. The true image
resolution is not limited by the signal T,, and static magnetic
field inhomogeneity does not distort the image.

SPRITE is a powerful method when sources of severe mag-
netic field inhomogeneity are present, such as around metal [14,
15]. An example from Ref. [16] is shown in Fig. 2.2, where the
SPRITE image (Fig. 2.2a) of a suspended titanium nut in a gel
phantom is compared to a gradient recalled echo (GRE) image
of the same nut (Fig. 2.2b). A 200 ps T, was used with SPRITE
for an isotropic voxel of 1 mm?. The minimum achievable GRE
echo time (TE) for the given voxel size was 1.8 ms and this was

p(F)e

n
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Fig. 2.1 SPRITE pulse sequence. A single point in k-space is acquired at the signal encoding time T, after the RF pulse. At the end of TR, the

gradient is ramped up or down to the next value

Fig.2.2 A gel phantom with
a suspended titanium nut
imaged at 1 T with an
isotropic voxel of 1 mm?. The
distortion-free SPRITE

(T, =200 ps) image (a) is
compared with a GRE

(TE = 1.8 ms) image (b) in
which artifacts are obvious
(arrows). Some signal
enhancement was observed
close to the metal in (a), but
there is no geometric
distortion. The magnetic field
around the metal was mapped
with multipoint SPRITE (c).
Excellent agreement with the
theoretical calculation in
terms of the shape and
magnitude of the distortion
(d) was achieved.
(Reproduced with permission
from Ref. [16])

employed in Fig. 2.2b. Severe geometric distortion is observed
in the GRE image where the hexagonal shape of the nut is not
discernible. Intravoxel dephasing resulted in signal cancellation
in regions close to the metal. Spatial misregistration also
occurred in the frequency encoding direction as the magnetic
field offset led to extra phase accrual during the data acquisition
window. The SPRITE image (Fig. 2.2a) captured signals next to
the metal. The image was free from geometric distortion due to
the short and constant T,,. The image actually had an elevated
intensity in regions close to the metal due to RF enhancement
[17]. The robustness of SPRITE imaging has also been exploited
to map B, fields near metal [18].

K-Space Trajectory

As a single-point imaging technique, the Cartesian k-space
is traversed point by point, and the coverage is very flexi-
ble. The gradient can be stabilized for a relatively long
period, of the order of milliseconds, before applying RF
pulses, so there is virtually no constraint on the gradient
slew rate and gradient waveform fidelity. SPRITE is very
easy to implement in this respect. For a chosen T,, the
maximum k value is determined by the available gradient
amplitude, which may be a limiting factor with some
scanners.
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The SPRITE k-space trajectory is defined in a nonconven-
tional manner, where an interleaf or sector corresponds to a
group of RF excitations. The interleaf can have a regular or irreg-
ular pattern. It is usually preferable to acquire a new data point in
close proximity to the preceding k-space point within an inter-
leaf, so that gradient switching is minimized. In principle, all the
3D k-space data can be acquired with a single interleaf.

The TR is usually much shorter than T,;. Without dummy
cycles, saturation toward longitudinal steady state leads to an
MTF that is determined by the k-space trajectory. Quantitative
proton density-weighted imaging starts with an interleaf at
the k-space center [19, 20], resulting in low-pass filtering of
the k-space data. Signal-to-noise-ratio (SNR) is generally
higher compared to other trajectories as the magnetization
amplitude is highest at the k-space origin. The compromise is
some loss of resolution. The width of the low-pass filter can
be reduced by increasing TR, within the limit of acceptable
gradient duty cycles. Reducing the excitation flip angle also
leads to a narrower filter but with a decrease in the image
SNR. A more practical approach is to use multiple shorter
interleaves. A delay at the end of each interleaf for T, recov-
ery also lowers the gradient duty cycle. Multiple-centric-
interleaf acquisition is typical when magnetization preparation
precedes the spatial encoding module as discussed below.

Alternatively, the trajectory can start at the periphery of
k-space to maintain the image resolution, which is similar to
applying dummy cycles. This leads to T, contrast and a
reduced SNR.

Pure phase encoding is very compatible with k-space
undersampling for accelerated data acquisition. It is trivial to
execute an undersampling pattern that is incoherent in all
dimensions [21, 22]. However, compressed sensing is not
very commonly employed, as the SNR is usually not suffi-
cient to support nonlinear image reconstruction. Signal aver-
aging is often required in the most common SPRITE
applications. Keyhole sampling [23, 24] has been applied to
mitigate long scan times.

Multipoint Acquisition

In SPRITE, although only one point in k-space is acquired
after the RF excitation, multiple time-domain points with
increasing Tys can be collected at virtually no additional
cost. These points can be utilized to increase image resolu-
tion [25]. More often, multiple pure phase encoding images
are reconstructed. The image FOV decreases with T, after a
simple inverse fast Fourier Transform (IFFT) and can be cor-
rected by interpolation [26, 27]. These images can be
summed to increase SNR. Alternatively, the image series can
be analyzed to map the T, [28, 29] and/or AB [16], based on
Eq. (2.3).

Since the T, can be very short and of the order of micro-
seconds, severe magnetic field distortion AB (F ) can be mea-

sured using the available gradient amplitude as long as the
intravoxel dephasing does not lead to signal cancellation.
Phase wrapping can be controlled by properly choosing the
dwell time AT,. An example of magnetic field mapping
around metal is shown in Fig. 2.2c [16]. It was acquired with
a range of Ts between 200 and 300 ps. Excellent agreement
is seen with the theoretical calculation shown in Fig. 2.2d, in
terms of the shape and magnitude of the magnetic field distor-
tion. Good quality field maps are only possible if images of
all T, values are distortion free. A similar principle has been
applied to measure time-varying magnetic fields [30] and
vocal fold oscillation [31] using pure phase encoded MRI.

Flip Angle and RF Power

The RF flip angle may affect resolution, contrast, and SNR,
depending on the k-space trajectory. The use of the Ernst
angle is generally preferred. SPRITE differs from frequency
encoding methods in that the sample bandwidth varies with
k-space values. To achieve a short T, and/or high spatial reso-
lution, very high-amplitude gradients may be required for
k-space points in the periphery. The excitation bandwidth
and receiver bandwidth in the multipoint acquisition scheme
may only be sufficient for the central region of k-space, lead-
ing to additional filter and degradation in image resolution. A
short duration, high-power rectangular RF pulse may exceed
the MR system hardware or specific absorption rate (SAR)
limits. The compromises may be the use of a lower excitation
flip angle, longer encoding time, or lower spatial resolution.
Corrections for excitation bandwidth can be applied at the
image reconstruction stage [32]. Variable flip angle and/or
bandwidth excitations have been proposed [33]. By includ-
ing a variable TR, a reduced SAR was achieved with an
increased SNR and/or reduced data acquisition time [33].
Variable acquisition filter bandwidth has been used to
increase SNR [34].

Higher-order effects, such as phase accumulation during
RF excitation, have been investigated [35]. More complex
RF pulses with frequency and amplitude modulation, as
employed in zero echo time (ZTE) [36, 37], can be consid-
ered in SPRITE. Applying a low-amplitude gradient during
the RF excitation, followed by a ramping gradient, has been
proposed to enable pure phase encoding around metal
implants [38]. The hybrid-SPRITE method [39] was devel-
oped to address gradient and RF limitations.

Hybrid-SPRITE

Hybrid-SPRITE [39] employs some time-domain points for
data from the periphery of k-space. The data acquisition is
similar to multipoint SPRITE but with many fewer phase
encoding steps. A single image is reconstructed instead of
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multiple frames. Because the center of k-space is more impor-
tant in determining image quality, hybrid phase-frequency
encoding largely retains the benefit of pure phase encoding
and reduces gradient amplitude and RF power requirements.
The proportion of phase versus frequency encoding points
can be chosen based on the hardware constraints, the desired
data acquisition time, and image quality. Compared to zero-
filling of high k value SPRITE [40], hybrid-SPRITE improves
image quality by incorporating experimentally acquired high-
frequency information, though the data are not as ideal as
those obtained with a pure phase encoded acquisition.

The method is similar to pointwise encoding time reduc-
tion with radial acquisition (PETRA) [41] and hybrid filling
(HYFI) [42] but was motivated by reducing the gradient and
RF duty cycles of SPRITE. A variable phase encoding inter-
val technique essentially achieves the same purpose but
acquires each time-domain point with a separate RF pulse
[43]. In hybrid-SPRITE, a pseudo-polar grid was proposed
for efficient k-space coverage and image reconstruction, as
shown in Fig. 2.3. The black dots are phase encoding points
that determine the image acquisition time and maximum
sample bandwidth. The blue dots are frequency encoding
points acquired immediately after the connected black dots.
The pseudo-polar scheme enables simple image reconstruc-
tion without regridding.

Fig. 2.3 Hybrid-SPRITE k-space trajectory on a pseudo-polar grid.
The black dots are pure phase encoding points, with the central portion
plotted on a Cartesian grid. The blue dots are frequency encoding points
acquired after the connected black dots. The pseudo-polar scheme
enables simple image reconstruction without regridding

Time-domain points can be acquired at no cost following
the other phase encoding points in the central region of
k-space, such as the three-by-three black dots in Fig. 2.3.
These were not incorporated into the hybrid-SPRITE
method. Recent work has been performed to utilize all the
time-domain points in a regularized reconstruction. The goal
is to acquire the T, map as in the multipoint SPRITE scheme
but with much reduced data sampling and hardware con-
straints [16].

Magnetization Preparation and Motion
Encoding

SPRITE can be combined with magnetization preparation
modules such as spin lock and inversion recovery [44], spin
echo [45], as well as diffusion and flow [46—48] to study sys-
tems that are challenging for other MRI techniques. Centric
scanning is usually used with a SPRITE spatial encoding
module so that the k-space center is first acquired after the
preparation. An extended k-space interleaf may lead to inac-
curate results, as some data can be dominated by the freshly
recovered magnetization after numerous RF excitations.
This additional factor must be considered in designing the
pulse sequence.

Alternatively, the magnetization preparation can be
repeated for each k-space point. Motion-sensitized SPRITE
is a very powerful technique for studying turbulent flow
[49]. Very fast flow of up to 10 m/s can be quantified thanks
to the use of a very short T,. The pulse sequence is shown
in Fig. 2.4. The dashed line is the spatial encoding gradient
which is the same as in Fig. 2.1. A symmetrical excursion
on either side of the spatial encoding gradient is applied.
The gradient switching occurred at T,/2 so that the inte-
grated area of gradient waveform from the RF pulse to the
data acquisition is the same as shown by the dashed line in
Fig. 2.4. The gradient is not switched back to the spatial
encoding value after data acquisition. Instead, it is ramped
to the next step at the end of TR, where the motion-sensitiz-
ing gradient is again included. Accurate motion encoding is
achieved for each point in k-space. Since SPRITE is
immune to large susceptibility differences, turbulent flow
through a dysfunctional bi-leaflet mechanical heart valve
was successfully measured [50]. Diffusion tensor imaging
of anisotropic turbulent flow with Reynolds numbers as
high as 60,000 has been reported [51]. These motion encod-
ing schemes have also been applied to study other challeng-
ing systems, such as the X-nuclei gas (sulfur hexafluoride)
[52] and water spray [53].
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Fig. 2.4 Motion-sensitized SPRITE sequence. The gradient has a symmetrical excursion on either side of the spatial encoding gradient (dashed

line)

Conclusion

SPRITE is a robust MRI technique used for the capture of
short lifetime signals. The pure phase encoding method is
immune to magnetic field distortion. It is a powerful method
to map the magnetic field around metal. SPRITE acquisi-
tions can also be combined with magnetization preparations
to study situations that are not accessible with other MRI
methods, such as the fast turbulent flow.

The biomedical applications have been limited by the
long data acquisition time as well as by high gradient and RF
duty cycles. These can be mitigated by the use of a hybrid
scheme incorporating some frequency encoding points. The
recent development of advanced constrained data processing
may provide similar information to that obtained with fully
sampled multipoint SPRITE, using only a fraction of the
phase encoding steps. This could enable more biomedical
applications.
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(2D UTE) Imaging
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Introduction

There is increased interest in direct imaging of tissues with
short transverse relaxation times (T,s). When imaged with
conventional clinical MRI sequences, the so-called short-T,
tissues show little or no signal. They require more advanced
techniques, such as single-point imaging (SPI) and ultrashort
echo time (UTE) sequences [1-7]. Single-point imaging
(SPI) sequences often require relatively long acquisition
times which limit their clinical applications [1-3]. Two-
dimensional (2D) and three-dimensional (3D) UTE imaging
techniques have therefore been more frequently used for
morphological and quantitative imaging of short-T, tissues
[4-7].

UTE sequences acquire the free induction decay (FID)
signal immediately following the radiofrequency (RF) exci-
tation with center-out k-space sampling trajectories (e.g.,
radial or spiral trajectories). The simplest UTE sequence
uses a short RF pulse for excitation followed by 3D radial
readout trajectories. In this case, the minimal echo time (TE)
achievable is only limited by the hardware switch time from
transmit to receive, which ranges from a few microseconds
to a couple of 100 ps. The sequence allows vast undersam-
pling in the angular direction, so fast volumetric imaging can
be achieved although with the penalty of diffused back-
ground noise. Advanced strategies such as parallel imaging,
compressed sensing, and more efficient sampling trajectories
such as 3D Cones and twisted projection imaging can be
used to further improve 3D UTE image quality and shorten
the acquisition time [8—11]. Despite these techniques, the
acquisition times of 3D UTE sequences can still be long for
applications where high spatial and temporal resolution is
needed. For example, an important potential application of
UTE MRI is to monitor the progress of the freeze-thaw cycle
in tissues during cryoablation, where the tissue temperature,
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as well as the cooling and warming rates, may vary signifi-
cantly across relatively small regions of interest with short
T,/T,* times. For this application, a faster 2D UTE sequence
is preferred instead of 3D UTE imaging in order to achieve
near real-time imaging with high spatial resolution, so
dynamic tissue signal changes with temperature can be
captured.

The 2D UTE Sequence

In 2D imaging, slice-selective excitation is usually achieved
by playing out a shaped RF pulse (e.g., truncated SINC
pulse) in the presence of the slice-select gradient. A typical
conventional 2D imaging sequence is shown in Fig. 3.1a,
where G, G,, and G, are the slice-select, frequency encod-
ing, and phase encoding axes, respectively. The G, gradient
applied during the RF pulse is the slice-select gradient, and
slice-rephasing gradient is the trapezoidal gradient applied
following the RF pulse with opposite gradient polarity. The
purpose of the slice-rephasing gradient is to unwind the
phase dispersion of the transverse magnetization after its
generation due to the remainder of the slice-select gradient.
The required area under the rephasing gradient waveform
depends on the isodelay of the RF pulse, which is the effec-
tive precession or dephasing time that results in the phase
dispersion of the spins during the RF pulse. For symmetric/
linear phase RF pulses, the isodelay is typically half the RF
duration. By applying a negative gradient waveform with the
same area as that under the slice-select gradient waveform
after the isodelay, the phase accumulation due to the gradi-
ents cancels, and the k-space trajectory in the slice-select
direction (usually denoted as the logical Z-axis) is returned
to the origin. The minimal TE available with conventional
2D sequences is often of the order of milliseconds, as deter-
mined by the sum of the RF isodelay, the ramp-down dura-
tion of the slice-select gradient, and the maximal duration
among the slice-rephasing gradient, the phase encoding gra-
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Fig.3.1 (a) Pulse sequence diagram for a typical 2D sequence using a
conventional full-pulse RF pulse for slice-selective excitation. The
sequence acquires k-space data on regular Cartesian grids. (b) Pulse

dient, and the pre-phasing lobe of the frequency encoding
gradient.

To achieve an ultrashort TE for imaging species with
short T,/T,* values, 2D UTE sequences employ a self-
refocused half-pulse RF pulse for excitation with a center-
out radial or spiral readout trajectory [12]. The half-pulse RF
pulse is generated by taking the first half of a conventional
symmetric full pulse. A typical 2D UTE sequence with a
radial readout is shown in Fig. 3.1b. With zero isodelay, the
half-pulse RF excitation does not require a refocusing gradi-
ent and the k. trajectory ends at k, = 0. The use of a radial
acquisition samples the central k-space data first, eliminating
the need for the phase encoding gradient and the pre-phasing
gradient for the readout. The TE in this sequence is defined
as the time from the end of the RF pulse to the beginning of
data acquisition and is only limited by the hardware transit
time. For rapid imaging, UTE sequences are usually imple-
mented in the spoiled gradient echo mode (e.g., SPGR, or
spoiled gradient recalled acquisition in steady state) to
achieve short repetition times (TRs).

The phantom and in vivo canine prostate images shown in
Fig. 3.2 were acquired using a conventional 2D sequence
with a TE of 2.5 ms (Fig. 3.2a, c) and a 2D UTE sequence
(Fig. 3.2b, d) with a TE of 0.1 ms. The phantom contains six
vials with different T, values (five with T, values of 1-3 ms
and one with a longer T, of about 12 ms). The vials with
short T, components appear as signal voids in the conven-
tional 2D image (Fig. 3.2a), while the vials demonstrate
appreciable signals in the UTE image (Fig. 3.2b). Figure 3.2c¢,
d were acquired during in vivo canine prostate cryoablation
experiments. The frozen tissue in the prostate appears as a
localized signal void in the image acquired using a conven-

sequence diagram for a 2D UTE sequence with half-pulse excitation,
where data are sampled along radial lines in k-space

tional 2D sequence. However, the image acquired using a 2D
UTE sequence clearly demonstrates a temperature depen-
dent signal intensity gradient in the two frozen regions. This
could potentially allow UTE MRI to be used for monitoring
cryoablation.

Half-Pulse Excitation

Playing out the RF pulse in the presence of the slice-select
gradient(s) applies weighting along the k-space path deter-
mined by [13]:
)
k.(1)==y[G.(z)de 3.1)
t
where vy is the gyromagnetic ratio, G(f) includes the slice-
select gradient, and in the case of conventional full RF pulse,
the slice-refocusing gradient as well. ¢, is the end time of the
slice rephasing gradient lobe with a conventional full RF
pulse and the end time of the slice-select gradient in the case
of half-pulse excitation. The RF energy deposition/k-space
weighting along the k-space path for a symmetric full-pulse
RF excitation is illustrated in Fig. 3.3a. The k, trajectory
starts from one end in k-space, passes the center, and moves
to the other end. It returns to the k-space center again at the
end of the slice-refocusing gradient lobe, so the dephasing
effect due to the slice-select gradient is unwound. The high-
est weighting is applied at the k-space center when it is tra-
versed the first time during the RF pulse.
In the half-pulse excitation case shown in Fig. 3.3b, only
the first half of the conventional RF pulse is played out. By
eliminating the second half of the conventional slice-select
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Fig. 3.2 Images acquired with a conventional sequence and a UTE
sequence showing the capability of UTE MRI for imaging short-T,
species. (a) Phantom image demonstrates that the vials with short T,s
values appear as signal voids using a conventional sequence. (b) Imaged
using the UTE sequence, appreciable signals are visualized within the
vials. (¢) Using a conventional 2D sequence during an in vivo canine

gradient and consequently the need for the slice-refocusing
gradient, shorter TEs can be achieved with center-out read-
out trajectories. 2D UTE sequences with half-pulse excita-
tions require sampling k-space twice with longitudinal
magnetizations excited using opposite slice-select gradient
polarities. During each acquisition, the half-pulse excitation

prostate cryoablation experiment, the frozen tissue in the prostate
appears as a localized signal void. A single cryoprobe was used in this
case. (d) Image acquired using a 2D UTE sequence clearly demonstrates
a temperature-dependent signal intensity gradient in the two frozen
regions in the prostate created using two cryoprobes

applies weighting along one-half of the full k, trajectory. The
traversed half k. trajectories in the two acquisitions start from
opposite edges in k-space and both end at the k-space center.
The combination of the two acquisitions results in the same
k-space weighting along the k-space path as a conventional
full pulse and consequently the same excitation profile.
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Fig.3.3 (a) A typical
slice-selective excitation
sequence with conventional
full-pulse RF pulse and its

corresponding k-space
trajectory. The RF pulse is
applied during the constant
portion of the slice-select
gradient, which traverses the
full extent of slice-selection
k-space. The slice-refocusing
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Half-Pulse Excitation with Varying Slice-Select
Gradient

The plots in Fig. 3.3b assume that the slice-select gradient
can be turned off instantaneously so the half pulse and the
gradient end simultaneously. However, the gradient system
usually has a limited slew rate, and it takes time to ramp up
or ramp down the gradient. Ramping down the gradient after
the excitation pulse would introduce magnetization dephas-
ing and necessitate the addition of a refocusing gradient lobe
to cancel the effect. Both the gradient ramping down and
refocusing gradient would increase the TE. To avoid this, the
variable-rate selective excitation (VERSE) technique can be
used [14]. Instead of applying the RF pulse during a constant
slice-select gradient, VERSE allows a time-varying gradient
to be used during RF excitation without changing the spatial
excitation profile for on-resonance spins by appropriately
modifying the RF pulse shape. In Fig. 3.4, the half pulse is
modified using VERSE to account for the ramp-down gradi-
ent (and although not critical, the ramp-up gradient as well if
so desired), so the RF pulse and the ramp-down gradient end
at the same time.

An example of excitation with a VERSE half pulse and
the corresponding excited slice profiles is shown in Fig. 3.5.
The excited slice profiles from the two excitations with dif-

Byu(t)

RF — >
Gz

0

B1 h_verse(t)

RF
Gz : N

o~

Fig. 3.4 Due to the limited slew rate of the gradient system, the
VERSE technique is used to allow RF pulses to be applied in the
presence of a time-varying gradient without compromising the slice
profile

ferent slice-select gradient polarities show undesirable,
broad magnitude profiles and variable phases in the slice
direction. After combining the two excitations, a much better
slice profile is achieved (sharper and flatter magnitude pro-
file and constant phase in the selected slice).
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Half-Pulse Design

The half pulse is obtained by taking the first half of a conven-
tional full pulse. Care must be taken to design the conven-
tional full pulse with a flip angle twice that of the desired half
pulse to achieve the desired slice profile. For half pulses with
small flip angles (<45°), the full pulse can be designed using
the small flip angle approximation approach. The full large
flip angle pulse can be designed using methods such as the
Shinnar-Le Roux (SLR) algorithm for larger flip angles. For
example, a 90° excitation half pulse can be obtained by tak-
ing the first half of a full 180° refocusing pulse.

Exciting an Off-Isocenter Slice

With conventional full-pulse excitation applied in the pres-
ence of a constant slice-select gradient, exciting a slice at any
off-isocenter location can be achieved by simply adjusting
the transmitter frequency. As time-varying gradients are used
in half-pulse excitation, imaging at any locations other than

5 -5 0 5
Position (mm)

the isocenter is more complicated. To excite a slice at posi-
tions z, in general, the RF waveform needed is:

B, ()= B, (t)e""" (3.2)

where k. (7) is the integral of the remaining slice-select gradi-
ent as defined in Eq. (3.1), and B (?) is the envelope of the RF
pulse. Note that there is no RF phase accumulation at the
isocenter with z = 0. The phase term shifts the excited slice
to position z and ensures the signal phase at the end of the RF
pulse is consistent for both excitations, which is critical to
make certain that the two signals add coherently. As can be
seen from Eq. (3.2), the phase of the RF pulse is different for
the excitations with positive and negative gradient polarities
and needs to be calculated for each slice location. MRI sys-
tems provide a phase channel and/or a frequency channel for
phase modulation. To modulate the phase using the fre-
quency channel, a scaled version of the slice-select gradient
waveform (in case of constant slice-select gradient, the mod-
ulation frequency offset is also constant) is loaded into the
frequency channel. The slice location can be shifted by scal-
ing the frequency channel accordingly. With this approach, a
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bipolar gradient waveform with zero net gradient area can be
used with the RF pulse applied during the second half of the
waveform to ensure the phase of the RF pulse ends at zero.

K-Space Sampling and Imaging Reconstruction

With the half-pulse UTE MRI approach, k-space data are
sampled using the same readout trajectories after both exci-
tations. The most straightforward approach to reconstruct the
images is to first resample the k-space data onto Cartesian
grids, and then use fast Fourier transformation to obtain the
images. Advanced imaging methods such as parallel imaging
and compressed sensing can be exploited to improve the
acquisition speed and/or the quality of images.

Practical Considerations

Other factors that affect the MR signal during both excitation
and acquisition need to be considered to achieve optimal
image quality with 2D UTE sequences, and these are dealt
with below.

Excitation

Compared to the conventional full-pulse excitation, the half-
pulse excitation approach is more susceptible to practical
challenges, including the impact of timing errors between
the RF pulse and the slice-select gradient, gradient waveform
infidelity due to eddy currents, off-resonance effects, the
impact of T, decay during excitation on the slice profile, and
SO on.

The Impact of Gradient Timing Error

To achieve the desired slice profile, applying the appropriate
weighting at the correct k-space location is critical. Since the
half-pulse excitation approach relies on the combination of
two excitations that each covers a half trajectory in k-space,
the timing error between the RF pulse and slice-select gradi-
ent pulse causes misalignment of the desired k-space weight-
ing and the k-space trajectory. The impact of this timing error
on the slice profile can be appreciated in the simulation in
Fig. 3.6, where the RF pulse was applied 8 ps ahead of the
intended start time, on time, and 8 ps after the intended gra-
dient start time. A better slice profile with less out-of-slice
signal is achieved when there is no timing error.

The timing error occurs mainly because the gradient pulse
cannot be generated instantaneously by the gradient system.
It can be either measured using special sequences or empiri-
cally estimated based on the excited slice profile or image
quality [15—17]. The timing error between the RF pulse and
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Fig. 3.6 Timing errors between the slice-select gradient and the RF
pulse lead to degradation in the excited slice profile. The profile is more
tolerant of timing errors when the slice-select gradient precedes the RF
pulse

the slice-select gradient in the pulse sequence can be cor-
rected based on the value obtained.

The Impact of Eddy Currents

The excitation profile achieved using half-pulse excitation is
sensitive to eddy currents induced by the slice-select gradi-
ent. Eddy currents can be represented by a series of polyno-
mial components as functions of the spatial coordinates.
Among these components, the lower order polynomial terms,
namely, the spatially invariant term (B, eddy currents) and
the linearly spatially dependent term (linear eddy currents),
are often of the most interest. B, eddy currents result in an
unwanted constant phase offset between the two acquisitions
with positive and negative slice-select gradient polarities,
while linear eddy currents are effectively superimposed on
the applied gradients and cause k-space trajectory distortions
and consequent mismatch between the k-space weighting
(RF pulse) and the k-space trajectory. Both eddy current
terms cause distortions in the excited slice profile.

Pre-compensating Slice-Select Gradient

To correct for the linear eddy currents, the slice-select gradi-
ent can be pre-compensated using an empirical system
impulse response function [18]. The B, eddy currents can be
measured by acquiring one-dimensional (1D) slice profiles
with both positive and negative slice-select gradient polari-
ties. The slice profiles of the two excitations can be obtained
by Fourier transformation of the data acquired with a readout
gradient in the slice-select direction. The phase difference at
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the center of the slice profiles is then the phase offset due to
By eddy currents. The main issue with this approach is that
the system impulse response function needed for correcting
the linear eddy currents is difficult to obtain accurately.

Instead of using an explicit system impulse function, the
pre-compensated slice-select gradient can also be derived
from the measured slice-select gradient [6]. A drawback of
this approach is that the calculated pre-compensated slice-
select gradient waveform is sensitive to noise in the mea-
sured gradient waveform.

Pre-compensating Both the RF Pulse and the Slice-
Select Gradient

Eddy current correction can also be achieved by pre-
compensating both the RF pulse and the selective gradient
simultaneously based on the measured eddy currents. Both
B, and linear eddy currents can be characterized using a gen-
eralized approach [19-21]. Figure 3.7a, b shows examples of
the measured gradient waveform and phase accumulation by
B, eddy currents induced by the slice-select gradient. Both
eddy current terms have relatively long time constant com-
ponents as evidenced by the long tails after the nominal
slice-select gradient.

Linear eddy currents during RF pulses can be compen-
sated for by redesigning the RF pulse based on the measured
gradient using VERSE. To correct for linear eddy currents
extended beyond the RF pulse, the tail of the linear eddy cur-
rent profile is inverted and appended to the end of the ideal
trapezoidal gradient to form a new slice-select gradient. As
shown in the measured gradient for the new slice-select gra-
dient in Fig. 3.7c, the tail of linear eddy currents is greatly

suppressed after pre-compensation. B, eddy current effects
during excitation can be compensated for by dynamically
varying the RF phase, as is done to excite an off-isocenter
slice. The B, eddy current correction can be combined with
the phase modulation required for shifting the slice location.
Long time constant components of B, eddy currents extended
into the data acquisition can be corrected by dynamically
adjusting the receiver phase, or by correcting the phase of the
acquired signal on a per data point basis during image recon-
struction. Example 2D slice profiles obtained on a spherical
phantom using half-pulse RF excitation with and without
eddy current compensation are shown in Fig. 3.8. As can be
seen, a sharp slice is achieved using the half pulse after com-
pensating for both B, and linear eddy currents. Example 2D
UTE images acquired during an in vivo canine prostate cryo-
ablation experiment with and without application of the eddy
current correction strategy described above are shown in
Fig. 3.9. The images with and without eddy current correc-
tion were acquired in an interleaved fashion with a cryoprobe
inserted on each side of the prostate. Two “iceballs” can be
visualized in the images as regions with lower but still appre-
ciable signals in the magnitude images and elevated R,* in
the R,* maps. After eddy current correction, both the magni-
tude image and the R,* map show improved image quality
with much reduced streaking artifacts.

Since both B, and linear eddy currents are characteristics
of the gradient system and scale with the gradient amplitude,
they only need to be measured once on each of the three
physical axes for the slice-select gradient for a given RF
pulse, unless there are changes made to the gradient system.
The correction can be scaled on the physical axes to excite a
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Fig. 3.7 (a) Ideal (dot-dashed), measured (solid) and corrected
(dashed) waveforms for the slice-select gradient. The corrected gradient
waveform is obtained by attaching the inverted tail of the measured
gradient waveform to the ideal gradient waveform. The RF pulse is
redesigned using VERSE based on the measured gradient waveform.

(b) Measured B, eddy current introduced phase accumulation which is
corrected by modulating the phase of the RF pulse. (¢) Measured
gradient waveform after linear eddy current correction. After correction,
the tail of the linear eddy currents is reduced



24

A.Lu

a
W/ linear W/ By & linear

No correction correction correction

b |

—— W/o correction

— W/ linear correction

w/ By and linear
correction

S

Fig. 3.8 (a) Images of the acquired slice profiles in the middle of a
uniform spherical phantom, from left to right, without eddy current
correction, with only linear eddy current correction, and with both B,
and linear eddy current correction. (b) Slice profiles obtained from a
row indicated by the horizontal line in (a) in the corresponding images.
The slice profile images were obtained by imaging a slice playing out
the readout gradient in the slice-selection direction. Without eddy
current correction, there is a signal from outside the slice. This out-of-
slice signal is decreased with linear eddy current correction and is
essentially eliminated with both B, and linear eddy current corrections
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Fig. 3.9 2D UTE images acquired during an in vivo canine prostate
cryoablation experiment using two cryoprobes demonstrate improved
image quality with eddy current correction. The uncorrected magnitude
image and R,* map show lower signal-to-noise ratio and more severe
streaking artifacts than the magnitude image and R,* map acquired with
both B, and linear eddy current correction

slice of any desired thickness. Excitation of an oblique slice
is possible but requires redesigning the RF pulse based on
the combination of the linear eddy currents from all three
physical axes for each oblique angle.

Other Strategies to Mitigate the Impact of Eddy
Currents

A few other techniques have also been proposed to achieve
ultrashort TEs for 2D imaging while reducing the sensitivity
of the excited slice profile to eddy currents induced by the
slice-select gradient. The double half-pulse approach uses
time-reversed half-pulse pairs for this purpose [22]. Ideally,
the long-T, spins experience both half RF pulses and thus
effectively experience either a conventional RF pulse or zero
net excitation. It is assumed that the received signal from the
short-T, component comes from the second half pulse, as
that generated by the first half pulse has already vanished
before the second RF pulse. As a result, the performance of
this technique relies on the difference between the long and
short T, values in the tissues and the interval between the two
half pulses. Eddy currents can still produce signal contami-
nation from out-of-slice short-T, tissue components.
Moreover, the impact of the first half pulse on the longitudi-
nal magnetization needs to be considered when designing
the sequence.

To minimize the sensitivity to eddy currents with the half-
pulse excitation, outer volume suppression (OVS) techniques
have also been proposed to improve the slice profile by sup-
pressing the signal from out-of-slice tissues [23]. However,
spatial saturation on both sides of the imaging slice with long
saturation RF pulses can significantly increase the data
acquisition time.

The Impact of Off-Resonance

Factors such as main magnetic field inhomogeneity, mag-
netic susceptibility, chemical shift, and metal implants can
lead to B, inhomogeneity and consequently a nonuniform
precession frequency of the spins. With conventional full-
pulse excitation, a constant resonance frequency offset over
the slice results in a shift of the excited slice position, while
spatially varying frequency offsets result in a “potato chip”
shaped slice. The impact of off-resonance on the excited
slice profile is more complicated in the case of the half-pulse
excitation. As illustrated in Fig. 3.10, a constant resonance
frequency offset causes the excited slice profiles to shift in
opposite directions with different slice-select gradient polar-
ities. Consequently, the combined slice profile is less selec-
tive as compared to that in the on-resonance scenario.
Therefore, care must be taken to ensure excellent shimming
is achieved to minimize the off-resonance effect.

The Impact of T, Decay

Signal decay during the excitation for the short T, species is
a known concern with conventional full-pulse RF excitation.
It remains a concern even when the peak RF energy is depos-
ited toward the end of the excitation using the half-pulse
excitation sequence. The effect of T, delay during half-pulse
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excitation is shown in Fig. 3.11, where the slice profiles from
the two excitations with opposite slice-select gradient polari-
ties and the combined signal are simulated for two species
with long (100 ms) and short (1 ms) Tss, respectively. The
half pulse is 1.6 ms in duration. As can be seen, faster T,
decay during the RF pulse results in a lower effective flip
angle/signal and blurrier slice profile. In some cases, the
impact of T, decay can be reduced by using shorter RF
pulses.

Data Acquisition and Reconstruction
2D UTE MRI uses radial acquisition-based trajectories such

as radial lines and spirals to sample k-space. These k-space
sampling strategies are also sensitive to gradient timing

Position (mm)

errors, eddy currents induced by the readout gradients, off-
resonance effects, and fast T, decay. These effects can be
corrected/mitigated during either data acquisition or image
reconstruction.

Gradient Timing Errors and Eddy Currents

Like gradient timing errors between the slice-select gradient
and the RF excitation, gradient timing errors during data
acquisition can come from timing differences between the
gradient coils on different axes, as well as timing errors
between the readout gradients and data sampling. Eddy cur-
rents during data acquisition can be introduced by readout
gradient amplitude changes or the long time constant eddy
current components from the slice-select gradient. Both gra-
dient timing errors and eddy currents cause deviation of
k-space trajectories from the nominal ones and mismatch
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between the sampled data and their k-space locations if left
uncorrected. As described earlier, gradient timing errors and
B, and linear eddy current terms can be measured. The mea-
sured gradient timing errors can be used to align the readout
gradient on each axis with the data acquisition. B, eddy cur-
rents can be corrected by removing the corresponding phases
from the acquired data on a per-point basis along the trajec-
tory. In contrast, linear eddy currents can be corrected by
matching the acquired data with the measured k-space trajec-
tories during image reconstruction. If the readout trajectories
are rotation invariant (e.g., radial trajectories), linear combi-
nations of the measured B, and linear eddy current terms on
the orthogonal axes can be used to calculate the corrections
needed for trajectories at arbitrary angles.

Off-Resonance Effects

Off-resonance effects can lead to signal loss, geometric dis-
tortions, and blurring in MRI images during data acquisi-
tion. UTE MRI is more resilient to signal loss due to
off-resonance than conventional sequences as the use of

Position (mm)

ultrashort TEs results in reduced intravoxel dephasing.
Since radial and spiral trajectories rotate in different direc-
tions in k-space, the point spread function (PSF) or impulse
response of off-resonance during readout is a ring-like func-
tion with a radius proportional to the off-resonance fre-
quency. As a result, off-resonance causes blurring in the
images. In contrast, in Cartesian acquisitions, it results in a
linear shift in the readout/frequency encoding direction.
Several methods have been proposed to correct for off-reso-
nance effects during readout for non-Cartesian acquisitions
[24-26].

T, Decay

In UTE MRI, T, decay during data acquisition effectively
applies a low-pass filter to the acquired data. For imaging
short-T, species, the fast T, delay limits the spatial resolution
that can be achieved. To minimize the impact of T, decay
during readout, shorter readout durations can be used, for
example, by increasing the acquisition bandwidth.
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Imaging Multiple Slices

Similar strategies, as used for acquiring multiple slices in
conventional 2D imaging using full pulses for excitation, can
be adopted to image multiple slices with 2D UTE
MRI. However, care needs to be taken to minimize the
impact of the relatively broad profiles of the excited slices
with half pulses.

Conclusion

2D UTE imaging allows visualization of tissues with short
T,/T,* values using relatively short acquisition times. This
chapter describes basic strategies needed to achieve 2D UTE
images. Practical issues, such as imaging off-isocenter slices,
the impact of gradient timing errors and eddy currents, off-
resonance effects, and their impacts on image quality during
both excitation and data acquisition, are described. Strategies
to address or mitigate these effects are presented.
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Three-Dimensional Ultrashort Echo
Time (3D UTE) Imaging

Michael Carl, Hyungseok Jang, Yajun Ma, Maggie Fung,

and Jiang Du

Introduction

Conventional magnetic resonance imaging (MRI) techniques
allow direct imaging of species with relatively long trans-
verse relaxation times (T,s). Spatial localization is achieved
by using three orthogonal magnetic field gradients for slice
selection (G,), phase encoding (G,), and frequency encoding
(G,), respectively [1]. The G, gradient, together with a
radiofrequency (RF) pulse, rotates proton magnetization to
form a thin slice for two-dimensional (2D) imaging, or to
form a thick slab for three-dimensional (3D) imaging. The
G, gradient enables the protons to gain or lose different phase
increments according to their location on the y-axis.
Meanwhile, the G, gradient allows proton magnetizations to
rotate at different frequencies according to their locations on
the x-axis. Cartesian sampling is typically used to acquire the
phase and frequency encoding data. Inverse Fourier
Transformation (FT) of the k-space data reconstructs the
final 2D or 3D MR images. Many MR techniques have been
developed to generate high spatial resolution MR imaging of
soft tissues in the body. Most sequences are either T;-
weighted or T,-weighted and utilize spin echo or gradient
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echo acquisitions. A spin echo is usually generated by a 90°
pulse followed by a 180° pulse, whereas a gradient echo is
usually generated by a single low flip angle RF pulse in con-
junction with gradient reversal. The echo time (TE), defined
as the time between the end of the RF pulse and the begin-
ning of the read gradient, and the repetition time (TR),
defined as the time between successive pulse sequences
applied to the same slice or slab, are two key imaging param-
eters. Gradient echo sequences typically have much shorter
TEs and TRs than spin echo sequences.

Conventional MR sequences cannot directly image tis-
sues with short- and ultrashort-T,s due to the fast decay of
their transverse magnetizations to near zero before the spa-
tial encoding gradients are applied and the signal is detected
[2]. As a result, short- and ultrashort-T), tissues appear as sig-
nal voids on conventional clinical MR images. The lack of
signal also means that conventional MRI techniques are
often of little value for morphological and quantitative
assessment of short- and ultrashort-T, tissues. Their MR
relaxation times (e.g., Ty, T,, T,*, and T,,) and other tissue
properties (e.g., magnetization transfer, perfusion, diffusion,
and susceptibility) are often not well-characterized [3, 4].
These properties can include early biochemical changes such
as proteoglycan depletion, collagen degradation, and changes
in water content. They may play critical roles in early diag-
nosis and treatment monitoring at stages of disease progres-
sion where little or no morphological change has occurred.

Ultrashort echo time (UTE) sequences enable direct visu-
alization of short- and ultrashort-T, tissues that are otherwise
low to zero signal in clinical MR imaging [2]. This is usually
achieved by acquiring the free induction decay (FID) of the
MR signal as soon after the end of the RF excitation pulse as
possible in combination with a radial center-out k-space tra-
jectory and data sampling of a few hundred ms. Typical min-
imum TE values (defined as the time between the end of the
RF pulse and the beginning of the read gradient) for clinical
scanners range between a few tens and a few hundred ms.
Volumetric 3D UTE techniques have gained higher popular-
ity in recent years compared to 2D techniques, in part due to
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the greater availability of anisotropic resolution and field of
view (FOV) capability for 3D UTE imaging [5-7]. In addi-
tion, applying slab selection (along with 3D k-space encod-
ing) is less sensitive to gradient imperfections such as eddy
current delays than relying solely on 2D slice selection in the
z-direction. The introduction of novel contrast mechanisms
provides an excellent depiction of short-T, tissues [5]. The
development of quantitative UTE imaging techniques also
provides systematic evaluation of MR relaxation times and
tissue properties, which are not possible with conventional
sequences [3].

Data Acquisition

UTE sequences are generally based on gradient echo acqui-
sitions with TEs much shorter than those used in spin echo or
fast spin echo acquisitions. There are several factors affect-
ing the minimal achievable TE in regular gradient echo
imaging. First, there is a delay after the initial RF excitation
when the slice-selection gradient is needed to rephase the
MR signal. Second, an extra delay is introduced due to the
need for the phase encoding gradient. Third, the initial
dephasing lobe of the frequency encoding gradient and the
data acquisition before the center of k-space further delay
TE. Finally, the use of a relatively long excitation RF pulse,
usually of sinc shape required for slice or slab excitation,
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further delays TE which is more accurately defined as the
time between the peak of the RF pulse and the acquisition of
the k-space center. As a result, conventional gradient echo
sequences typically have TEs of the order of several ms or
longer.

In order to significantly reduce TE, it is important to elim-
inate the time needed for slice/slab selection, phase encod-
ing, and dephasing/rephasing of the frequency encoding
gradient and to minimize the time for RF excitation and fre-
quency encoding. A 3D UTE sequence can meet all these
requirements by employing a short nonselective rectangular
pulse (duration of the order of 10-100 ps) for volumetric
excitation, followed by 3D radial ramp sampling with
k-space traversed radially from k = 0 outwards [7]. Radial
mapping of 3D k-space rather than conventional Cartesian
k-space sampling eliminates the requirement for phase
encoding. Radial ramp sampling also eliminates the need for
dephasing and rephasing lobes of the frequency encoding
gradient. A short rectangular pulse eliminates the time
needed for slice encoding and minimizes the time needed for
signal-excitation. Eddy currents associated with the slice/
slab-selective gradients are also eliminated, although ramp
sampling is still subject to eddy currents. Figure 4.1a—c
shows the pulse sequence diagram for 3D UTE radial imag-
ing, as well as different k-space sampling trajectories.

In radial sampling, N, projections are acquired with N,-
acquired data points along each projection. This results in
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X,¥,2

FID
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Fig. 4.1 Diagrams of the 3D radial UTE sequence (a) which employs
a short rectangular pulse (hard pulse) excitation followed by 3D radial
ramp sampling (b) with koosh ball trajectories (c¢), and the 3D spiral

UTE (3D Cones) sequence (d) which employs a short rectangular pulse
excitation followed by twisted radial sampling (e) with conical view
ordering (f)
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nonuniform sampling density with overweighted low spatial
frequencies. The radial sampling supports an alias-free
reconstruction when N, equals 7 times N, and 2D projection
reconstruction (PR) is used. To get one image with isotropic
in-plane spatial resolution, Fourier encoding spin-warp
imaging requires N, phase encoding lines. Therefore, radial
ramp sampling PR acquisition is a factor of x less efficient
than 2D spin-warp imaging. This decrease in sampling effi-
ciency is due to the oversampling of central k-space, espe-
cially for 3D PR imaging. The PR acquisition is more
sensitive to magnetic field inhomogeneity, susceptibility,
chemical shift effects, and eddy currents. However, projec-
tion imaging also provides some desirable properties, includ-
ing more robustness to bulk motion because of the averaging
effects from repeated sampling of the low spatial frequen-
cies, diffuse aliasing patterns that allow scan time reduction
through undersampling, and FID acquisition for short-T,
imaging with a minimal TE [3].

There have been several k-space trajectories employed for
3D UTE imaging, such as radial-out PR [8], acquisition-
weighted stack of spirals (AWSOS) [9], twisted projection
imaging (TPI) [10], variable echo time (VTE) [11], and
Cones [12]. The radial trajectory can be extended for twisted
projection imaging (TPI), or further twisted for more effi-
cient 3D Cones imaging (Fig. 4.1d—f) [6, 12]. The Cones tra-
jectory is a generalization of the 3D radial trajectory in which
spokes twist around one of the axes, resulting in longer read-
out time per TR (higher duty cycle) and increased signal-to-
noise ratio (SNR) efficiency. More twisting can be added to
the Cones trajectory to further increase readout time and
reduce the total number of readouts required for full sam-
pling. Thus, the 3D Cones trajectory provides the flexibility
to reduce total scan time while increasing SNR efficiency at
the cost of an increased sampling window [12], which even-
tually leads to increased spatial blurring. The Cones trajec-

AKq), max

tory design requires consideration of slew rate limitations
imposed by typical gradient hardware, proper adjustment of
the sampling density, and careful consideration of the rela-
tionship between cones to minimize aliasing artifacts inside
the specified FOV [12]. Special reconstruction techniques
are needed to generate 3D UTE images from radial or Cones
sampling.

Reconstruction

In conventional MRI, Cartesian sampling is typically used to
collect phase and frequency encoding data in k-space. The
final MR images are reconstructed using inverse FT of the
2D or 3D k-space data [1]. Radial or spiral UTE data sets do
not fall on a regular Cartesian grid in spatial frequency space.
Figure 4.2 shows schematic 2D k-space data sampled with
the radial trajectory (Fig. 4.2a), spiral trajectory (Fig. 4.2b),
and regridding reconstruction (Fig. 4.2c). A 3D radial UTE
k-space is very similar to Fig. 4.2a but with a 3D koosh ball
or similar sampling pattern. 3D Cones UTE k-space is simi-
lar to Fig. 4.2b but with conical view ordering of 3D spiral
data [12]. There are many options for the reconstruction of
non-Cartesian data, including back-projection, conjugate
phase reconstruction, and regridding. The most popular way
is to resample the radial or spiral data to a Cartesian grid,
followed by inverse FT of re-gridded Cartesian k-space data
to reconstruct the final UTE images. Figure 4.2c shows the
basic idea of regridding, where data points lie along the sam-
pled k-space trajectory. Each k-space data point is convolved
with a gridding kernel. After every data point along each
k-space trajectory is processed, a final Cartesian grid is pro-
duced [13]. A 3D inverse FT is then performed to generate
the final UTE images.

Convolution
Kernel

Cartesian Grid

R L)

" Vi,

AK,

Ky K-space Trajectory

Fig. 4.2 Diagrams of k-space data with radial acquisition (a), and spiral acquisition (b), as well as regridding reconstruction (c)
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Fig.4.3 Slice through the x—z plane of the PSFs for a 3D radial trajec-
tory (a) and a 3D Cones trajectory (b), as well as a sagittal slice through
the 3D UTE data set acquired with the high (¢) and low (d) bandwidth
3D radial trajectories, and the 3D Cones trajectory (e). The PSF for the
3D Cones trajectory performs much better inside the prescribed FOV

Figure 4.3 shows the point spread functions (PSFs) for
undersampled radial trajectories (a) and 3D Cones (b), as
well as an example of 3D UTE imaging of the knee joint in a
healthy volunteer (c—e) [12]. The PSFs are symmetric about
the z-axis, with much better performance observed with the
3D Cones trajectory than with the undersampled 3D radial
trajectory. The 3D Cones trajectory has a highly diffuse, low-
amplitude aliasing pattern in the x—y plane outside of the pre-
scribed FOV allowing substantial undersampling in these
directions to further speed up data acquisition. In contrast,
there is a relatively coherent aliasing pattern along the z-axis
outside the prescribed FOV due to the 3D Cones acquisition
symmetry around the z-axis [12]. Therefore, undersampling
in this direction should be avoided. A slab-select excitation
in the z-direction can be used to limit the acquired FOV to
the prescribed FOV for reduced artifacts (more details about
this technique will be discussed in the section “Slab-Selective
Excitation”). The advantage of the 3D Cones trajectory over
the radial trajectory was demonstrated by calculating SNRs
for the patellar tendon in the volunteer’s knee joint. The 3D
Cones trajectory provides a significantly higher SNR than
the 3D radial trajectory with either a high or low bandwidth
(BW) [12]. Similar results were achieved for the patella.

Figure 4.4 shows a more systematic study of the PSFs
generated for four different trajectory lengths, ranging from
a pure radial trajectory (readout duration 624 ps), trajectories
with more twist (readout duration 680-1600 ps), to a more
spiral-like trajectory with many full turns within one spoke
(readout duration 4000 ps). The last trajectory only serves

than the 3D radial trajectory. A significantly higher SNR was achieved
for the patellar tendon (solid arrow) with the 3D Cones trajectory
(SNR = 4.6) than with the 3D radial trajectory using a high bandwidth
(SNR = 2.2) or a low bandwidth (SNR = 2.9). (Reproduced with per-
mission from Ref. [12])

for the purpose of comparison since such long trajectories
introduce undesired T,* blurring of short-T, tissues. The des-
ignated k-space trajectories are designed to achieve a fixed
short scan time of 55 s, FOV = 24 cm, and isotropic spatial
resolution = 1 mm. Indicated in Fig. 4.4a are the undersam-
pling factors required to achieve the same scan time. The
PSFs are shown in Fig. 4.4b at twice the FOV (48 cm) of the
reconstructed images (indicated by the dashed boxes) to
show the region outside the supported area. The high under-
sampling for the radial trajectory results in only a small
region of support surrounded by diffuse radial streaks, while
the longer trajectories result in a larger region of FOV sup-
port but have a more coherent aliasing signal just outside that
region. A standard-resolution phantom was imaged using a
clinical 3T MRI system. Acquisition parameters included
BW = +125 kHz, isotropic FOV = 24 cm and spatial resolu-
tion = 1 mm, TE = 30 ps, and total scan time of 55 s. The
native symmetry direction of the Cones design was along the
z-axis, which was perpendicular to the axial images shown in
Fig. 4.4c, d. These images were also reformatted into the
coronal plane, as shown in Fig. 4.4e, f, which lies in the same
plane as the PSFs. Two distinct artifacts can be observed.
The images generated by the very short radial trajectory and
the highest degree of undersampling show visible streak arti-
facts (red oval). At the other extreme, the image using a very
long readout trajectory (last row) results in less visible alias-
ing artifacts with some blurring near the edge of the phantom
(see also Fig. 4.4g). The trajectory in the second row shows
reduced artifact compared to pure radial sampling without
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Fig.4.4 K-space trajectories with various readout durations and curva-
tures (a). Corresponding PSFs for the x—z plane (b). Two axial slices (¢,
d). Two reformatted coronal slices. Image artifacts are highlighted by
ovals (d, e). Many of these artifacts are less severe for the trajectory in

the significant blurring seen in the very long readout trajec-
tory. Finally, as expected, the SNR in the images from the
longer trajectories is visibly higher than that seen with the
shorter ones.

RF Excitation

Transverse relaxation during RF excitation does not usually
require consideration in conventional MR imaging of long-
T, species, where T, is typically much longer than the RF
pulse duration. However, the T,* relaxation may be signifi-
cant in imaging of short-T, species where T,*s may be of the
order of the pulse duration or much shorter. As a result, UTE
imaging of short-T, species typically uses a short rectangular
pulse for more efficient excitation. However, the nonselec-
tive short hard pulse may produce undesired aliasing arti-

33
(9)
index
index

5 0 15 N
index
- 0 15 20
index

the second row (Tread = 680 ps). 1D lines through two walls of the
phantom (as indicated in f), showing increased blurring for longer tra-
jectories (g)

facts, which may be reduced by using a slab-selective
excitation pulse as there is a relatively coherent aliasing pat-
tern along the z-axis outside of the prescribed FOV in 3D
UTE imaging. Water excitation pulses have also been imple-
mented to create high contrast for UTE imaging of short-T,
tissues.

Hard RF Excitation

Efficient excitation of short-T, species requires a wide RF
excitation BW since the spectral profile increases in tissues
with short T,. A short rectangular pulse with maximal B,
power is therefore ideal for short-T, excitation. The short
pulse duration maximizes RF pulse spectral BW and mini-
mizes signal loss during excitation, which, together with a
high B;, maximizes the excitation efficiency. The excitation
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efficiency is greatly reduced when the RF pulse duration is
increased and the pulse amplitude is decreased. Figure 4.5a
shows the “critical” transverse relaxation rate, T, = (2yB,)™!,
during excitation without appreciable T, relaxation [14]. The
RF pulse effect is not purely a rotation but a modification of

Concurrent excitation and relaxation

the magnetization amplitude if magnetization experiences
non-negligible relaxation during the excitation pulse. The
excitation efficiency, defined as M, /sin(a), is a function of T,
and a, which equals yB,p where p is the pulse duration. This
T,-dependent excitation can be used to create relaxation-
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Fig. 4.5 Simulation of the short-T, excitation as a function of pulse
duration p or nominal excitation angle a = yB,p and R, (thick lines) (a).
The relaxation-parameter contrast mechanism is based on two hard RF
pulses with different durations but equal pulse areas to generate T,-
selective excitation (b). An example imaging of the skull is shown with
3D UTE pairing a fast excitation pulse with UTE (24.47 uT RF, 34 ps
TE) (¢) and a slow excitation pulse with a later echo (1.53 pT RF, 2 ms

MR-sim.-CT

(f) (9)

TE) (d). Subtraction of the two 3D UTE data sets (b) and (¢) provides
high-contrast imaging of the skull (e), which can be further improved
by normalizing the difference to remove proton density weighting with
contrast in the normalized difference MR-sim.-CT image (f) resem-
bling that of an X-ray CT image (g) acquired from the same subject.
(Reproduced with permission from Ref. [14])
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parameter contrast that is compatible with UTE imaging of
short-T, species such as cortical bone [14]. Figure 4.5a
shows RF excitation pulse parameters selected to determine
the extent of concurrent relaxation and excitation, where the
pulse duration p and the amplitude are changed to adjust the
relaxation dependence of the image contrast. Two pulse
durations (i.e., p; and p,) can be chosen to selectively detect
signals from magnetization within a specific range of T, val-
ues. Subtraction of two UTE datasets with the same imaging
parameters but different RF excitation pulses creates T,-
specific contrast. Figure 4.5c—f shows an example of imag-
ing the skull of a healthy volunteer using 3D radial UTE. UTE
with a short RF pulse detects all anatomical regions, includ-
ing the skull (Fig. 4.5¢). The second echo UTE image with a
long-duration low-power pulse selectively avoids excitation
and reception of signals from the skull (Fig. 4.5d). Subtraction
of the two datasets provides high-contrast imaging of the
skull (Fig. 4.5e). The normalized difference image (Fig. 4.5f)
shows excellent positive contrast for the skull similar to that
observed with X-ray CT (Fig. 4.5g) [14].

Slab-Selective Excitation

The 3D UTE sequence can apply a slice-selection gradient
on the z-axis. This allows the application of slab selection to
excite spins only from anatomies within the desired region
(e.g., in sagittal spine imaging). This reduces the aliasing (or
streak) artifacts commonly encountered with non-Cartesian
imaging [15]. The simulation study by Gurney et al. demon-
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strates a relatively coherent aliasing pattern along the z-axis
outside of the prescribed FOV in 3D Cones imaging which
can be reduced by using a slab-select excitation in the
z-direction [12]. As a result, the slab-selective pulse is
expected to greatly reduce aliasing artifacts, especially when
the slab coverage is narrow and the coil sensitivity is wide.
Conventional slab selection in clinical MR sequences usu-
ally applies a symmetric sinc RF excitation pulse during the
flattop portion of a slab-selection gradient, followed by a
rewinder gradient of the opposite polarity. The required
ramp-down and rewinder gradient usually push the mini-
mum TE out to greater than 1 ms, making them impractical
for UTE imaging. The rewinder time can be minimized by
using a minimum-phase Shinnar—Le Roux (SLR) pulse [16]
which concentrates most of the RF energy toward the end of
the pulse (Fig. 4.6) and hence reduces the phase through
which the slice needs to be rewound (i.e., reduced isodelay).
Keeping the same excitation k-space deposition during the
gradient ramp-down requires variable-rate selective excita-
tion (VERSE) correction of the RF pulse [17].

Figure 4.7 shows slab profiles measured in a water bottle
phantom. The slab profiles were obtained by imaging an
approximately three times larger through-slice FOV than the
slab-selective excitation and reformatting the data to image
the slab profile shown in the top row. The second row shows
averaged line profiles through the slabs. The last row shows
the simulated profiles, including real (red) and imaginary
(blue) parts. They agree well with the experimental profiles.

Figure 4.8 shows axial images of an ex vivo human brain
using a hard pulse and the slab-selection pulse discussed

— [\/|X

Signal

-10 0 10 20
z [mm]

Fig. 4.6 SLR pulse with minor VERSE correction and only a small (optional) slab rewinder during the T/R switching time (30 ps). The resulting
slab profile still has an imaginary signal and some signal outside of the nominal slab volume
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Fig. 4.7 Experimental slab profiles measured in a water bottle phan-
tom. These were obtained by imaging an approximately three times
larger through-slice FOV than the slab-selective excitation and refor-
matting the data to image the slab profile (top row). Row two shows

Localizer

Fig. 4.8 A relatively thin imaging slab on the localizer of an ex vivo
brain sample (a), the corresponding 3D UTE axial images using a hard
pulse (b), and the slab-selection pulse (¢). The hard pulse excitation
shows through-slice artifacts because the through-slice length of the

Hard Pulse

average line profiles through the slabs. For comparison, the last row
shows the simulated profiles, including real (red), imaginary (blue), and
magnitude (black) components, which agree well with the experimental
profiles

Slab Selective

brain phantom (~20 cm) greatly exceeds the encoded volume in the slab
direction (20 mm, red box on coronal localizer), causing aliasing
artifacts. On the other hand, slab-selective imaging exhibits no visible
major artifacts
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above. The encoded volume in the slab direction was ten
slices with 2 mm slice thickness (see red box on coronal
localizer in Fig. 4.8a). The slab-selective imaging exhibits no
major visible artifacts (Fig. 4.8c). On the other hand, the
hard pulse excitation shows through-slice artifacts (Fig. 4.8b)
because the through-slice length of the brain phantom
(~20 cm) greatly exceeds the encoded volume in the slab
direction (20 mm) and causes aliasing artifacts.

Water Excitation

Due to the minimal TE used, 3D UTE images are inherently
low in image contrast. This contrast can be improved by
suppressing signals from long-T, tissues such as fat.
Although UTE is generally compatible with chemical shift
suppression (chem-sat) techniques, this technique has the
potential to significantly reduce short-T, signals of interest.
As an alternative, direct water-selective excitation can be
used to excite only water-based signals. This has the advan-
tage that short-T, signals are not as directly affected as they
are with chemical shift saturation techniques. Springer et al.

—a, Af

Fig. 4.9 The soft-hard composite pulse. This employs a soft RF pulse
centered on fat on-resonance frequency (Af) with a negative flip angle
(—a) which is used to flip only the fat magnetization. This is followed
by a short hard pulse with a positive flip angle (o) which flips all the
magnetizations (i.e., fat and water) in the opposite direction (a). The
commonly used FatSat UTE pulse employs a 90° soft pulse centered on
fat on-resonance frequency to flip and spoil the fat magnetization,

used a 1-1 double RF excitation pulse to selectively excite
only water signals [18]. In this technique, a short RF pulse
centered on the water resonance frequency is used to excite
both fat and water at the same time. This is followed by a
waiting period that allows fat signals to accumulate an off-
resonance phase of 180° relative to water (e.g., 1.14 ms at
3 T). After this, a second identical on-water-resonance RF
pulse is applied which tips the water signals again by the
same flip angle while returning the fat magnetization back
to the positive z-axis. As a consequence, it does not contrib-
ute to the imaging signals. The resulting images show excel-
lent fat suppression on MSK images. Similarly, Ma et al.
have developed an excitation scheme using a combination
of a narrow BW soft RF pulse centered on the fat frequency,
followed by a short hard pulse (with a wide BW covering
both the fat and water signals) centered on the water fre-
quency but using the opposite flip angle (Fig. 4.9a, b) [19].
The resulting excited transverse magnetization only con-
tains water signals. The fat suppression quality is similar
with either technique, but short-T, tissues (e.g., meniscus)
are better preserved with the soft-hard composite excitation
scheme (Fig. 4.9c—e).

90°, Af

followed by a hard pulse for water signal excitation (b). An example is
shown on 3D UTE Cones imaging of the knee joint of a 24-year-old
volunteer using excitations with a single hard pulse (c), the soft-hard
water excitation pulse (d), and the conventional FatSat module (e). Fat
was suppressed by both the soft-hard pulse and the FatSat module, but
the short-T, signals are much better preserved with the soft-hard pulse
(yellow arrows in d). (Reproduced with permission from Ref. [19])
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Sampling Window

Imaging short-T, species requires consideration of trans-
verse relaxation during the data acquisition window, as T, or
T,* is of the order of the duration of the sampling window, or
even shorter. Rahmer et al. investigated the effects of T,*
decay during signal acquisition on the 1D, 2D, and 3D radial
PSFs [7]. The impact of short-T,* relaxation on the PSF
depends on the k-space trajectory. An exponential T,* decay
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Fig.4.10 Simulated PSF and blurring function for three sampling pat-
terns, including unblurred PSF (a), normalized blurring functions for
the exemplary case Tyo/T, =4 (b), and total PSFs for Txo/T, =4 obtained
from the convolution of (a) with (b) shown in (¢). 3D UTE images of
rolled rubberband (T, = 660 ps) with three different readout window
durations Tyq of 0.68 ms (d), 3.50 ms (e), and 5.25 ms (f). Short-T, blur-

in time corresponds to a centric exponential decay in k-space.
The image space blurring function Py (r) is just the 3D
Fourier transform of this decay function. Pg..(r) for 2D and
1D radial FID sampling can be derived in a similar way.
Figure 4.10a—c shows the normalized blurring functions for
the exemplary case in which the sampling window is four
times longer than T,*. A smaller linewidth is observed in the
3D blurring function than in its 2D and 1D counterparts.
Figure 4.10d—f shows an image of a short-T, phantom (rolled
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ring function extracted from the image data by deconvolution of images
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blurring functions. A normalized plot of the same data emphasizes the
increase in linewidth with increasing Tyq (h). (Reproduced with permis-
sion from Ref. [7])
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rubber band with T,* = 660 ps) acquired using Taq = 0.68,
3.50, and 5.25 ms, respectively. The blurring function was
extracted by deconvolution of the unblurred image
(Fig. 4.10d) from the long-T,, images (Fig. 4.10e, f).
Figure 4.10g shows the extracted blurring function.
Figure 4.10h displays the same data scaled to unit amplitude
to highlight the line broadening effect. The data were then
modeled using the 3D blurring function for T, = 660 ps and
respective sampling durations of T, = 3.50 and 5.25 ms.
Theoretical calculation suggests that the blurring function
depends on T,/Txq to the power of 3, while the fitted data
show a power of 3.5 as the best fit. This is attributed to addi-
tional dephasing due to local off-resonances which is not
compensated for by the applied single-frequency off-reso-
nance correction. Aside from this effect, amplitude loss and
line-broadening are both reproduced in the theoretical 3D
blurring function. The theoretical and experimental results
demonstrate that UTE imaging should aim at a short TE and
optimize the readout-window duration to obtain high, well-
resolved signals from short-T, species. According to the
theoretically derived optimal T, criterion for a given T, spe-
cies, an optimal sampling window can be found that maxi-
mizes the SNR while introducing only slight blurring. Strong
gradients and high reception bandwidths must be employed
to meet the SNR criterion for short-T, species as the optimal
window duration T, is shorter than T, (e.g., Tag = 0.69 T, for
3D radial FID sampling) [7]. This theory also holds for 2D
UTE sampling, where the optimal duration of the acquisition
window is Tyo = 0.81 T,. However, the Rahmer study shows
a somewhat simplified optimal sampling window. The sam-
pling window is optimized only for SNR without consider-
ing spatial resolution maximization. Furthermore, for
mathematical simplicity, a constant readout gradient is
assumed to obtain a linear relationship between time and
radial k value: k(7) = yGt. In reality, UTE imaging is based on
radial ramp sampling of the FID which significantly impacts
the optimal sampling window. Ramp sampling leads to
repeated sampling of low spatial frequency data. As a result,
the optimal sampling window from the Rahmer study would
produce low-resolution images of short-T, species such as
cortical bone. With radial ramp sampling of UTE FID data, a
longer window is needed to obtain improved spatial resolu-
tion of short-T, species. The simplified model works best for
zero echo time (ZTE) type sequences, where k-space data
points are sampled after gradients are fully ramped up [20].

Eddy Currents

UTE sequences acquire data with variable read gradients.
The data points at and near the k-space center are acquired
during the ramp-up period of the read gradients (ramp sam-
pling). If there is a mismatch between the nominally designed
gradients and the ones that actually occur in the scanner
bore, this may result in gridding errors and image artifacts
[21, 22]. These gradient imperfections may include gradient
group delays or more general gradient amplitude distortions.
For simple 3D UTE imaging, group delay corrections are
often an effective way to compensate for gradient imperfec-
tions. These can be performed using specialized calibration
sequences (especially if gradient-to-gradient delays need to
be corrected as well), or simple manual tuning of the single
overall group delay of the gradients relative to the data acqui-
sition window (DAQ) [23-25]. For example, Addy et al. used
an efficient linear time-invariant (LTT) characterization of the
MR gradients to estimate trajectories achieved in the scanner
[25]. Figure 4.11 shows phantom images of spiral, EPI, and
3D Cones reconstructions with and without trajectory cor-
rection. The corrected images show greatly improved image
quality, as shown in Fig. 4.11b—d.

A similar but more automated/unsupervised method was
developed by Herrman et al. [26]. In their work, a UTE
sequence was utilized with each acquisition containing a
quick calibration scan which utilized the phase of the read-
outs to detect the actual k-space center. Their approach used
a short, integrated calibration scan which included a small
pre-phase gradient applied just before the main readout gra-
dient. Determining the maximum coherence of the phase
information in the calibration scan allowed the determination
of the actual k-space center. This information was then used
to automatically correct the k-space trajectories of the imag-
ing portion of the sequence. Figure 4.12 shows orthogonal
phantom images with and without k-space correction. The
corrected images show significantly reduced artifacts [26].

More complex waveform designs, such as Cones, may
require a more thorough correction technique, for example,
measuring individual gradient waveforms and applying
correction during reconstruction. Duyn et al. have also
developed a simple technique to accurately measure the
actual k-space trajectory and to allow the correction of gra-
dient hardware imperfections for arbitrary gradient wave-
forms [27].
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Fig.4.11 Axial phantom images using spiral (top), oblique EPI (mid- images for spiral (second row) and EPI (fourth row) are made by
dle), and 3D Cones (bottom) reconstructions with the original trajecto- ~ comparison to a reference image reconstruction based on measured
ries (a), and trajectories estimated using the average delay (b), trajectories, and are scaled by 8x. (Reproduced with permission from
LTI-based delay (c), and full LTI-estimated (d) models. Difference Ref. [25])
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Fig.4.12 Gradient delay calibration using 45 spokes of the measured
calibration data from the x-y plane with the magnitude shown in (a), the
phase in (b), and an enlarged central part of (b) shown in (c¢). The colors
characterize the spoke index using a continous jet color map where blue
is the first and red the last index. The dashed black line marks the
expected position of the k-space center. The effect of delay correction is

Contrast Mechanisms

UTE sequences allow direct detection of signals from short-
T, species; however, this does not necessarily mean that
short-T, species will be obvious. Most short-T, species, such
as bone and myelin, have lower proton densities than sur-

(f)

demonstrated through phantom images in three orthogonal planes of a
structure phantom reconstructed without gradient delay correction (d),
with global delay correction as extracted from the template (e), and
with both global delay and axis-specific delays (f). (Reproduced with
permission from Ref. [26])

rounding or associated long-T, species [28, 29]. As a result,
they may display much lower signals than long-T, species,
making them relatively inapparent even with UTE sequences.
A series of contrast mechanisms have been developed to
improve the depiction of short-T, species, including fat sup-
pression, dual-echo acquisition followed by echo subtraction
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(ES) [7], long-T), saturation [30], inversion recovery (IR) [2],
fat-water separation [31], and water excitation [18, 19]. A
few major contrast mechanisms for 3D UTE imaging will be
summarized here. Part II of this book provides more detail
about short-T, contrast mechanisms.

UTE Imaging with Fat Saturation

The basic 3D UTE imaging sequence employs a short TR to
reduce the total scan time. The short TR and short TE com-
bination provides high T,;-weighting, leading to a high signal
for fat with 3D UTE imaging of short-T, species. Besides,
UTE imaging of short-T, species suffers from fat contamina-
tion due to partial volume effects and off-resonance artifacts
induced by the non-Cartesian UTE acquisition [32]. Thus,
fat suppression is very important for UTE imaging of muscu-
loskeletal tissues. Figure 4.13 shows a cadaveric ankle speci-
men imaged with clinical T;-weighted FSE and 3D UTE
Cones sequences. Conventional clinical sequences show
near-zero signal for the Achilles tendon and enthesis, while
the 3D UTE Cones sequence shows high signal from both
tissues [33].

Fat suppression pulses can saturate signals from short-T,
species directly due to spectral overlap or indirectly due to

Fig. 4.13 Morphological
imaging of a cadaveric human
ankle specimen at 3 T using a
clinical T,-weighted FSE (a)
and a 3D UTE Cones
sequence with fat suppression
(b). The Achilles tendon (thin
arrow) and enthesis (thick
arrow) are invisible with the
clinical T,-FSE sequence in
(a), but show high signal and
contrast with the fat-saturated
3D UTE Cones sequence in
(b). (Reproduced with
permission from Ref. [33])
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magnetization transfer [28, 34]. Chemical shift-based
decomposition techniques such as the single- or multipoint
Dixon approach and iterative decomposition of water and
fat with echo asymmetry and least squares estimation
(IDEAL) provide excellent water—fat signal separation for
long-T, tissues [35]. These techniques can be combined
with UTE, such as UTE-based IDEAL (UTE-IDEAL) [36],
to preserve signals from short-T, species while providing
high-contrast, water-only images, as well as T,* and fat
fraction maps. The recently developed single-point Dixon-
UTE technique allows fast water and fat separation [37]. Its
combination with UTE is another promising approach for
fast imaging of short-T, species without fat contamination
[31, 38]. Chapters 15 and 16 provide more details about the
various fat/water separation techniques used with UTE
imaging of short-T, species.

UTE Imaging with Multi-echo Acquisition
and Subtraction

Dual-echo 3D UTE data acquisition and subsequent ES are
very effective for suppressing long-T, signals and providing
high-contrast imaging of short-T, species [7]. Short-T, con-
trast is achieved by subtracting a second echo image from the
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Fig.4.14 Dual-echo 3D UTE imaging of the Achilles tendon of a vol-
unteer with a TE of 8 ps (a, d) and 2.2 ms (b, e), and the corresponding
ES (¢, f). The MR “invisible” Achilles tendon shows a high signal and

first FID image, a technique that is equivalent to T, bandpass
filtering. Signals from long-T, species decay minimally by
the time of the second echo, leading to a significant reduction
in long-T, signals after ES. Signals from short-T, species
decay significantly by the time of the second echo and are
much less affected by ES. Figure 4.14 shows an example of
3D UTE Cones imaging of a healthy volunteer’s Achilles
tendon at the ankle joint. The UTE images (Fig. 4.14a, d)

contrast on the 3D UTE ES images in the sagittal (¢) and axial (f)
planes. (Reproduced with permission from Ref. [5])

show little contrast for the Achilles tendon due to the lack of
T,-weighting, while more contrast is seen on the later echo
image (Fig. 4.14b, e). Dual-echo subtraction can be per-
formed to highlight the short-T, Achilles tendon (Fig. 4.14c,
f), which typically appears as a signal void with conventional
clinical MR imaging [5]. Chapter 11 provides a more com-
prehensive summary of the various ES techniques used for
high-contrast imaging of short-T, species.
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Adiabatic Inversion Recovery UTE (IR-UTE)

Magnetization inversion is another method used in UTE MRI
to generate contrast and selectively suppress certain signals in
images, such as long-T, fat and water signals in muscle.
Traditionally, one acquires a single k-space spoke after each
application of a single inversion pulse (Fig. 4.15a) [2]. A more
efficient approach is the collection of several k-space spokes
(e.g., Np spokes) after application of a single inversion pulse

a
Conventional way:
IR One UTE k-sp line B
Mz H ____________
STl
b

Efficient way:

(five times faster)
Five UTE k-sp line

T

Fig. 4.15 Diagram of an adiabatic IR preparation used with 3D UTE
pulse sequences: conventional single-spoke IR (a), and more efficient
multispoke design (b). (Reproduced with permission from Ref. [6])
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(Fig. 4.15b for an example with Np = 5) [6]. This can reduce
the total scan time by a factor of Np. The inversion pulse is
repeated every TR period, during which Np k-space spokes are
obtained. The spokes are separated by short time intervals z.
During each spoke, one UTE k-space line is acquired. The TT is
defined as the time from the center of the inversion pulse to the
center of the group of k-space spokes in the data acquisition, so
that the sequence timing asymptotically approaches the con-
ventional single-spoke case for small values of Np. In order to
minimize the total scan time, TR should typically be chosen to
be the minimum allowed value, as determined by specific
absorption rate (SAR), gradient, and RF duty cycles, as well as
sequence timing.

Figure 4.16 shows an axial scan of the tibia and a sagittal scan
of the knee joint of a healthy volunteer using the 3D IR-UTE
sequence. The adiabatic IR preparation provides excellent sup-
pression of signals from bone marrow and muscle and provides
high signal and contrast for cortical and trabecular bone as well
as the patellar tendon. This figure also shows signal from coil
elements and padding that contains short-T, materials.

In recent years, a series of adiabatic IR-prepared UTE
techniques have been developed for high-contrast imaging of
short-T, species, such as single adiabatic IR-UTE [39—41],
dual adiabatic IR UTE (dual-IR-UTE) [42-44], double adia-
batic IR UTE (double-IR-UTE) [45], adiabatic IR and fat
saturation UTE (IR-FS-UTE) [46], double echo sliding IR
UTE (DESIRE UTE) [47], and short TR adiabatic IR UTE
(STAIR-UTE) [48]. These contrast mechanisms are most
promising in large part because of the insensitivity of adia-
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Fig.4.16 3D IR-UTE Cones imaging of the tibial midshaft (a) and the knee joint (b) in a healthy volunteer. High signal and contrast are generated
for the tibial cortex, patella, and tendons, as well as coil elements and padding
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batic inversion pulses to B; and B, inhomogeneities [49].
Chapter 13 provides a systematic review of adiabatic
IR-based UTE techniques for morphological and quantita-
tive imaging of short-T, species.

Quantitative UTE Imaging

UTE sequences can also be used for quantitative imaging of
short-T, species. This is important as quantitative imaging
frequently allows early detection of tissue changes more
effectively than morphological imaging, since morphologi-
cal changes typically happen at later stages in disease pro-
gression. A variety of quantitative UTE techniques have been
developed to measure MR relaxation times (i.e., Ty, Ty, T>*,
T,,) and other tissue properties (e.g., proton density, magne-
tization transfer ratio, magnetization transfer modeling of
macromolecular proton fraction (MMF), perfusion, diffu-
sion, and susceptibility) [3]. These techniques have great
potential for improving diagnosis. A few quantitative 3D
UTE imaging techniques will be described here. Part III of
this book provides a systematic review of quantitative MRI
techniques for short- and ultrashort-T), tissues.

T,* Quantification

T,* refers to the apparent transverse relaxation, which
describes the exponential decay in M,, following an RF exci-
tation pulse as a function of time. T,* is an important tissue

property that incorporates T, but is additionally affected by
inhomogeneities in B, and susceptibility-induced field dis-
tortions produced by tissue, with the latter usually dominant
in short-T, tissues. Conventional sequences cannot provide
accurate T,* mapping for short-T, species due to the lack of
detectable signals. UTE sequences solve this challenge.
UTE-based T,* (UTE-T,*) mapping allows quantitative
assessment of collagen fibril integrity and organization in
short-T, species such as the deep articular cartilage, menisci,
ligaments, and tendons [3]. UTE-T,* values have been
shown to track cartilage extracellular matrix degeneration as
determined by polarized light microscopy [50]. UTE-T,*
values in deep articular cartilage are typically elevated with
increased cartilage degeneration in subjects with osteoarthri-
tis (OA) or anterior cruciate ligament (ACL) injury [50, 51].
UTE-T,* maps can be generated from a series of 3D Cones
images acquired at a series of TEs (nonuniform spacing for
more accurate T,* mapping) [12]. The Cones sequence sam-
ples MRI data starting at the center of k-space and twisting
outwards along conical surfaces in 3D while allowing the use
of anisotropic FOVs and resolution to speed up data acquisi-
tion. Two sets of interleaved 3D multi-echo UTE Cones data
(e.g., set #1: TEs =32 ps, 3.6, 7.2, 16.0 ms; set #2: TEs = 1,
4.7,9.0, 12.7 ms) can be acquired for better detection of fast
signal decay from short-T, species. Williams et al. applied
the 3D UTE Cones T,* mapping technique to the study of
alterations to the medial tibiofemoral subsurface cartilage
matrix in human subjects 2 years after ACL reconstruction
(ACLR) [52]. Their knee cartilage was found to be morpho-
logically intact in 92% (35/38) of subjects (Fig. 4.17). In the

Fig. 4.17 UTE-T,* maps in an uninjured 29-year-old male control
subject with typical laminar appearance to UTE-T,* values (a), and a
34-year-old male ACLR subject 2 years after reconstruction surgery,
with no morphological evidence of medial cartilage (Outerbridge grade

0) or meniscus pathology (b). Elevations to UTE-T,* values throughout
medial femorotibial cartilage, particularly in deep medial femoral
cartilage (white arrows) were observed in the ACLR patient.
(Reproduced with permission from Ref. [52])
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medial compartment, 37% (14/38) of the subjects had intact
and normal cartilage (grade 0), and 55% (21/38) showed
intact cartilage with some areas of signal brightening (grade
1). Disruption to articular surfaces in the medial compart-
ment (grade 2 partial-thickness defect) was seen in only 8%
(3/38) of those subjects [52]. The results suggest that 3D
Cones-based UTE-T,* mapping may be an efficient way of
assessing degenerative changes in the knee joint.

Biological tissues frequently contain different water com-
partments with distinct T,* values. Quantifying different
water components may be problematic with clinical MR
sequences, as the initial TEs are usually too long to detect
enough signals from shorter T, components. Signals from
short-T, water components in short-T, tissues, such as ten-
dons and bone, can be detected using UTE-based sequences.
A multicomponent T,* analysis has been proposed to evalu-
ate different water components in short-T, tissues [53, 54].
Single and multicomponent UTE-T,* analyses have been
used to evaluate short-T, tissue degeneration [52, 55], iron
deposition [56], temperature mapping [22], and soft tissue
calcification [57]. Chapter 22 provides a systematic review
of different T,* quantification techniques and clinical
applications.

T, Quantification

Conventional T, quantification techniques based on inver-
sion or saturation recovery are problematic for short-T, spe-
cies due to significant signal decay during the relatively long
duration inversion/saturation pulses used in clinical MR
sequences. Variable repetition time (VTR) and variable flip
angle (VFA) methods have been used for T, mapping [58,
59], but these methods are sensitive to B; field inhomogene-
ity. To overcome this limitation, an actual flip angle imaging
(AFI) technique has been proposed for rapid B; mapping
[60]. However, the AFI sequence is based on conventional
MR data acquisitions and cannot be used for mapping the B,
and T, of short-T, species due to a lack of detectable signal.
Short-T, signal loss during the excitation process should also
be considered for more accurate T, quantification. UTE-type
sequences are needed for accurate quantification of the T, of
short-T, species. The combination of UTE, AFI, and VFA
techniques (3D UTE-AFI-VFA) can address all of the above
challenges [61, 62]. Figure 4.18 shows excellent T fitting for
various knee joint tissues in a healthy volunteer. The T, val-
ues for long-T, species, such as cartilage (T, = 1133 + 40 ms
at 3 T), muscle (T, = 1406 + 63 ms), and fat (T, =386 = 2 ms),
are largely consistent with the literature [59]. Relatively
short-T; values are found in short-T, species, such as the
meniscus (T, = 832 = 18 ms), quadriceps tendon
(T, =779 £ 7 ms), patellar tendon (T; = 637 + 16 ms), and
ACL (T, =870 = 13 ms).

The T, values for short-T, species, such as the menisci,
ligaments, and tendons, remain to be confirmed due to the
lack of reference standard. T, is field strength dependent,
with a longer T, expected at higher B, fields. Reference
values can be derived from a spectrometer at 3 T where
the strong RF and gradient systems allow accurate quanti-
fication of T, values for short-T, tissues, and the values
can be used to validate UTE-measured T ;s obtained with
a whole-body clinical 3T MR scanner. There are several
UTE-based T, quantification techniques that have been
developed in recent years, including saturation recovery
UTE (SR-UTE) [2, 40], adiabatic IR-UTE [63], UTE-
VTR [61], UTE-VFA [62], and their combinations. The
advantages and disadvantages of each technique are sum-
marized in Chap. 21.

T., Quantification

T,, is the time constant for spin-lattice relaxation in the
rotating frame in the presence of an external spin-lock pulse
[64]. T, reflects slow interactions between motion-restricted
water molecules and their local macromolecular environ-
ment, thereby providing unique biochemical information in
the low-frequency region ranging from a few hundred Hz to
a few kHz [64]. Changes to the extracellular matrix, such as
proteoglycan loss, may be reflected in measurements of T},
and T,, dispersion (T,, values as a function of the spin-
locking field) [65]. T, has been employed to assess the
properties of the macromolecular environment inside tis-
sues, such as loss of proteoglycan in musculoskeletal tissues
[66]. However, conventional T,, imaging sequences cannot
evaluate short-T, species due to the lack of detectable sig-
nal. UTE-based T,, (UTE-T,,) sequences have been devel-
oped to evaluate macromolecular changes in short-T,
species [67, 68]. In this technique, a continuous wave spin-
lock pulse is used for magnetization preparation, with the
magnetization stored along the z-axis subsequently detected
by UTE data acquisition. This technique enables T, imag-
ing of various short-T, species such as the Achilles tendon,
ligaments, and menisci. Figure 4.19 shows 3D Cones-based
UTE-T,, imaging of the Achilles tendon in a healthy volun-
teer [68]. The conventional gradient echo-based T, sequence
shows little signal from the Achilles tendon because of its
relatively long TE. The 3D Cones UTE-T), sequence shows
a much higher signal in the Achilles tendon and provides
excellent single-component exponential fitting with a short
mean T, of 3.07 + 0.35 ms. The 3D UTE-T,, sequence can
potentially assess proteoglycan loss in both long-T, and
short-T, species in the musculoskeletal system.
Conventional T, imaging shows a significant magic angle
effect [69]. Ty, values can be doubled when collagen fibers
are reoriented from 0° to near 54° (the magic angle) relative
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Fig. 4.18 The 3D UTE Cones sequence with a single TR can be used
for T, measurement with the variable flip angle (VFA) method (a). The
3D UTE Cones actual flip angle imaging (AFI) sequence employs a
pair of interleaved TRs for accurate B; mapping, which can be combined
with the VFA method (UTE-AFI-VFA) to improve the accuracy of T
mapping (b). The 3D UTE-AFI-VFA method was applied to the knee
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joint of a 35-year-old volunteer to quantitatively image the meniscus
(¢), quadriceps tendon (d), patellar tendon (e), and ACL (f), as well as
the corresponding T, fitting results, including a T, of 832 + 18 ms for
meniscus (g), 779 + 7 ms for quadriceps tendon (h), 637 + 16 ms for the
patellar tendon (i), and 870 = 13 ms for ACL (j). (Reproduced with
permission from Ref. [62])
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Fig.4.19 The 3D UTE-T,, sequence employs a spin-lock preparation
pulse followed by a Cones data acquisition (a). The preparation pulse
consists of a rectangular 90° pulse followed by a composite spin-lock
pulse and another —90° rectangular pulse. The phase of the second half
of the composite spin-lock pulse is shifted 180° from the first half to

to the B, field. Trains of adiabatic inversion pulses have been
employed to measure adiabatic T, (AdiabT,,), which is less
sensitive to the magic angle effect [70]. A UTE-based

reduce B; inhomogeneity-related artifacts. The Achilles tendon of a
healthy volunteer was subject to fat-saturated UTE-T,, imaging with
four spin-lock times of 0, 1, 5, and 10 ms (b). The excellent exponential
curve fitting demonstrated a short T, of 3.07 + 0.35 ms for the Achilles
tendon (c¢). (Reproduced with permission from Ref. [68])

AdiabT,, (UTE-AdiabT,,) sequence has been developed to
provide orientation-independent T, mapping of both short-
and long-T, tissues on a clinical whole-body scanner [71].
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T,, relaxation also depends on the power of the spin-lock
pulse. A stronger spin-lock pulse tends to “lock™ the trans-
verse magnetization more efficiently along its direction,
thereby producing a longer T, value. This phenomenon is
called T, dispersion. The self-diffusion effect dominates at
low spin-lock powers (i.e., @; < 100 Hz) while chemical
exchange dominates at higher spin-lock powers (several hun-
dred or thousand Hz) [72]. The UTE-T,, sequence provides
reliable T, mapping of short-T, species as well as the related
T,, dispersion [67, 68, 73] and may be used to detect early
changes in musculoskeletal tissues. A systematic review of
the various T, techniques and clinical applications is sum-
marized in Chap. 23.

Magnetization Transfer Quantification

Magnetization transfer (MT) refers to the transfer of spin
magnetization from macromolecular protons to water pro-
tons and has been introduced for quantitative evaluation of
water and macromolecular proton pools in long-T, species
[74]. A saturation pulse is placed at a frequency offset Af
away from the water peak to saturate macromolecular pro-
tons, which exchange with water protons either by chemical
exchange or magnetization transfer, leading to a significant
reduction in the detectable signal. As a result, MT imaging
allows indirect assessment of macromolecules with restricted
motion and extremely short T,s (of the order of 10 ps).
However, clinical MT sequences cannot assess short-T, spe-
cies due to the lack of detectable signals. UTE-based MT
(UTE-MT) sequences resolve this limitation and can be used
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Fig. 4.20 The 3D UTE-MT sequence employs a Fermi pulse for MT
preparation followed by Cones data acquisition (a). Multiple spokes
(N,y) are sampled after each Fermi pulse to speed up data acquisition
(by a factor of Ny,) (b). Selected UTE-MT images of a bovine bone
sample acquired with an MT power of 300° and five frequency offsets
of 2 kHz (¢), 5 kHz (d), 10 kHz (e), 20 kHz (f), and 50 kHz (g), as well

to indirectly evaluate macromolecular protons in short-T,
species such as cortical bone. Springer et al. first introduced
the 3D UTE-MT sequence to calculate the MT ratio (MTR)
in cortical bone [75]. MTR is semiquantitative and shows
only a moderate correlation with the biomechanical proper-
ties of cadaveric human bone samples [76]. A two-pool MT
model has been proposed to extract fundamental parameters
describing a free pool composed of water protons and a
semisolid pool composed of collagen protons in biological
tissues [77]. This two-pool MT model can be combined with
3D UTE data acquisition, in which multiple spokes (N,,) are
acquired after each MT preparation to reduce the scan time
by a factor of Ny, [78, 79]. Figure 4.20 shows the 3D Cones
UTE-MT sequence, along with imaging of a bovine cortical
bone sample. Excellent two-pool MT modeling and MT
parameter mapping were achieved using a Gaussian line-
shape fitting. Maps of macromolecular proton fraction
(MPF), collagen backbone proton transverse relaxation
(T,n), exchange rate (RM,,,), and spin-lattice relaxation rate
(R;,) can be generated for cortical bone, which is “invisible”
with conventional MR sequences.

UTE-MT techniques provide a panel of biomarkers,
including MTR and MT modeling of macromolecular proton
fraction, exchange, and relaxation rates for both short- and
long-T, species [75, 80]. Furthermore, the UTE-MT bio-
markers are much less insensitive to the magic angle effect
than conventional T, and T,, [80] and may provide a more
robust evaluation of tissue degeneration. Ex vivo studies
have demonstrated the efficacy of this technique in detecting
degenerative changes in musculoskeletal tissues [81, 82].
Decreased MMF and MTR were observed within cartilage

O MT data: FA = 300°
> MT data: FA = 700°
0O MT data: FA = 1100°

—Fit

10 20 30 40 50
Frequency offset (KHz)

as an MT power of 1100° and five frequency offsets of 2 kHz (h), 5 kHz
(i), 10 kHz (j), 20 kHz (k), and 50 kHz (I). Excellent two-pool fitting is
achieved (m), providing maps of macromolecular proton fraction (n),
collagen backbone proton transverse relaxation T, (0), exchange rate
RMy,, (p), and spin-lattice relaxation rate R,,, (q). (Reproduced with
permission from Ref. [79])
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and meniscus in mild and advanced OA compared to healthy
subjects [83, 84]. A systematic review of the UTE-MT tech-
niques and clinical applications is summarized in Chap. 25.

Conclusion

3D UTE is a powerful imaging tool to image short-T, species
that would otherwise be invisible with conventional clinical
MRI sequences. With recent advances in data acquisition,
non-Cartesian image reconstruction, short-T, signal excita-
tion, sampling window optimization, and eddy currents cor-
rection, 3D UTE has become an efficient technique with
potential for widespread clinical adoption. 3D Cones, with
its flexible k-space design, have the potential to further
improve scan efficiency and reduce scan time [6, 12]. Various
morphological UTE imaging techniques have been devel-
oped [3]. Among the different contrast mechanisms, dual-
echo UTE with ES is the most time-efficient method, but it is
sensitive to chemical shift, off-resonance, and susceptibility
effects [3]. Adiabatic IR-based techniques are very promis-
ing as they are insensitive to B, and B, inhomogeneities [49].
A series of quantitative UTE imaging techniques have been
developed for more robust assessment of short-T, tissue
degeneration, such as collagen degradation (via UTE-T,*)
[52], proteoglycan depletion (via UTE-T),,) [82], and macro-
molecular changes (via UTE-MT modeling) [81]. All the
major MR vendors have implemented UTE-type sequences
on their equipment. With further development and optimiza-
tion, 3D UTE MRI techniques can be used to improve the
diagnosis of various diseases in the body’s musculoskeletal,
nervous, respiratory, gastrointestinal, and cardiovascular
systems.
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Zero Echo Time (ZTE) MRI

Markus Weiger and Klaas P. Pruessmann

Introduction

Generally, magnetic resonance imaging (MRI) of tissues or
materials with rapid transverse relaxation needs to follow two
fundamental principles [1]. First, to capture sufficient signal,
gradient encoding and data acquisition must be started quickly
after signal excitation. Second, to prevent resolution loss due
to apodization in k-space, the time range after excitation dur-
ing which all data is acquired, must be sufficiently small.
Implementing these principles with different weighting and by
using different conceptual approaches leads to four basic
sequences dedicated to short-T, MRI, namely, constant time
imaging (CTI) [2], single-point imaging (SPI) [3], ultrashort
echo time (UTE) imaging [4], and zero echo time (ZTE) imag-
ing [5-8]—which is the topic of the present chapter.

The ZTE sequence is shown in Fig. 5.1a. To efficiently
capture and encode rapidly decaying signals, the sequence
abstains from slice selection and phase encoding and covers
3D k-space with straight radial center-out trajectories. As a
particular concept, only after setting the radial encoding gra-
dient, radiofrequency (RF) excitation is performed. This is
then immediately followed by data acquisition. This simple
sequence scheme is the imaging analog of the pulse-acquire
NMR experiment and was in fact used in the very first
reported MRI scan [9]. It was only later identified and
exploited as an approach particularly suitable for short-T,
imaging.

The ZTE sequence is very effective at coping with rapidly
decaying signals because it encodes fresh transverse magne-
tization immediately at full k-space speed and with zero

RF

AQ ———Q—0—0—

——>]
0 Dead-time

Fig. 5.1 The basic ZTE pulse sequence. (a) After setting the radial
projection gradient (G) to full strength, an RF pulse of sufficient
bandwidth is applied and the free induction decay signal is acquired
(AQ) after the RF dead-time (black dots = acquired, white
dots = missed). As gradient encoding starts immediately after signal
creation, k = 0 is met inside the pulse, and TE is effectively zero. (b) 1D
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spokes are collected in a center-out radial fashion in order to fill the
3D-k-space volume of interest (one central plane is shown). The data
missed during the dead-time translate into a gap in k-space, which leads
to a spherical void in the k-space center. (Adapted with permission from
Ref. [21])

© The Author(s), under exclusive license to Springer Nature Switzerland AG 2023 53
J. Du, G. M. Bydder (eds.), MRI of Short- and Ultrashort-T2 Tissues, https://doi.org/10.1007/978-3-031-35197-6_5

5


http://crossmark.crossref.org/dialog/?doi=10.1007/978-3-031-35197-6_5&domain=pdf
https://doi.org/10.1007/978-3-031-35197-6_5
mailto:weiger@biomed.ee.ethz.ch

54

delay. All fresh magnetization leaves the center of k-space at
the exact time at which it is created, leading to the notion of
zero TE in analogy to the earlier UTE technique. This desir-
able capability comes with the challenge of keeping pace at
the level of signal detection and starting data acquisition
equally rapidly. With common MRI systems this is not quite
possible due to the finite time required for switching RF
chains from transmit to receive operation. This dead-time
results in a gap in k-space which appears as a spherical void
at the center of k-space (Fig. 5.1b), which needs to be
addressed with additional measures specific to the ZTE
approach (see sections “The Dead-Time Gap” and “Image
Reconstruction”).

Another challenge arises from excitation during the read-
out gradient, requiring RF pulses with corresponding high
bandwidths, which can be substantially greater than those
used in other modes of imaging. Suitably high bandwidths
can be achieved with sufficiently short hard pulses or, for
larger flip angles, with frequency-modulated pulses (see sec-
tion “Excitation”).

Conversely, the encoding gradient in the ZTE sequence
does not need to be switched on and off; it only requires
adjustment of its direction between successive excitations.
This renders scanning relatively silent and minimizes gradi-
ent slew rate requirements as well as eddy currents. Moreover,
with only minimal sequence overhead for excitation and
spoiling, very short, sub-millisecond repetition times (TRs)
are feasible (see section “Further Sequence Aspects”).

The principal difference between the ZTE sequence and
its UTE counterpart is the temporal order of setting the
encoding gradient and RF excitation. However, this swap is
of considerable consequence. In addition to the opportunities
and requirements mentioned above, ZTE imaging does not

Dead-time
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suffer from fidelity issues introduced by gradient ramping.
On the other hand, it does not offer the freedom to adjust TE,
which, in the UTE variant, provides control over T,* contrast
and options for background signal suppression.

This chapter discusses ZTE imaging in detail, along with
a number of other closely related techniques. The presenta-
tion covers sequence aspects, image reconstruction, hard-
ware requirements, and applications.

The Dead-Time Gap

Both the key advantages and the main challenges of ZTE
imaging are associated with RF excitation after the readout
gradient has been switched on and is at full strength. It is this
strategy that secures immediate gradient encoding at full
k-space speed. However, it also renders the technique blind
to the stretch of k-space covered during the RF pulse and to
the period required to switch from RF transmission to signal
reception. The different contributions to this dead-time are
illustrated in Fig. 5.2. The RF pulse contribution amounts to
the fraction of the pulse duration that extends beyond the
magnetic center of the pulse, which is the actual center for
symmetric waveforms of constant frequency. After the RF
pulse, switching to receive mode requires either detuning the
transmit coil and tuning the receive coil or, with a transmit-
receive coil, redirecting the RF path by the use of a transmit-
receive (T/R) switch. Beyond the immediate duration of
these processes, spikes, and transients that corrupt the
received signal often add to the dead-time. Finally, additional
time is lost due to bandpass filtering for data decimation,
which requires a lead-in time that is related to the net filter
length.

RF pulse T/R switching

Fig.5.2 Contributions to the initial RF dead-time of the ZTE sequence.
For symmetric RF pulses of constant frequency, the magnetic center is
located at the pulse center, so only half of its duration contributes to the
dead-time. During transmit-receive (T/R) switching, the MR signal is
corrupted by spikes and transients. Following these RF events, fully
filtered and uncorrupted data are only available after the lead-in time of

Filter lead-in

DW DWoy

the digital filter, corresponding to half of its length in the case of a
symmetric filter with a finite impulse response. The dwell time DW = 1/
BW corresponds to the bandwidth (BW) in the target FOV, according to
Nyquist, whereas DWqy is smaller and associated with radial
oversampling. (Adapted with permission from Ref. [1])
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The total dead-time causes an initial gap in the acquired
data, which, for the radial center-out ZTE encoding scheme,
corresponds to a spherical void in the center of k-space (see
Fig. 5.1b). The size of this gap is typically indicated in terms
of Nyquist intervals dk = 1/FOV, where FOV is the field of
view. With simple Fourier reconstruction, the k-space gap
causes low-frequency artifacts in the reconstructed images.
A variety of approaches have been developed to address
these.

Minimizing Dead-Time

The first and natural strategy is to minimize each dead-time
contribution. For a given flip angle, the duration of the RF
pulse can only be reduced by increasing RF power, an
approach constrained by hardware specifications and limits
for specific absorption rate (SAR). Alternatively, the dead-
time contribution of a long RF pulse can be greatly reduced
by splitting the pulse into short sub-pulses interleaved with
data acquisition as is done with the sweep imaging with
Fourier transform (SWIFT) technique [10] (see section
“Sweep Pulse”). As a third option, the dead-time contribu-
tion of continuous, long RF pulses can be avoided by using
pulse-encoded ZTE [11], which involves slight variation of
the pulse and algebraic reconstruction (see section “Sweep
Pulse”).

Decreasing the duration of T/R switching requires
improvements in the electronics (see section “RF Chain™)
and, potentially, suppression of coil ringdown [12-15],
depending on which transients are dominant.

The filter lead-in time can be minimized to a certain
degree by means of filter design. In addition, it can be very
effectively reduced by increasing the filter bandwidth and
corresponding oversampling, albeit at the price of more data
entering image reconstruction. This drawback can be greatly
mitigated by multi-rate data acquisition [16], which limits
oversampling to the vicinity of switching events.

WASPI

Spherical
k-space void

Fig. 5.3 Techniques to fill the spherical k-space void caused by the
dead-time gap in ZTE data. WASPI, PETRA, and HYFI all provide the
missing data using additional acquisitions at lower gradient strengths.
However, these techniques differ in acquisition timing and geometry. In
WASPI, a second set of radial acquisitions is performed with greatly

For given dead-time, the size of the k-space gap scales
linearly with the strength of the readout gradient. Hence,
irrespective of dead-time, the gap can be reduced by scaling
down the gradient. This, however, increases the time required
to cover the desired k-space range, which should not exceed
the shortest T, of interest to prevent image blurring due to
signal decay [17].

Providing Missing Data

Common Fourier reconstruction is applicable only when the
k-space gap is not more than dk/2, which limits the diameter of
the central void in k-space to one dwell. This is frequently not
possible using the measures listed above, and requires means
for filling the void that are not part of regular scanning.

One option is to fill the center of k-space by algebraic
reconstruction [18, 19]. Based on radial oversampling, this
approach achieves filling of the gap by finite support extrap-
olation (see section “Algebraic ZTE”). However, it is limited
to gaps up to approximately 3 dk.

For larger gaps, several techniques have been developed
to obtain the missing data by complementary acquisitions at
lower gradient amplitudes (Fig. 5.3). In water- and fat-
suppressed projection proton MRI (WASPI) [20], a second
set of radial acquisitions is performed with greatly reduced
gradient strength. This approach is very time-efficient but
results in a discontinuity in T,* weighting at the boundary of
the k-space gap, and this can impair depiction [21]. In point-
wise encoding time reduction with radial acquisition
(PETRA) [22], the data inside the gap are acquired in a sin-
gle-point fashion on a Cartesian grid [23]. Continuous T,*
weighting gives it better depiction fidelity; however, this is at
the expense of time with relatively inefficient single-point
acquisition. Hybrid filling (HYFI) [24] is intermediate
between these two options and combines a core of Cartesian
single-point sampling with surrounding concentric shells,
which are radially sampled.

HYFI

reduced gradient strength. In PETRA, the k-space inside the gap is
acquired single-pointwise on a Cartesian grid. HYFI consists of a
Cartesian single-point core surrounded by several radially acquired
shells. (Adapted with permission from Ref. [24])
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Notably, single-point acquisition in central k-space as
used by PETRA and HYFI implies a finite TE, with its lower
limit determined by the minimum dead-time. This finite TE
is associated with some loss in short-T, sensitivity, but it
also introduces valuable contrast options (see section
“Contrast”).

Simultaneous RF Operation

In view of the effort required to address the k-space gap, an
ideal solution would be to avoid the gap in the first place. To
this end, efforts have been made to perform RF excitation
and acquisition simultaneously, and thus remove the need for
RF switching. One approach is based on sideband modula-
tion [25], or, equivalently, two-photon excitation [26]. This
permits spectral decoupling of the transmit and receive
chains and has been successfully used for imaging with
simultaneous excitation and acquisition [27, 28]. However, it
comes with a trade-off in terms of transmit and receive effi-
ciency and thus between SAR and signal-to-noise ratio
(SNR). A second approach is decoupling by exact cancel-
ation of cross-talk, which has also been used in imaging
experiments [29-31] but it is challenging at regular transmit-
ter power, particularly in vivo where motion and physiology
can cause the coupling to fluctuate. Because of these con-
straints, simultaneous RF operation has not yet reached rou-
tine use.

Excitation

Another challenge posed by the ZTE sequence is the unifor-
mity of RF excitation. The spectral selectivity of the excita-
tion must be contained to prevent artifacts due to inconsistency
of data obtained using different gradient directions [32]. To
address this, the spectrum of the RF pulse must cover the
band of Larmor frequencies induced by the readout gradient
with sufficient uniformity. This requirement leads to a par-
ticular entanglement between signal bandwidth, flip angle,
pulse duration, dead-time (see section “The Dead-Time
Gap”), transmit power, and SAR.

Hard Pulse

The traditional ZTE sequence uses a hard pulse, i.e., a pulse
with constant amplitude and frequency that is short enough
to uniformly excite the imaged object (Fig. 5.4a). As a rule of
thumb, for robust uniformity, the pulse duration should not
exceed approximately DW/3 [33], where DW = 1/BW is the
Nyquist dwell time and BW is the signal bandwidth across

a Hard pulse
== Dead-time

AQ

b Sweep pulse

amp /_\

/
S

AQ

freq

C Pulse encoding

amp J \

AQ

d SWIFT

amp . - - .

freq
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-

DW

Fig. 5.4 Different excitation strategies for ZTE-type imaging. (a) The
simplest, traditional approach is a hard pulse. It must be sufficiently
short to excite the full bandwidth spanned by the readout gradient over
the FOV that potentially limits the achievable flip angle. (b) Using a
frequency-swept pulse instead renders the bandwidth independent of
the pulse length, thus allowing larger flip angles. However, the pulse
duration is limited by the acceptable total dead-time. (¢) With pulse
encoding, the contribution of the pulse to the dead-time can be elimi-
nated, enabling much longer sweep pulses. This is achieved by employ-
ing slightly different pulses in successive excitations, e.g., with small
frequency offsets. (d) Very long frequency-swept pulses are used with
the SWIFT technique, where excitation and acquisition are performed
quasi-simultaneously by alternating between the two modes of opera-
tion. A downside to this approach is that two dead-times occur for each
pulse interval which reduces both the RF and the acquisition duty
cycles. Furthermore, the switching rate is governed by the Nyquist
dwell time DW, thus limiting the achievable bandwidth

the FOV. However, in practice durations up to about DW can
also provide useful results although they may need appropri-
ate correction during image reconstruction (see section “RF
Pulses”).

When shortening a hard pulse to meet bandwidth require-
ments, its power must be increased in proportion to the
inverse square of its duration to maintain an optimal flip
angle. With strong readout gradients this demand may exceed
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the power limits of the transmit chain. In this case, a feasible
hard pulse may miss the optimal flip angle, resulting in a loss
of SNR and/or T, contrast. In addition to hardware limits,
SAR limits must be observed. At a fixed flip angle, the SAR
of a block pulse increases in proportion to the inverse of its
duration, which can become limiting in high-bandwidth
applications (see section “High Bandwidth”).

Sweep Pulse

The strict relationship between pulse duration and band-
width is overcome by frequency modulation, particularly by
pulses with a frequency sweep, which provide approxi-
mately uniform spreads of power in the time and spectral
domains (Fig. 5.4b) [34, 35]. This enables the use of longer
pulses to achieve higher flip angles. Notably, the SAR of
frequency-swept pulses does not depend on the pulse dura-
tion but only on flip angle and bandwidth. However,
increased pulse duration does add to the total dead-time,
which may exceed the feasible range for algebraic recon-
struction. It also increases the time required for filling the
k-space gap by complementary acquisition (see section
“Providing Missing Data”).

One solution to this problem is to perform frequency-
swept excitation and data acquisition in a rapidly interleaved
fashion, as done in the SWIFT technique [10] (Fig. 5.4d).
The rate of interleaving matches the pulse bandwidth, and
each pair of pulse and acquisition intervals includes two RF
switching operations. This approach reduces the pulse-
related dead-time to half the duration of a sub-pulse and
enables the use of sweep pulses of arbitrary length. As it
involves frequent alternation between transmit and receive
operation, it particularly benefits from rapid T/R switches,
which favor both the achievable bandwidth and the net acqui-
sition time [36].

For long, continuous sweep pulses the dead-time penalty
has been addressed by pulse encoding [11], which uses an
algebraic reconstruction framework and accounts for the
full-pulse waveform (see section “RF Pulses”). The condi-
tioning of this signal model benefits greatly from the succes-
sive use of two pulses that cover the same bandwidth but
with different phase modulation, e.g., due to a small mutual
frequency offset (Fig. 5.4c). Although at first sight this comes
at the price of doubling the scan time, SNR efficiency is nev-
ertheless maintained, and various sequence modifications are
possible to circumvent this issue.

As an important note, rapid transverse relaxation during
extended RF excitation does not entail signal loss if the pulse
is appropriately taken into account during image reconstruc-
tion [11].

Reducing Gradient Strength

When the excitation bandwidth reaches power or SAR lim-
its, it may be reduced by using a lower gradient strength dur-
ing the application of the RF pulse and only ramping up the
gradient to full strength thereafter. This intermediate
sequence between ZTE and UTE has been suggested for
gradient-modulated PETRA [37], ramped hybrid encoding
(RHE) [38], and gradient-modulated SWIFT [39]. Its benefit
in terms of excitation bandwidth comes with a certain trade-
off against effective resolution at very short T, values, and
potential eddy current effects due to gradient ramping. For
high-bandwidth applications (see section “High Bandwidth”),
even reduced ramp times may be too long. In these regards,
too, the ramped approach covers a middle ground between
ZTE and UTE imaging.

Image Reconstruction

Generally, image reconstruction amounts to inverting all rel-
evant encoding that the recorded signal experienced, be it
from dynamic gradient fields or fields of other spatial order,
static fields, RF coil sensitivities, or RF pulses. In an alge-
braic formulation, the linear model s = Ep describes how the
signal s is obtained from spin density p by the application of
the encoding matrix E, assembling all the contributions men-
tioned above [40]. The image p = Fs is then obtained by the
application of the reconstruction matrix, typically calculated
as the pseudoinverse F = E*.

The actual content of E, as well as the particular algo-
rithm used to calculate p viaF, strongly depend on sequence
design and experimental setup, and only those aspects that
are specific for ZTE imaging are described below.

Algebraic ZTE

From data obtained with the basic ZTE sequence shown in
Fig. 5.1, the algebraic approach enables reconstruction of
artifact-free images for k-space gaps up to approximately
3 dk. To this end, oversampling is used during radial acquisi-
tion (Fig. 5.5a), and image reconstruction is based on the
assumption that all signal originates strictly from inside the
reconstructed FOV. Jointly with oversampling, this assump-
tion enables so-called finite support extrapolation [41] into
the k-space gap, as illustrated in Fig. 5.5b. At the level of
encoding functions, it can be understood as the ability to
approximate the missing low harmonics by linear combina-
tion of the harmonics associated with the actually acquired
data, provided that it is oversampled.
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Fig. 5.5 Principles of algebraic reconstruction (AR) in ZTE imaging.
(a) ZTE data acquisition scheme in 3D k-space, represented by a 2D
plane through the center. Data points, as required according to the
Nyquist criterion for the chosen FOV, are at distance apart dk. From
these points, the acquired data are shown in black, while missing data
are shown in red. Additional data points acquired due to radial
oversampling by a factor ov (which is two in this case) are shown in
green and result in an actual sampling distance dk,, = dk/ov. The result-
ing gap in k-space leads to an empty central sphere, which has a radius
of 2.5 dk in the case shown. The grey bar indicates all data points
involved in the AR of a 1D projection. (b) Encoding functions involved
in the acquisition and AR of a 1D ZTE projection. The k-values are
given in units of Nyquist intervals dk. Each encoding function corre-

In principle, the described reconstruction could be directly
applied to the complete ZTE data set, resulting in a 3D image.
However, the associated matrices would usually be impracti-
cally large, prompting iterative approaches [42], yet with
potentially slow convergence related to suboptimal condition-
ing introduced by the gap. Alternatively, in the present case of
pure radial sampling, the finite support extrapolation can be
limited to 1D treatment of two opposite k-space spokes.
Hence, in the signal model, p describes a 1D projection of the
3D object, and s assembles data obtained with identical gradi-
ent strength but opposite polarities. In the encoding matrix E,
each row holds the harmonic function associated with a data
sample, initial rows are missing due to the dead-time gap,
additional rows are inserted by oversampling, and the finite
FOV is reflected by the length of the rows.

The complete ZTE reconstruction procedure is illustrated in
Fig. 5.6, where the projections obtained by 1D algebraic recon-
struction are Fourier-transformed back to k-space, followed by
standard 3D gridding [43]. As 3D radial data have a highly
nonuniform k-space density, an appropriate correction must be
applied, and this is done efficiently using the rho filter [1].

Unfortunately, the algebraic approach is limited to gaps
up to approximately 3 dk, as conditioning of the encoding
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sponds to a data point in (a), while only the central part of the positive
k-space half is shown. The continuous spatial representation is depicted
in a range covering twice the FOV, corresponding to twofold oversam-
pling. The encoding functions as actually employed during data acqui-
sition and used for AR are shown in black and green. The red ones are
missing due to the gap, and are implicitly replaced by the effective
encoding functions during AR. It can be anticipated that within the
FOV, the encoding functions added by oversampling are not orthogonal
to the Nyquist set and are therefore able to serve for creating the miss-
ing functions by linear combination. Hence, the assumed band limita-
tion of the signal and the applied oversampling are the basis for enabling
AR of ZTE data, thus involving finite support extrapolation of the miss-
ing data [41]. (Adapted with permission from Ref. [44])

matrix deteriorates with increasing gap size. This strongly
penalizes the presence of background signal and enhances
noise [44].

In this context, parallel imaging can play an interesting
supporting role, where the extent of the coil footprint in
k-space is utilized to expand the maximum possible gap
size [45].

ZTE with Gap-Filling

Reconstructing images for ZTE-based techniques using
additional acquisitions to fill the k-space gap, such as
WASPI, PETRA, and HYFI (see section “Providing Missing
Data”), is more straightforward. As in the 3D part of alge-
braic ZTE, data are fed into a 3D gridding procedure.
However, as the k-space patterns obtained with gap-filling
are less regular than with pure radial sampling, more atten-
tion needs to be paid to density correction. In principle, the
latter is performed inherently when using iterative gridding
algorithms [42]. However, convergence can considerably be
improved by including pre-calculated density correction
functions [46].
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For pulse-encoded ZTE [11], at least two different pulse
shapes are assembled in one encoding matrix, thus combin-
ing gradient and pulse information during image reconstruc-
tion. In this way, pulse knowledge and finite support
assumption are jointly used to enable generation of the data
missing in the dead-time gap.

Purely radial encoding schemes (e.g., algebraic ZTE,
WASPI, or SWIFT) offer the advantage that pulse-based
image reconstruction can be limited to 1D before 3D grid-
ding (cf. Fig. 5.6). For the less regular patterns of PETRA
and HYFI, more involved approaches are necessary to com-
bine pulse correction with 3D reconstruction [34].

- | b o

c d

Fig. 5.6 Overview of algebraic reconstruction (AR) in ZTE imaging.
One acquisition provides oversampled data with an initial gap. From
two acquisitions of opposite gradient polarity (a), a 1D projection (b) is
obtained by AR. The corresponding k-space data with both the gap and
the oversampling removed (c) are obtained by inverse Fourier transform
(IFT). N such k-space profiles with different projection directions are
assembled (d) and interpolated onto a Cartesian grid (e) by a standard
gridding procedure. The final 3D image (f) is obtained by 3D FT. The
gray background indicates the k-space domain. (Adapted with permis-
sion from Ref. [19])

RF Pulses

As discussed in section “Excitation,” RF excitation plays an
unfamiliar role in ZTE imaging. In particular, it can affect
signal encoding and may need to be considered in image
reconstruction.

Hard pulses which are sufficiently short to provide
largely uniform excitation can be neglected. However,
longer hard pulses that introduce spatially dependent
signal weighting need to be included in image recon-
struction to limit errors arising from inconsistency in the
data set [32].

Sweep pulses always have stronger encoding properties
due to the typically approximately quadratic phase in their
spectrum. They can either be directly included in the signal
model [34, 35] or taken into account in the image domain by
means of deconvolution [10].

Further Sequence Aspects

Apart from the main properties of the ZTE method, there are
a few further aspects in which it differs from standard MRI
techniques:

Gradients

One beneficial property of the ZTE sequence is that switch-
ing gradients on and off between TR intervals can be avoided,
and only the subsequent radial direction must be prepared. In
this way, acoustic noise is greatly reduced and eddy currents
are minimized.

However, this mode of operation precludes the implemen-
tation of standard gradient spoiling where the same gradient
integral per dimension in physical space is applied during
each TR. Hence, the destruction of unwanted coherences
must be achieved by extending the readout gradient and
introducing randomization in the order of the radial
directions.

Apart from the spoiling aspect, the selection and order of
gradient directions also determine the angular distance
between successive spokes and hence the required slew rate,
which, in turn, affects the acoustic noise. Moreover, in some
cases, interleaving of packages of equal k-space coverage is
desired, e.g., for motion correction [47] or contrast prepara-
tion (see section “Contrast”). To serve these requirements,
several selection algorithms have been proposed [48-52].

Repetition Time

The simple structure of the ZTE sequence without gradient
switching, with a high acquisition duty cycle and usually
short encoding durations, has the potential to achieve very
short TRs, down to a few hundred microseconds [53]. This
feature matches well the limitations with respect to achiev-
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able flip angles (see section “Excitation”), and so Ernst angle
operation may still be feasible.

Notably, in this low flip angle, short TR regime, both SNR
efficiency and SAR are independent of TR when the flip
angle is adjusted accordingly [1].

Geometry

For pure radial frequency encoding, there is no particular
readout dimension in which bandwidth-limited filtering can
be applied to restrict the FOV. Hence, to avoid aliasing, the
encoded FOV must cover the entire object, which may require
more encoding effort than with conventional sequences.

For isotropic encoding, the 3D FOV of ZTE images is
spherical, which may not be optimal for a given object shape
or anatomy. As a simple solution, different gradient strengths
may be selected per dimension, leading to an ellipsoidal FOV
with anisotropic resolution. Alternatively, encoding may be
designed to choose FOV and resolution independently [54].

Radial encoding also complicates imaging with an off-
centered FOV, as frequencies need to be adapted for each gra-
dient direction [19]. For excitation, this means that the carrier
frequency of each RF pulse must be set independently. For
data acquisition, the receiver frequency of each TR interval
must be adapted accordingly, or, alternatively, radial overs-
ampling can be performed and the off-center can be applied
by data demodulation during image reconstruction.

Contrast

With zero TE and potentially small excitation flip angles (see
section “Excitation”), there is limited intrinsic contrast in

Fig.5.7 T,* mapping in
MnCI2 solutions with rapid
transverse relaxation
(~50-1500 ps). First three
columns: series of HYFI
images taken at different
TE = dead-time of 55, 100,
200, 400, 600 ps (only a
subset is displayed). Last
column: maps of transverse
relaxation times obtained by
pixel-wise fitting the signal
decay. (Adapted with
permission from Ref. [24])
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ZTE images, which often exhibit predominantly spin density
weighting. Therefore, different ways of adding contrast to
ZTE data have been developed [55].

Having TE = 0 means that kK = 0 data—which dominate
contrast—are obtained without any T,* weighting.
However, k-values at increasing distance from the center do
experience signal decay. Hence, by making gradients
weaker and readouts longer, some T,* weighting can be
introduced [19]; however, this is associated with increased
blurring. As mentioned previously (see section “Providing
Missing Data”), the ZTE variants with SPI-based gap-fill-
ing (PETRA and HYFI) have a finite TE, which also offers
control of T,* weighting by increasing the dead-time above
the technical minimum [24]. At unmodified gradient
strength, this approach increases the k-space gap and thus
scan time, which can be avoided by using weaker gradients,
although this leads to longer readout durations. For longer
TEs, it is more practical to create echo-based images by
either inverting gradients [22, 56] or applying echo shifting
[57]. Data with different TEs allow emphasizing short-T,
components by image subtraction or model-based quantifi-
cation of component T,* and amplitudes. As an example,
Fig. 5.7 illustrates T,* mapping of samples with sub-milli-
second T,s.

Another approach is to create contrast using magnetiza-
tion preparations, such as inversion recovery, long-T, sig-
nal suppression, diffusion weighting, or magnetization
transfer [58]. As these preparations usually take much lon-
ger than a ZTE TR, multiple TR intervals should follow
the preparation in a segmented fashion to make the
sequence time-efficient. Figure 5.8 shows such an exam-
ple, where long-T, suppression of water and/or fat signals
is used to create positive short-T, contrast in musculoskel-
etal (MSK) MRI.

(0] 500 1000 2000
TE [ps] . % 2

us

55 200 600
o
o
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muscle
bone bone

Gradient echo

Fig. 5.8 Generating contrast in ZTE imaging by magnetization prepa-
ration demonstrated on an excised lamb joint. (a) Non-prepared ZTE
image showing primarily proton density and some T, contrast. (b) In
gradient echo imaging, signals from short-T, tissues are reduced, par-
ticularly those from cortical bone. (¢) With ZTE imaging using fat sup-
pression, both short- and long-T, water signals remain. (d) Selectively
suppressing long-T, water in the ZTE images removes signals from
cartilage and muscle, and fat signal dominates the image. (e)

Hardware

Overall, the concept of setting the read gradient before RF
excitation moves some of the demands on MRI hardware
from the gradient system to the RF chain, but it also poses
some specific challenges on the gradient side.

RF Chain

Minimizing the contribution of T/R switching to dead-time
is key for successful and efficient ZTE imaging (see section
“Minimizing Dead-time”). To this end, several designs that

Water sup

e Fat+ watersup

Suppressing both fat and long-T, water results in positive contrast for
short-T, tissues, showing primarily trabecular and cortical bone. The
remaining high fat signal (right) indicates its imperfect suppression due
to local off-resonance. Note that also in trabecular bone, fat suppression
may be imperfect due to local off-resonance at tissue interfaces, which
could be improved by inversion recovery-based presaturation. (f) In the
CT reference image, strong similarities with the MRI data in (e) are
observed. (Adapted with permission from Ref. [66])

minimize spikes and transients have been developed to bring
switching times down to the low microsecond range [59—61].
The particular need and challenge are to realize rapid switch-
ing at high power (i.e., in the kW range) and so enable suf-
ficiently short RF pulses (see section “Excitation”).

The ability to detect signals with very short T,s also
applies to the materials of the MR scanner, in particular com-
ponents of, and near the RF coils (Fig. 5.9). To avoid associ-
ated artifacts and additional restrictions on the imaging
protocol, ideally the materials used for coil construction
should not contain the observed nucleus [62—-64]. For proton-
based MRI, suitable materials are nonmagnetic metals, glass,
and fluorinated polymers.
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Fig.5.9 Background signal in ZTE imaging. Images of a human head
were acquired at 7 T using a T/R birdcage RF coil. Numerous extraneous
signals were detected, including those from very short-T, materials of
the RF coil and cables, the head support, and the patient table. The
unwanted signals require encoding a large FOV to prevent aliasing,
particularly with algebraic ZTE, where out-of-band signal can be
strongly enhanced (see section “Algebraic ZTE”). Within the head,
nonuniformities typical with 7 T imaging are observed. (Adapted with
permission from Ref. [1])

Console

Short and possibly modulated RF pulses as well as tight
sequence timing require sequence definition with temporal
resolution in the microsecond range and below. This require-
ment may not be fulfilled on commercial MR systems but is
enabled in more advanced devices [53].

On the receiver side, high acquisition bandwidths up to
the MHz range are necessary to cover signals sampled at
large gradient strength (see section “High Bandwidth”)
potentially with oversampling (see section ‘“Providing
Missing Data”). Moreover, in conjunction with high spatial
resolution and array detection, 3D acquisition with oversam-
pling yields very large quantities of data that need to be han-
dled and stored. Furthermore, minimization of the dead-time
contributed by digital filtering (see section “Minimizing
Dead-time”) benefits from improved performance and flexi-
bility in the receiver system [16].

Gradient System

Unlike conventional MRI and UTE imaging, the quasi-
continuous gradient operation with ZTE sequences means

M. Weiger and K. P. Pruessmann

that slew rate is of ancillary importance and only affects the
minimum possible TR. On the other hand, high gradient
strength is crucial to achieving high spatial resolution for
samples with short T,s (see section “High Bandwidth”).
Moreover, continuous operation requires a full duty cycle,
which is a rather uncommon criterion for gradient systems
but has been realized in a dedicated design [65].

Applications

The key parameter in application protocols is the signal
bandwidth, as it affects both dead-time gap and RF excita-
tion. The bandwidth is governed by the targeted spatial reso-
lution and T, values according to BW ~ M/2/T,, where the
temporal range of data acquisition is limited to approxi-
mately T, to contain blurring [1, 17], and the image matrix
size M characterizes the resolution independent of object
size. With this key role, bandwidth requirements can be used
to assign applications to the two somewhat distinct groups
described below.

Moderate Bandwidth

For many typical short-T, applications, the bandwidth
amounts to a few hundred kHz. For example, with the rule of
thumb given above, T, = 400 ps and M = 200 lead to
BW = 250 kHz. The necessary gradient strength is often
available on commercial systems, even at full duty cycle. For
the previous example, a FOV of 20 c¢m requires a gradient
strength of 29 mT/m. Depending on the specifications of the
RF chain, k-space gaps may be small enough to employ alge-
braic ZTE. Otherwise, gap-filling with relatively low over-
head should be possible. Figure 5.10 shows four such
applications from MSK, pulmonary, dental, and head MRI.

For applications in this category, usually UTE imaging
can also be employed. Possible benefits of the ZTE tech-
niques include improved short-T, sensitivity due to higher
initial k-space speed, greater robustness against eddy cur-
rents, and much reduced acoustic noise.

High Bandwidth

With very short target T,s (e.g., below 100 ps) and/or higher
resolution, higher bandwidth is required reaching into the
MHz range. Hence, a new regime is entered concerning
hardware and methodological requirements, which are usu-
ally not provided on today’s clinical systems. However,
employing dedicated hardware such as high-performance
gradients (see section “Gradient System”) and rapid T/R
switches (see section “RF Chain”) as well as appropriate
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patellar
tendon

Fig. 5.10 Selected short-T, applications with moderate signal band-
width (BW) obtained with algebraic ZTE MRI. (a) MSK: human knee
acquired at 7 T with isotropic spatial resolution of 0.75 mm and
BW =250 kHz in 4 m 17 s. (Reproduced with permission from [64]).
(b) Pulmonary: mouse lung acquired at 4.7 T with a spatial resolution
of 0.31 mm and BW = 200 kHz in 4 m 30 s using respiratory gating.
(Reproduced with permission from [67]). (¢) Dental: excised human

excitation (see section “Sweep Pulse”) and efficient acqui-
sition schemes (see section ‘“Providing Missing Data”)
enables applications in this extreme regime. The benefits of
using high bandwidths in short-T, MRI are illustrated in
Fig. 5.11.

enamel

lesion

dentine

‘\\\ bone

pulp

tooth acquired at 11.7 T with a resolution 0.13 x 0.13 x 0.18 mm?* and
BW =200 kHz in 21 m 18 s. (Reproduced with permission from [68]).
(d) Head: Human head acquired at 3 T with a resolution of 1.04 mm and
BW =300 kHz in 19 m 28 s. T,-weighting was achieved by employing
pulse-encoded ZTE with a sweep pulse of 35 ps duration. (Adapted
with permission from Ref. [11])

A particularly promising application in vivo is the direct
depiction of the myelin bilayer where most of the signal has
an ultrashort T, (see Chap. 41 “Myelin Bilayer Imaging”).
The particular challenges of using high bandwidths in vivo
are SAR limitations, which also ultimately constrain SNR.
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Fig.5.11 Selected short-T,
applications with high signal
bandwidth (BW) acquired at
3 T. (a) Materials: PMMA
(polymethylmethacrylate)
sample with T, & 10 ps
acquired with isotropic spatial
resolution of 0.7 mm,

BW =20011000 kHz, and

G =401200 mT/m. Actually,
resolving the grid structure
requires high bandwidth.
(Adapted with permission
from [69]). (b) Bone: portion
of bovine tibia with

T, =~ 150 ps acquired with
resolution of 0.4 mm,

BW = 1581766 kHz, and

G =411200 mT/m. Fine
details are only resolved at
high bandwidth. (Adapted
with permission from [69]).
(¢) Mummy: mummified foot
specimen from about
1550-1100 BC acquired with
resolution of 0.6 mm,

BW = 1125 kHz, and

G =98 mT/m. (Adapted with
permission from Ref. [70])

200 kHz

Conclusion

Overall, ZTE imaging plays an increasingly important role
in short-T, MRI due to its particularly high sensitivity to the
targeted species and its general robustness. The key to suc-
cessful deployment has been developments which overcome
specific methodological and hardware challenges. With these
advances, applications that give MRI access to a new range
of tissues and materials have become possible.

M. Weiger and K. P. Pruessmann

1000 kHz
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Pointwise Encoding Time Reduction
with Radial Acquisition (PETRA) MRI

David Grodzki

Introduction

As discussed in previous chapters in this book, there are two
different general approaches to imaging of species with
short T,s. The first approach is UTE (ultrashort echo time)
imaging in which radiofrequency (RF) pulses are applied
initially, and then gradients are ramped up to a constant
value during the readout. The second approach is ZTE (zero
echo time) imaging in which the readout gradients are
switched on initially, and after they are fully ramped up, the
RF pulse is applied. This is the reverse order of what is used
with UTE. During the readout, both approaches acquire
k-space with radial center-out projections in order to acquire
data as quickly as possible. With UTE imaging, there is a
delay from the end of the RF pulse to the beginning of
k-space encoding (which usually starts on the ramp-up of
the gradients). With ZTE imaging, k-space encoding and
data acquisition are not possible during the application of
the RF pulse and the time required to switch from transmit
to receive mode so that the central region of k-space (begin-
ning at the middle of the RF pulse) is not mapped, and map-
ping of this is done algebraically or using an additional
separate acquisition.

UTE acquisitions allow flexible TE settings, e.g., for T,"
quantification and 2D acquisitions as well as flexible
flip angles such as used with conventional sequences. On the
other hand, since the gradients are already ramped up before
the RF excitation, no time is lost during ramping of the gra-
dients with ZTE, and encoding effectively starts in the mid-
dle of the RF pulse. Thus, looking at each k-space point,
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encoding times with ZTE are shorter, and less signal is lost
due to T, decay during the acquisition. Also, potential gradi-
ent delays or eddy currents during gradient ramping, which
can significantly decrease the robustness of UTE acquisi-
tions, are not relevant with ZTE sequences. Nevertheless,
ZTE scans are limited to 3D imaging and generally to very
short hard RF pulses with limited flip angles.

Another aspect of ZTE imaging is the need for extremely
short hardware switching times between the end of the RF
pulse and the beginning of the readout (called T hardware
[Tyw] in this chapter). As the encoding starts in the middle of
the RF pulse, early k-space points during the readout are
missed because of the time required for switching, as illus-
trated in Fig. 6.1. In any case, the first k-space point—which
is at the center of k-space—cannot be acquired, because it
would need to be measured in the middle of the RF pulse. As
described in previous chapters of this book, algebraic recon-
struction of the missing points can be used, but it becomes
ineffective if the missing gap in k-space is larger than four
points [1]. Thus, to allow algebraic reconstruction and imag-
ing with ZTE, Ty needs to be well below 10 ps with typical
MR system settings.

On clinical scanners using standard coils, switching times
as short as 10 ps are not usually achievable, so ZTE cannot
be applied. To overcome this, the goal of the PETRA
sequence [2] is to achieve the shortest possible encoding
time given the hardware limitations of the MR system and to
produce viable and robust scans on every MR scanner with
every coil setup without need for fast hardware switching
times.
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Fig. 6.1 [Illustration of a ZTE

repetition. Tyw describes the T
time that the hardware X
requires to switch from

RX

transmit mode (TX) to receive
mode (RX). TE is defined as

TX/RX

the time measured from the
middle of the RF pulse to the
beginning of the acquisition.

Because encoding of spins
effectively starts in the middle
of the RF pulse, k-space
points from there up until the
end of Ty are missed

Thw

TE

The Petra Acquisition

In order to completely fill the missing points of a ZTE acqui-
sition independent of scanner switching times, the PETRA
sequence utilizes a combination of radial and Cartesian
acquisitions, as shown in Fig. 6.2.

The outer radial part of the sequence is similar to the ZTE
sequence. The radial spokes are evenly distributed over a
sphere in k-space as described by Saff and Kuijaars in refer-
ence [3] using the trajectory described by Nielles-Vallespin
et al. in reference [4]. After the gradient ramp-up, a hard low
flip angle pulse is applied and the readout is started at the
earliest possible time, as indicated in Fig. 6.1. As with ZTE,

the applied absolute gradient strength |G| is kept constant

during the radial part, while the direction of G changes with
each repetition. As encoding of spins starts at = 0 at the
middle of the RF pulse, k-space values with |k | < k* where
k= y|G‘|TE 6.1)
cannot be measured because they would require data acquisi-
tion before the hardware is ready for this. The missing points
in the middle of k-space are essential both for image recon-
struction and to achieve high signal-to-noise (SNR) ratios.
With the PETRA approach, the missing points are
acquired pointwise in the central Cartesian part of the
sequence. In general, every Cartesian k-space value that lies
within the sphere where |k| < k* is measured. The Cartesian
measurement runs similar to single-point ramped imaging
with T, enhancement (SPRITE) sequences as described in
references [5-7]. In this part of the sequence, gradients are
ramped up before the RF pulse is applied and one single
point is acquired at ¢+ = TE. To measure a certain k-space
point £ with |k| < k*, the gradient strength in each spatial
direction is given by

|~

G= (6.2)

S

4

Gradients

K-Space

Fig. 6.2 Diagram of PETRA k-space mapping. The acquisition in the
outer k-space parts is radial and is similar to a ZTE acquisition, while
the acquisition in the inner k-space points is Cartesian and is acquired
pointwise. (Reproduced with permission from Ref. [2])

All gradients are zero for k =0and so a free induction
decay (FID) signal is acquired at this point with # = TE.
While in the radial part of the sequence the absolute gra-

dient strength |é| is kept constant, in the Cartesian part, the

encoding time is kept constant. Equations 6.1 and 6.2 imply
that the applied gradient strength in the Cartesian part of the
sequence is always lower than the gradient strength used dur-
ing the radial part of the sequence. In our implementation,
only one k-space point is acquired at each Cartesian readout.
Figure 6.3 illustrates the encoding times for the PETRA
sequence. It is important to note that due to the combination
of the Cartesian single-point acquisition with the radial
acquisition, there is no discontinuity in the encoding time.
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TEnc

TE]

0 k* kmax

Fig. 6.3 Illustration of encoding time (Tg,) Vs k-space number for
UTE and PETRA acquisitions. PETRA has shorter encoding times at
every k-space point. The encoding time for PETRA is constant in the
Cartesian part of the sequence for k < k” and increases linearly during
the radial acquisition. (Reproduced with permission from Ref. [2])

This also means that the phase evolution is continuous which
is different from methods like WASPI and is an important
factor in ensuring robustness during PETRA acquisitions.

Due to the additional Cartesian acquisition part, the
PETRA acquisition time is longer than the ZTE acquisition
time. As an example, for a matrix size of 256°, FOV = 300
mm, TE = 70 ps and a gradient strength of 8§ mT/m, around
1400 points need to be acquired in the Cartesian part. This
compares to usually around 50,000 spokes in the radial part
and corresponds to an increase in scan time of less than 3%.
To resolve faster relaxing signals, a higher gradient strength
may be needed to shorten the total readout time in the radial
part. In this case, more data points are missed in the center of
k-space, and these need to be sampled in the Cartesian way
which prolongs scan time.

In principle with PETRA, TE could be set to any value
longer than Ty plus half of the pulse duration. This is not
possible with the ZTE sequence. For longer TEs with
PETRA, more points need to be acquired in the Cartesian
part of the sequence, and scan times can get significantly lon-
ger. For this reason, TE is usually set to the shortest possible
value.

At the end of each repetition, spins need to be completely
spoiled. The contrast resembles that of FLASH (fast low
angle shot) and ranges from proton density to T}, depending
on the TR and flip angle. For a given tissue with known val-
ues of T, and proton density, signal arising from the tissue
can be approximated by the Ernst equation.

In vivo there are usually different proton pools with a
wide variety of different T,"s present in each voxel. To obtain

an image that only contains signals from tissues with short
T,s, two methods have been proposed in the literature: firstly,
use of T,-selective pre-pulses to suppress tissues with longer
T,s [8-10]. In reference [11], an improved suppression
method for the PETRA sequence is presented. The second
option is to reverse the gradient after the readout and refocus
the spins to produce a second echo at a second TE, TE,. With
this method, two images are produced in one measurement.
The two images can be subtracted, leaving only signals from
tissue with a short T,. In reference [12], the subtraction
method was found to be more reliable than the T,-selective
pre-pulse method. In our implementation, a second echo is
acquired with the PETRA sequence. Gradient directions are
inverted once the first half-projection is acquired, and spins
are refocused from a gradient echo at r = TE,. During the
second readout, a full projection is acquired. It is possible to
reconstruct the second echo with data acquired only from
radial spokes, as no gap arises in the k-space with this echo.

Image Reconstruction

In its current implementation, central k-space is filled using a
Cartesian grid. While the points acquired in the Cartesian
part of the sequence can simply be filled in their correspond-
ing positions, data handling for the radial part is more com-
plex. Before the radial spokes are mapped onto the Cartesian
grid, their values have to be weighted with a density matrix
[13]. The density matrix needs to be adapted to the density of
points in the Cartesian center of k-space. Also, if not enough
radial spokes are acquired and k-space is radially undersam-
pled, a certain level (or plateau) is reached in the outer part
of the density matrix. This can improve image quality at the
expense of image resolution. In our implementation, we use
a density matrix that adapts to these needs using the methods
described in reference [14].

According to the Nyquist criterion, the total number of
radial spokes Ngyies Needed is given by Ngyoes = 4TR* [4],
where R is the number of points acquired with each radial
half-projection. A matrix size of N = 256* in which R = 128
points are acquired at every half-projection would therefore
need Ngpores & 200,000 radial spokes. In practice, a value of
Nspokes 0f around 50,000 is used. The level of the plateau of
the density matrix is reached at point Rp of the readout. After
the density matrices are applied to the radially sampled data,
points are mapped onto the Cartesian grid using a Kaiser-
Bessel-Window [15] with a width of 3.0 and 5 = 4.2054,
which was used in reference [4]. For receiver channel combi-
nations, a weighted root-sum-of-squares algorithm is used
for image reconstruction.
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Correction of Unintended Slice Selectivity [1]

Many of the main sequences described in this book—includ-
ing the PETRA, ZTE, SPRITE and WASPI sequences—
apply a short hard pulse excitation while gradients are
switched on for each k-space spoke or point that is acquired
in the corresponding repetition. As an approximation, these
pulses are assumed to be infinitesimally short and completely
nonspatially selective so that effects of the pulse spectral
profile can be ignored.

However, in reality, the RF pulses have a finite duration
of, e.g., 3-20 ps, which is necessary to achieve sufficient
excitation within potential RF power amplifier (RFPA) or
SAR restrictions. This corresponds to a full width at half
maximum (FWHM) of the sinc-shaped spectral profile of
60-300 kHz. In the current implementation of the PETRA
sequence, a hard pulse with an effective duration of 14 ps is
applied, allowing flip angles of up to 6-8°.

With a finite pulse duration, the spectral bandwidth and
profile become important, and it becomes obvious that the
excitation is not truly nonspatially selective. A slice that is
defined by the spectral profile of the RF pulse and the gradient
constellation is excited. The thickness of the excited slice
scales inversely with readout gradient strength. Throughout
the sequence, this excited slice not only rotates when different
radial projections are acquired but also changes its thickness if
the gradient strength is changed. The bandwidth of the excita-
tion must be large enough to avoid unwanted slice selectivity
in the object. For the SWIFT (sweep imaging with Fourier
transformation) sequence, this means that the rectangular
excitation shape must cover the entire object at the applied
gradient strength. For hard pulse excitations, the FWHM
should be as large as possible to ensure a homogeneous excita-
tion. If the excitation bandwidth is not sufficient for the applied
gradient strength and FOV, the excitation is not homogeneous
over the object as demonstrated in the following Fig. 6.4.

The effect becomes more severe with higher readout gra-
dient amplitudes. High gradient amplitudes, however, are
required especially for acquisitions in which tissues with
extremely fast-decaying signals need to be imaged with data
acquired as rapidly as possible in order to reduce the signal
decay over the acquired k-space spoke.

The following simulation in Fig. 6.5 demonstrates the
effect of the slice selectivity with a PETRA sequence at dif-
ferent gradient strengths.

Assuming a one-dimensional object with the magnetiza-
tion distribution f{x) in image space, during an idealized MRI
scan, k-space F(k) is measured as

F(k)= Z:f(x)eikX

X

(6.3)

To obtain an MR image, k-space is inverse Fourier-
transformed to image space by

I(x) = ;F(k)e’ikx

(6.4)

e FOV —  wifa.u]

Fig. 6.4 Illustration of unwanted slice selectivity with hard RF pulse
sequences. If the bandwidth of the excitation is not sufficient, the
excitation is not homogeneous over the object, and a slice with a sinc-
shaped profile is obtained. The minimum of the profile within the FOV,
Pmin, is about 0.15 for line 1, 0.88 for line 2, and 0.98 for line 3.
(Reproduced with permission from Ref. [16])

and the image /(x) = f{x). The magnetization distribution f{x)
in Eq. 6.3 during nonselective excitation in the presence of
gradients is superposed by the spectral shape of the excita-
tion pulse P(x), and it is given by the Fourier transform (FT)
of the pulse shape in time domain p(z). The hard pulse
sequences use a rectangular excitation pulse p(7):

B.iflf|<7/2
p(t)={ pifhl <z (6.5)

0, elsewhere
with duration 7 and RF excitation field B,. In the frequency
domain, this corresponds to a sinc-shaped spectral profile
P(w) with

in(1/2
p(a,)zwﬂm(l/zm) (6.6)
and phase
.0 T
$(w)= exp(—z . 2] (6.7)

which is accounted for in the k-space values of the recon-
struction. In the presence of gradient G, the resonance fre-
quency o is a function of the point x in image space, given by

(6.8)
In the case of alternating gradients throughout the
sequence, o is also a function of the acquired k-space point

k. The excitation profile of the pulse therefore can be
expressed as P(w) = P(w,k). The disturbed k-space F’(k)

o=2ryxG
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Fig. 6.5 PETRA simulation of a two-dimensional object f{x,y) and the
expected image perturbations of the original object in (a) I'(x,y) with
different gradient strengths (b-h). The maximum gradient strengths
were 4, 8, 12, 16, 20, 30, and 40 mT/m from (b) to (h). Simulated

(6.9)

F'(k)= Z:f(x)P(x,k)eikx

is measured. If the disturbed k-space F’(k) is inverse Fourier-
transformed to image space using Eq. 6.4, the disturbed
image I'(x) # f(x) is calculated:

I'(x)= Zk:F'(k)e'ik"

In the current implementation of the PETRA sequence,
the influence of the excitation profile is solved by using
matrix inversion instead of inverse FTs. Defining the matrix

D, = P(xk)e™ (6.11)

with N x N = N? elements, Eq. 6.9 can be rewritten as a
matrix equation

(6.10)

F'.=D_f. (6.12)

F is the perturbed k-space data measured on the MRI
scan. The elements of Dy, are known and can be calculated.
They depend on the gradient trajectories and timings of the
specific sequence, pulse profiles, resolution, and FOV. The
system of linear equations in Eq. 6.12 can be solved by the
matrix inversion

fi=1, =D, F (6.13)
and the unaffected image I, = f; is obtained.

With nonzero imaging gradients during the excitation, a
slice defined by the gradient vector G and Eq. 6.6 is excited.
During a repetition of the radial part of the PETRA sequence,

the absolute gradient strength IGl = G 18 kept constant. The

FOV =300 mm, N = 2502, pulse duration © = 14 ps, and TE = 70 ps. The
high signal outer boundary is progressively lost from (b) to (e) and
becomes lower signal and biphasic in (f-h). (Reproduced with
permission from Ref. [16])

direction of the gradient vector is altered for every repetition,
and radial spokes that are evenly distributed over a sphere are
acquired. The excited slices rotate with the direction of the
projection or acquired k-space point as well. During the
Cartesian part of the PETRA sequence or SPRITE acquisi-
tion, the gradient vector G is calculated according to the
k-space point to be acquired; see Eq. 6.2. Inserting the
k-space-dependent gradient strength G(k) and Eq. 6.8 into
Eq. 6.6, we obtain

R

The FWHM of this excitation profile on a projection
through k-space is plotted in Fig. 6.6 (dashed line). The
FWHM indicates the thickness of the slice selected during
the excitation. While the slice thickness is constant in the
radial part, it increases as it comes closer to the center of
k-space in the Cartesian part.

We define ry = (ytGy.y)™' as the radius in image space,
where the spectral profile has its first minimum using Gyy.y. If
1o 1s outside of the FOV, P, is the minimal value of P(F ,I; )
during one measurement. P, is reached at G| =G,
and the outer edge of the FOV, where |F| =FOV/2. P
illustrates the excitation decrease at the outer edges of the
FOV; see Fig. 6.4. The maximum value of the spectral profile
is always situated in the center of the image and is normal-
ized to 1.

P (7, k ) is symmetric with respect to the origin for both
the point in image space 7 and in k-space k£ and only depends

(6.14)
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Fig. 6.6 Gradient strength of
a complete line through
k-space for the PETRA
sequence. In the radial part
with |kl < k" (see Eq. 6.1), IGl
equals Gy, In the Cartesian
part with Ikl < k*, gradients
are stepped through according
to Eq. 6.1 for each k-space
point. The corresponding
FWHM of the excitation
bandwidth (dashed line) is
inversely proportional to the
gradient strength. It is

— G(k)/[a.U]
FWHM/[a.U.]

o
I- ——
m—_————

constant in the radial part and
rises closer to the center of
k-space in the Cartesian part.
(Reproduced with permission
from Ref. [16])

on the absolutes |17| and |7{| . This radial symmetry of the
problem is used in the 3D data handling.

The correction approach presented above can in principle
also be used in dimensions greater than one. The matrix size
increases from N? to N* elements in 2D and N° elements in
3D, which would be approximately 2.8 x 10'* elements for a
256° matrix.

The radial symmetry of the spectral shape P(? ,/E) allows
us to avoid 3D correction with a large number of matrix ele-
ments and exceedingly long image reconstruction times. In
the radial part of the sequence, half spokes through k-space
are acquired. These 1D lines can be processed with Eq. 6.13.
Due to the radial symmetry, the inverted matrix D only has
to be calculated once during the entire reconstruction.

Using the Fourier slice theorem [17], the corrected image line
I, = f, can be processed in a three-dimensional projection or
Radon reconstruction [18]. The PETRA sequence consists of
radial and Cartesian acquisition parts. In order to correct and
combine these two parts, we do not use projection reconstruction
but Fourier transform the corrected line /(x) back to k-space and
apply a 3D gridding algorithm in k-space. This k-space line F(k)
is calculated from the corrected image /(x) using the standard FT
given in Eq. 6.3. This equation can be written in matrix form with
the matrix elements E,, = ¢**. Using Eq. 6.13, it can be found
that the perturbed k-space F'y yields the unaffected k-space F, as

F =E_D]F' =C,F', (6.15)

Due to the radial symmetries, the matrix C, = E, D!
also needs to be calculated only once during image
reconstruction.

Because the number of Cartesian points is not too large—
about N = 10-25 points per line—the Cartesian part of the

sequence is processed with the correction algorithm in
3D. As an example, for N = 20 points, C,, has N° = 6.4 x 107

complex points. This can easily be handled with current stan-
dard reconstruction systems.

Depending on the RF power amplifier (RFPA) and the
transmit chain of the scanner, a hard RF pulse does not usu-
ally have a perfectly rectangular shape. In order to determine
the actual pulse shapes on different systems, pulses were
measured in test scans with an oscilloscope connected to the
RFPA of the scanner. FT of these measurements yields the
actual spectral distribution of the excitation that is fed into
the correction.

The PETRA sequence can be extended to acquire a sec-
ond gradient echo. For the second echo, a complete projec-
tion through k-space is acquired without any gap arising in
the middle of k-space. The absolute gradient strength does
not change during this projection so that Eq. 6.14 loses its
dependency on k. Due to the radial symmetries, in this situ-
ation Eq. 6.9 describes a convolution and the perturbed
image I'(x) equals I'(x) = f{x)P(x). Thus, for the second echo,
the influence of the excitation profile can be either elimi-
nated by division in image space or by using Eq. 6.13 for the
acquired radial projections. This is also the case for a ZTE
sequence that does not use a Cartesian acquisition and where

|G| is constant throughout the acquisition. On the other

hand, the SPRITE sequence uses different absolute gradient
strengths for each k-space point, like the first echo of a
PETRA acquisition. Thus, for SPRITE, the problem can be
solved in a similar fashion to that presented here for the
PETRA sequence.

Figures 6.7 and 6.8 show phantom and in vivo examples
of the implemented approach, acquired with the PETRA
sequence. The measurements confirm the simulations shown
in Fig. 6.4, as well as the functionality of the correction algo-
rithm. As can be seen on the images, even at low gradient
strengths, where the first minimum is far outside the FOV,
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Fig. 6.7 Images of a structural phantom acquired with PETRA at dif- windowing scaled to the noise level. The FOV was 300 mm isotropic.
ferent maximum gradient strengths without correction (a-f) and with  The complete FOV is shown in the vertical direction. (Reproduced with
correction (g-1). The dashed rings indicate r,. Images have identical ~ permission from Ref. [16])

Fig. 6.8 In vivo head images acquired with PETRA at different maxi-  isotropic. The complete FOV is shown in the vertical direction. Gradient
mum gradient strengths without correction (a—e) and with correction — strengths were increasing from 8.6 mT/m to 17.2 mT/m with steps of
(f=j). The images have identical windowing. The FOV was 300 mm  2.15 mT/m. (Reproduced with permission from Ref. [16])
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intensity degradation is visible. For stronger gradients, where
the selected slice becomes thinner, severe blurring occurs in
the outer parts of the image. With smaller gradients, where
the first minimum of the excitation is outside of the object,
intensity errors in the outer parts as well as slight blurring are
visible in both the phantom and the in vivo measurements;
see Figs. 6.7a—f and 6.8a—e. Artifact-free imaging can be
obtained if P, is not less than 0.4, and imaging with only
slight blurring at the edges of the FOV is still possible if P,
is not less than 0.25. If r, lies within the object, radial blur-
ring and ringing artifacts occur, as can be seen in Figs. 6.7f
and 6.8e. These artifacts are due to insufficient excitation of
the outer image part at high k-space frequencies, while for
lower k-space frequencies, the excitation is more
homogeneous.

The proposed correction algorithm restores the influence
of the excitation pulse within the post-processing by matrix
inversions in a fast image reconstruction time. Using this
correction, the influence of the spectral excitation profile can
be eliminated in the simulation experiments. In the MR mea-
surements, the functionality is proven, but limitations of the
approach are present. If the first minimum of the excitation is
outside of the object, the corrected images show improved
signal intensity homogeneity, and the blurring is eliminated.
If the first minimum lies within the object, the algorithm is
no longer able to compensate for the effects of the excitation
away from the minimum. The noise levels outside of the first
minimum are raised and the blurring cannot be eliminated.
As a limitation for the correction algorithm, r, should be out-
side of the object as the noise level is increased close to mini-
mal excitations. This increase in noise level and signal folded
into the image can also lead to the appearance of radial ring
artifacts. Inside of ry, increased image quality is present, and
blurring is eliminated.

D. Grodzki

Using the correction, it is possible to use a broader fre-
quency range, and P,;, can be lowered from about 0.4 to 0.0
for the PETRA sequence. With this, higher readout band-
widths are enabled allowing shorter encoding times and less
T," blurring than with UTE imaging. Furthermore, longer RF
pulses can be used and these allow use of higher flip angles.

The correction algorithm presented here for the PETRA
sequence can easily be adapted for other sequences with
nonzero gradients during excitation such as ZTE, WASPI,
and SPRITE. It can also be used for nonselective sequences
with nonzero gradients during excitation such as the Burst
sequence.

Discussion and Outlook

The PETRA sequence has been and is used in several clinical
and nonclinical studies and applications. An example of a
wrist image acquired with PETRA is shown in Fig. 6.9. For
further reading, please consult the selected publications ref-
erenced here [19-25].

As explained in more detail in a later chapter in this book,
arather unintended benefit of the PETRA sequence is its qui-
etness, which may produce significant increase in patient
comfort and compliance. Due to the high social and com-
mercial interest in this topic, the PETRA sequence was
released as a medical product on Siemens Healthcare scan-
ners from 2014 onwards.

Nevertheless, the main intention of the sequence is imag-
ing of tissues with rapidly decaying signals. In reference [1],
different approaches for filling the missing points in k-space
with ZTE-like acquisitions are compared. Especially in situ-
ations in which more than four k-space points are missing,
PETRA was found to generally achieve superior image qual-

Fig. 6.9 Double echo PETRA imaging of a wrist. (a) displays the first echo with TE = 70 ps, (b) shows the second echo with a TE = 4.6 ms, and
(c) shows the subtraction of (a) and (b) in which the flexor tendons are well seen. (Reproduced with permission from Ref. [2])
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ity in comparison with other methods (all of which are
included in this book).

For systems with very short switching times, the differ-
ences between ZTE and PETRA vanish. If transmit and
receive cannot be performed simultaneously, ZTE always
misses at least the central k-space point, because encoding
starts in the middle of the hard pulse. Thus, with extremely
short switching times, the only difference between PETRA
and ZTE is that PETRA acquires the k-space center point
with a single-point acquisition during an FID, while ZTE
uses algebraic reconstruction to calculate this missing
information.

Very fast-decaying signals in tissues need to be acquired
as quickly as possible after excitation to avoid signal loss
during the readout which is responsible for blurring in the
image. In the community, this raises an immediate need for
(a) shorter switching and TEs and (b) shorter readouts with
higher bandwidths. However, these have some downsides
that need to be considered, and the requirements vary
depending on the application.

High readout bandwidths lead to faster acquisition of
k-space projections and with this to decreased T, decay dur-
ing the readout, and so blurring is reduced. Due to the shorter
acquisition window, the minimum TR also decreases. On the
other hand, higher readout bandwidths decrease the mea-
sured SNR, which is dependent to 1/sqrt (BW). Thus, short-
T, species might have a better point spread function but
become barely visible unless more repetitions are performed.
Acquisition times then become longer and might not be
acceptable for in vivo scanning.

Shorter switching times and TEs allow earlier acquisition
of the decaying signal, and the acquired signal intensity of
the first k-space points increases. Furthermore, with the
PETRA sequence, the number of Cartesian points is reduced,
resulting in faster scan times. On the other hand, loss of
effective sharpness may be introduced in the images. Looking
at Fig. 6.3 and Eq. 6.1, a shorter TE would move k" closer to
0, and the flat top part would become smaller. As an example,
considering a decrease in TE from 70 ps to 10 ps, the first
k-space points of the line would be acquired with much
shorter encoding time, while all points > 70 ps would still be
acquired at the same encoding time. Thus, the relative signal
difference for a fast-decaying signal between the k-space
center and outer k-space would increase. This increased sig-
nal difference degrades the point spread function, leading to
loss of image sharpness.

Thus, neither the need for higher bandwidth nor that for
shorter switching times alone should dominate pulse
sequence choice. Depending on the circumstances such as
the minimum acceptable spatial resolution, available SNR of
the tissue, scanner performance (e.g., field strength and
coils), tolerated scan times, and, most importantly, the T," of

the tissue of interest, parameters such as readout bandwidth
and TE can be optimized. However, the readout bandwidth
and TE need not necessarily be respectively as high, or as
short, as possible. On clinical scanners, the gradient ampli-
tude and available SNR are usually the main limitations for
acquisition of extremely fast-decaying signals, e.g., in solid
or semisolid species.

After the initial PETRA application in 2014, several
approaches to improve the overall performance of the tech-
nique have been published. Gradient-modulated (GM)
PETRA [26] is a method for reducing image blurring and
SAR limitations or RF peak power. With this technique, gra-
dients are lower during the excitation than during the readout
itself, bringing the PETRA (and ZTE) sequence closer to the
UTE approach. In reference [27], compressed sensing meth-
ods were applied to the PETRA sequence, yielding acceler-
ated scan times while maintaining the image quality of the
original non-accelerated scan. Another approach for reduc-
ing scan times, at least for some dedicated applications, is to
move to 2D projection, in which no encoding is performed in
the z-direction, but further research is needed to prove the
usefulness of this technique. Considering future advances,
reduction in scan time using machine learning techniques
and parallel imaging could both benefit the PETRA sequence.

In conclusion, the PETRA sequence is a method for imag-
ing tissues with very fast-decaying signals that generates
robust images with the shortest possible encoding time.
Unlike other techniques it does not require changes in con-
ventional clinical MR system hardware to do this.
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Ramped Hybrid Encoding

Hyungseok Jang, Soo Hyun Shin, Michael Carl, Yajun Ma,

and Jiang Du

Introduction

The MRI sequences designed to image short-T, tissues can
be divided into two different classes based on their radiofre-
quency (RF) excitation and data encoding schemes, namely,
zero echo time (ZTE) [1-5] and ultrashort echo time (UTE)
[6-8]. The readout scheme in ZTE sequences employs fully
ramped (or pre-ramped) constant readout gradients to
quickly encode short-T, signals in 3D k-space during their
rapid free induction decay (FID). Data encoding is per-
formed only using the constant plateau of the gradient. UTE
sequences are based on a different approach in which read-
out gradients are played out only after RF excitation is com-
pleted, and the subsequent RF dead-time (i.e., blind time
preventing data readout due to the transmit to receive mode
switching time) has elapsed. In this scheme, data readout is
performed using both the ramping part and the constant pla-
teau of the gradients.

In general, the strategy for UTE imaging provides flexible
imaging and allows greater room for modifications of the
sequence. For example, slice/slab-selection gradients and
different encoding trajectories, such as spiral [9] and stack-
of-stars [10], can be readily incorporated into UTE imaging.
Moreover, UTE imaging allows flexible selection of imaging
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parameters such as flip angle (FA) and readout bandwidth
(rBW). In contrast, ZTE sequences can be advantageous in
achieving silent imaging since their gradient slew rate (i.e.,
speed of ramping) can be flexibly reduced to decrease acous-
tic noise without affecting encoding efficiency because the
encoding scheme only uses the plateau of the gradient.
Moreover, ZTE sequences can capture signals with ultra-
short-T, decays more rapidly owing to its use of a fully
ramped-up gradient that allows data readout with full encod-
ing efficiency beginning at the near zero echo time (TE).

A downside of the ZTE-based approaches is that data are
missing at the center of k-space due to the lack of data collec-
tion during RF excitation isodelay (i.e., the time between the
peak and the end of RF pulse) as well as RF transmit-receives
switching dead-time when the frequency encoding gradient
is enabled. The k-space trajectory is missing from the origin
of k-space to the beginning of the data acquisition, which is
typically immediately after the RF dead-time, and this leaves
a spherical hole at the center of k-space. Additional data
acquisition is usually required to fill this gap in the missing
data. Filling can be achieved by encoding data in a separate
acquisition using a very low rBW (e.g., 8x lower rBW). This
leaves a negligibly small region of missing data due to the
low gradient amplitude. The approach is often called water-
and fat-suppressed solid-state proton projection imaging
(WASPI) [11]. Another approach is to use single-point imag-
ing (SPI) to acquire data at the center of k-space. SPI is based
on a traditional pure phase encoding scheme that acquires a
single point in a k-space at a constant time delay [12]. SPI is
free from missing data due to the RF dead-time because the
k-space trajectory is controlled by scaling the phase encod-
ing gradient. For example, zero amplitude of the phase
encoding gradient leads to the center of k-space at any TE
even after the RF dead-time. Combining the ZTE sequence
with SPI is often called pointwise encoding time reduction
with radial acquisition (PETRA) [5].

Another issue with ZTE sequences is selective excitation
of undesirable and uncontrollable spins [13]. With ZTE
sequences, a short hard pulse is typically used for RF excita-
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tion to achieve a short TE. Due to the nonzero gradient turned
on during the RF excitation, spins resonate at spatially vary-
ing Larmor frequencies, resulting in selective excitation (or
slab selection). This unwanted selective excitation (or spa-
tially varying flip angle) occurs in the readout direction and
has a specific slice profile based on the shape of the applied
RF pulse. Theoretically, a hard pulse results in a sinc-shaped
excitation profile. This unwanted selection of spins may
impair imaging if the main lobe of the slice profile is nar-
rower than the desired field of view (FOV). The direction of
the selective excitation varies from spoke to spoke due to the
rotating readout gradient used in the 3D ZTE imaging, result-
ing in different slice profiles which modulate k-space data.
This produces blurriness in the radial direction. To reduce
the slice selectivity effect and thus minimize interference of
ZTE imaging, a shorter RF pulse (i.e., lower flip angle) and
a lower gradient amplitude (i.e., a lower rBW) should be
used. However, this often limits signal-to-noise-ratio (SNR)
and image contrast and exacerbates chemical shift artifacts
due to the longer readout duration.

To address the two issues mentioned above (i.e., missing
data and unwanted slice selectivity), a ramped hybrid encod-
ing (RHE) technique has been proposed [14]. This benefits
from the use of SPI and use of controlled gradient ampli-
tudes during RF excitation. In this chapter, RHE and its
applications are described.

Single-Point Imaging (SPI)

SPI utilizes pure phase encoding to acquire the data at a sin-
gle k-space coordinate in each TR [12, 15, 16]. As with con-
ventional phase encoding, a k-space location is achieved
using linearly scaled phase encoding gradients. Figure 7.1
shows a 1D example of SPI with seven phase encoding steps.
Note that all data points are acquired with a constant time
delay (red dotted line in Fig. 7.1). The FOV is determined by
the number of phase encoding steps, N,, the gradient wave-
form, G, and the encoding time delay, #, as shown in the
following equation [17]:

FOV (t,)=2xN, /(yjc(z)dzJ 7.1)
0
where y is the gyromagnetic ratio. Thus, the spatial resolu-
tion (i.e., FOV/N,) depends on the total gradient dephasing
moment which is the integral of G(¢) over time from O to £,
3D SPI can be achieved by applying the phase encoding
gradients in three orthogonal gradient directions and scaling
the gradients one by one in a nested loop, resulting in a 3D
cubical phase encoding pattern. The phase encoding points
near the corner of the cube (i.e., outside of the inscribed
sphere) are typically removed to reduce duty cycle demands
on the gradient system and decrease scan time.
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Fig. 7.1 Single-point imaging (SPI). SPI is a pure phase encoding
technique in which a single data point is acquired at a constant TE dur-
ing each TR. Different k-space data points are acquired using linearly
scaled gradients

Slice Selectivity with ZTE Sequences

As mentioned above, ZTE-type sequences suffer from
unwanted slice selectivity due to the effective gradient field
present during RF excitation. The slice selectivity effect is also
problematic in hybrid encoding schemes utilizing SPI such as
PETRA. Figure 7.2a shows an example of a pulse sequence for
PETRA. Figure 7.2b shows an example of the excitation pro-
files of a 24 ps hard RF pulse under various encoding gradient
amplitudes (0, 7, 14, 20, and 30 mT/m). With radial sampling
the unwanted slice selectivity occurs in the orientation of the
net readout gradient, which is rotated over many TRs to cover
3D spherical k-space. In SPI, both the orientation and ampli-
tude of the net phase encoding gradient are changed at each
TR, which results in slice profiles with various line widths and
directionalities. Consequently, the net effect of the slice selec-
tivity artifact with hybrid encoding is contributed to by both the
radial spokes and SPI encoded data modulated with different
RF excitation profiles. This yields an exotic blurriness artifact,
as shown in Fig. 7.2c. The longer RF pulse (e.g., a pulse width
of 24 ps) with the higher gradient amplitude (e.g., 20 mT/m)
worsens the slice selectivity artifact with PETRA. At the same
time, frequency encoding-based UTE (FE-UTE) is not affected
by these artifacts due to its nonselective RF excitation.
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Fig. 7.2 Slice selectivity. (a) Pulse sequence diagram for PETRA
imaging, (b) excitation profile of a 24 ps hard pulse and the resultant
excitation profiles, and (c) slice selectivity with PETRA and FE-UTE
(frequency encoding UTE). Note that the degree of slice selectivity

As demonstrated in Fig. 7.2, with hybrid encoding, the
effective FOV under the slice selectivity effect is determined
by the width of the RF excitation profile which becomes
broader with shorter RF pulses (i.e., higher excitation band-
widths) and lower gradient amplitudes (i.e., lower readout
bandwidths), and vice versa. Therefore, a shorter RF pulse
and a lower rBW can be used with PETRA to alleviate

artifact increases with the higher encoding gradient amplitude and pulse
width used in PETRA imaging. FE-UTE shows no such artifact due to
its nonselective excitation. (Adapted with permission from Ref. [14])

unwanted slice selectivity artifacts and achieve the desired
FOV without compromising image quality. Alternatively,
phase-modulated RF pulses may be used to allow broader
excitation bandwidths [18-20]. This approach achieves a
larger effective FOV with ZTE sequences. However, the
attainable peak FA with this approach is limited due to the
use of frequency-swept excitation which requires a higher B,
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to achieve the same peak FA as a standard hard pulse.
Another method to address the slice selectivity problem has
been proposed. This is based on a post-processing technique
in which the slice selection is demodulated after each k-space
spoke [13]. To achieve this, prior information is required,
such as the physical location of each pixel and the corre-
sponding RF excitation profile in space. The downside of
this approach is that noise can be amplified near zero-
crossing regions in the slice profile (i.e., lower B, regions)
during post-processing, where the data is divided by the slice
profile. Moreover, it is not trivial to accurately estimate pixel
locations and excitation profiles due to imperfections with
MRI systems causing nonlinear distortions of the B, B;, and
gradient fields.

Ramped Hybrid Encoding (RHE)

RHE has been proposed by Jang et al., to control slice selec-
tivity and achieve full encoding efficiency using fast ramp
sampling. Figure 7.3a shows a pulse sequence diagram of
RHE. With RHE, an effective gradient during RF excitation,
Gy is used to control the slice selectivity for a given FA and
desired FOV. Immediately after the RF excitation, an encod-
ing gradient is ramped up to maximum amplitude, G, to
achieve full encoding efficiency. Data acquisition is per-
formed after the RF dead-time. Figure 7.3b shows an exam-
ple of the sampling pattern (or k-space trajectory) with

RHE. Similar to PETRA, SPI is performed to fill the missing
data in the central area of k-space, while radial frequency
encoding is performed to acquire data in outer k-space.
Figure 7.3c shows an example of multi-echo RHE based on
a gradient echo train using bipolar readout gradients.

In RHE, the minimum diameter of the SPI region required
to avoid wrapping artifact is determined by the desired FOV,
the TE, and the gradient shape using the following equation
for Ngp;, the number of spokes:

Nopy = 27 fov(Gugt + 058513 ) if 15 < (G = Gur )/ &5 |
[27 J09s (Gt ~0.5(Gpa ~ G )/ &5 otherwise]
(7.2)

where 7 is the reduced gyromagnetic ratio, gs denotes gradi-
ent slew rate, fovp denotes the desired FOV, and ty, is the
desired TE chosen after dead-time.

RHE can be regarded as a generalized technique encom-
passing both hybrid encoding (i.e., PETRA) and ramp sam-
pled FE-UTE. If Ggg is set to G, RHE becomes equivalent
to PETRA. If Ggg is set to zero, RHE becomes similar to
FE-UTE, except for different timing of the readout gradient
that is applied immediately after the RF pulse in RHE, not
after the dead-time. Note that with FE-UTE the gradients
begin to ramp up after RF dead-time to avoid missing data.
In this case, RHE still achieves more efficient encoding with
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a shorter readout duration than FE-UTE, although it requires
SPI to fill in the missing data.

Encoding Speed and T," Blurring with RHE

When imaging short-T," tissues, the data acquisition should
be performed as fast as possible to minimize signal decay
during readout which may cause unwanted signal modula-
tion in k-space and time-varying signal weighting from the
center to the outside of k-space. This is similar to low-pass
filtering. This effect is often called T," blurring as it blurs the
point spread function (PSF) and the resultant image. It is a
function of encoding efficiency and speed (i.e., k-space tra-
jectory encoding time compared to encoding time delays)
and T," decay. Figure 7.4a shows simulated per-excitation
encoding time plotted against k-space position with different
encoding schemes, including PETRA, RHE, and
FE-UTE. Figure 7.4b, ¢ shows the corresponding 1D images
simulated with two different T,"s (100 and 500 ps). PETRA
shows the most blurry images (i.e., the highest degree of
short-T," blurriness effect) due to its long readout duration.
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FE-UTE shows blurriness when the T," is very short (i.e.,
100 ps), resulting from the inefficient sampling at the begin-
ning of data acquisition where it takes a certain amount of
time to ramp up the gradient to reach full encoding efficiency
(i.e., maximum gradient amplitude). RHE overall shows the
most robust imaging for all cases with T," of 100 and 500 pis
at the cost of slight blurriness occurring at the peripheral
FOV due to the unwanted slice selectivity effect which is
exacerbated with higher values of Ggp.

Figure 7.5 shows results obtained using a LEGO phantom
(Big Ben, item # 21013, a cowboy minifigure from Palace
Cinema, item # 10232, and a white horse manufactured by
LEGO, Billund, Denmark) and made of acrylonitrile butadi-
ene styrene (ABS) with an approximate T," of 400-500 ps.
PETRA with a low readout bandwidth (i.e., G, = 7 mT/m)
exhibits strong T," blurriness due to its long encoding time of
1680 us. PETRA with a higher readout bandwidth (i.e.,
Gax = 14 and 20 mT/m) improves the blurriness, but results
in strong slice selectivity artifacts. FE-UTE exhibits no slice
selectivity artifacts due to its nonselective RF excitation (i.e.,
Ggrr = 0). RHE with Ggg of 7 mT/m shows good image qual-
ity with no strong slice selectivity. RHE shows improved

= = Original
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- = Original
—— Reconstructed

RMSE=0.078
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Fig. 7.4 Encoding efficiency (encoding time plotted against k-space
position) for FE-UTE, PETRA, and RHE (a) and 1D images simulated
with T,” = 100 ps (b) and T," = 500 ps (c). PETRA with a gradient
amplitude of 20 mT/m achieves fast encoding in an earlier encoding
time (red dotted line) but produces a strong slice selectivity artifact.

0 250
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-250 0
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FE-UTE exhibits good image quality, but with short T,s, it shows some
blurriness due to inefficient sampling at the beginning of data
acquisition. RHE achieves good image quality with controlled slice
selectivity and the most efficient encoding. (Adapted with permission
from Ref. [14])
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TE =90 ps TE =90 ps TE =90 ps TE =90 ps Grp=7mT/m
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Fig. 7.5 Phantom experiment. PETRA with (a) G,.x = 7 mT/m, (b)
Guw = 14 mT/m, (¢) Gpa = 20 mT/m, (d) FE-UTE with Gy, = 35
mT/m, and (e¢) RHE with Ggr = 7 mT/m and G, = 35 mT/m. PETRA
with a low gradient amplitude (7 mT/m) shows an overall blurry image
due to short-T," blurriness caused by its long readout duration (1650 ps).

image quality with a higher SNR than FE-UTE, presumably
due to improved encoding efficiency with a shorter encoding
time of 438 ps compared to FE-UTE with a slightly longer
encoding time of 588 ps.

The Efficacy of SPlin RHE

SPI in RHE plays a critical role in filling the missing data in
the center of the k-space. SPI is expected to allow more
robust imaging than WASPI because all the data are acquired
at a constant TE with near-zero readout duration (i.e., there is
no T," decay or eddy current effect on the data filling the hole
in k-space). Downsides of SPI are a longer acquisition time
imposed by expensive single-point encoding and increased
acoustic noise caused by rapidly changing phase encoding
gradients.

The benefit of SPI in terms of image quality has been
reported in the literature. In RHE, the relative size of the

With PETRA, higher gradient amplitudes yield sharper images, but
strong slice selectivity is exhibited. FE-UTE shows overall robust
imaging with no slice selectivity artifact. RHE exhibits the best image
quality with no slice selectivity and the best SNR due to its short
readout duration (438 ps). (Adapted with permission from Ref. [14])

SPI encoded region in a k-space can be controlled by
reconstructing data acquired at different TEs; a delayed TE
results in larger size of SPI in k-space [21, 22]. SPI should
be slightly oversampled to avoid aliasing artifacts at the
delayed TE. A phantom experiment was performed to test
the effect of different sizes of SPIin RHE (2, 3, and 4%) as
well as 0% SPI (i.e., FE-UTE) (Fig. 7.6a). The images
with larger SPI regions showed sharper boundaries and
reduced signal bias inside the object [23]. Figure 7.6b
shows myelin images from a human brain using adiabatic
inversion recovery prepared RHE (IR-RHE) to suppress
long-T, white and gray matter signals and achieve myelin
specific contrast [24]. As shown, a larger SPI region dra-
matically improves the myelin contrast and improves sig-
nal suppression in the gray matter regions (green arrows),
presumably due to the robustness of SPI to eddy current
effects.

Similarly, multiple images can be reconstructed from the
same dataset in RHE by applying higher degrees of overs-
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Fig.7.6 Efficacy of SPIin a
RHE. (a) Phantom experiment
and (b) in vivo myelin
imaging in a 30-year-old
healthy volunteer. RHE with
larger SPI reduces blurriness
near the object boundary in
the phantom experiment. In
(b) the images with the larger
SPI show improved myelin
contrast with suppressed
signal in gray matter (green
arrows). Rgpy is the ratio of the
radius of SPI to the radius at
the maximum k-space
location. (Adapted with
permission from Refs. [23,
24])
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ampling in SPI and reconstructing images with delayed
TEs. Jang et al. showed the efficacy of this strategy using 14
RHE images obtained in a single scan with oversampled SPI
for head segmentation [23]. Their study also showed that
multiple RHE images can be used to improve tissue
segmentation.

Applications and Variants of RHE

The feasibility and efficacy of RHE in morphological and
quantitative imaging have been demonstrated in several
applications.
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MR-Based Attenuation Correction

Jang et al. proposed a new MR-based attenuation correction
(MRAC) technique for PET-MRI based on the use of rapid
dual-echo RHE with oversampled SPI [23]. The rapid RHE
scan acquires multiple images, including in-phase UTEs at
52, 54, 56, 58, 60, 62, 64, 66, 68, 70, 72, 74, 76, and 78 us
and an out-of-phase gradient recalled echo (TE = 1.1 ms) in
a scan time of 35 s. This allows segmentation of the head into
four tissue types (i.e., bone, air, brain, and fat) using a histo-
gram-based approach and a two-point Dixon-based fat and
water separation technique. The segmented tissue map was
used to generate pseudo-CT images for subsequent attenua-
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Fig. 7.7 RHE-based MRAC. d

Results with PET/MR System System dRHE- CTAC
MRAC-1 MRAC-2 MRAC

system-based MRAC using
LAVA-Flex (MRAC-1) (a)
and atlas-based method
(MRAC-2) (b), dual-echo
RHE-based MRAC (dRHE-

MRAC) (¢), and ground truth Reconstructed

CT-based attenuation PET images
correction (CTAC) (d). In
contrast to MRAC-1 and
MRAC-2, dRHE-MRAC
achieves significantly reduced
error in PET reconstruction
showing errors below 1% in .
most brain regions. (Adapted Relative
. . PET error
with permission from Ref. o
[23]) %)
Reconstructed
PET images
Relative
PET error
(%)

tion correction in PET reconstruction (Fig. 7.7). The same
sequence has been used for deep learning-based MRAC [25].
The MRAC based on dual-echo RHE showed improved per-
formance with a significantly reduced PET reconstruction
error below 1% in most brain regions compared with conven-
tional MRAC methods (P < 0.05).

Single-Scan Bicomponent T," Mapping
in the Knee

RHE has also been investigated in musculoskeletal (MSK)
imaging. Jang et al. showed the feasibility of bicomponent
T," mapping in the human knee using a flyback echo train-
based RHE sequence in which 16 echoes were acquired in a
single scan [26]. In this study, the original version of RHE
was modified to accommodate a selective Shinnar-Le Roux
(SLR) pulse which was incorporated to achieve slab selec-

10

tion and fat saturation to suppress signals from adipose tis-
sue. Similar to the study with MRAC where multiple RHE
images were reconstructed with delayed TEs [23], two RHE
images at TEs of 0.04 and 0.11 ms were acquired by utilizing
an oversampled SPI technique (Fig. 7.8a). A total of 16
echoes were acquired between 0.04 ms and 30 ms, and these
were used for biexponential fitting of knee joint tissues.
Figure 7.8b shows estimated bicomponent T," parameter
maps in the patellar tendon, anterior cruciate ligament
(ACL), posterior cruciate ligament (PCL), and meniscus.
These showed parameter estimates similar to those reported
in the literature.
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Fig. 7.8 Single-scan bicomponent T," mapping of knee tissues using
RHE. (a) Pulse sequence diagram and (b) results of bicomponent
parameter mapping (f,, the short-component fraction; T,’s, T," of the

Direct Myelin Imaging with Interleaved Hybrid
Encoding

UTE imaging has been used frequently for direct myelin
imaging [27-30]. RHE combined with adiabatic IR prepa-
ration has also been investigated for direct myelin imaging
in the brain [24]. In this study, dual-echo RHE imaging was
used to acquire two images (i.e., a UTE image and a gradi-
ent recalled echo image with a longer TE) at the nulling
point for long-T, components in white matter. Echo sub-
traction yielded short-T, contrast which was specific for
myelin.

For efficient 3D IR imaging, multiple spokes are usually
encoded with each IR preparation [31-33], so that the scan
time is shortened by the number of spokes acquired per prep-
aration. With this approach, a group of spokes is acquired
near the desired inversion time (TI). This results in the inclu-
sion of spokes with shorter and longer TIs than the optimum,
and imperfect nulling of signal which may result in compro-
mised signal contrast due to the inclusion of data acquired
with variable T,-weighting, also called T, blurring. In direct
myelin imaging based on adiabatic IR, this can be an issue
too and may result in imperfect nulling of white matter. To
alleviate this effect, a group of spokes is typically centered
on a TI chosen so that spokes are acquired before and after
the nulling point, and so produce both negative and positive
signals. In this way, the signals from spokes with different
polarities cancel, and this reduces the error [29, 34].

To further improve the image contrast with IR-RHE, Jang
et al. have proposed interleaved hybrid encoding (IHE) [24].
In conventional PETRA and RHE, it is common to perform

readout

_K-space
trajectory

b T2*(ms)

72%(ms)

Patellar
Tendon

short component; T,", T," of the long component) in the patellar ten-
don, ACL, PCL, and meniscus. (Adapted with permission from Ref.
[26])

SPI and radial encodings sequentially with SPI and radial
frequency encoding performed one after another. However,
this is not the optimal way for IR-RHE when SPI data in the
central region of k-space has variable T;-weighting (because
it is obtained at different TIs). IHE benefits from reordered
sampling with SPI acquisitions interleaved at TIs near the
nulling point so that the central region of k-space is filled
with data acquired at, or near, the desired TI (Fig. 7.9a). This
approach allows the use of a high number of encoded spokes
(~60 spokes) per IR preparation. The improved image qual-
ity with IR-IHE with an increased number of spokes per IR
preparation was demonstrated by a computer simulation
(Fig. 7.9b). Compared to conventional IR-prepared projec-
tion radial-based UTE (IR-PRUTE) and IR-prepared RHE
with sequential sampling (IR-HE), IR-IHE exhibited much
improved myelin contrast and accurate detection of demye-
linated lesions with up to 61 spokes per IR preparation.

RHE with adiabatic IR and interleaved encoding (i.e.,
IR-THE) showed the feasibility of in vivo direct myelin imag-
ing in healthy controls and multiple sclerosis (MS) patients
within a clinically acceptable scan time (6 min 54 s). In
in vivo experiments with healthy volunteers, IR-IHE showed
dramatically improved myelin contrast compared to IR-RHE
using a sequential encoding scheme (Fig. 7.10a). In imaging
of MS patients, IR-IHE achieved high quality myelin imag-
ing in which normal myelin and demyelinating lesions in
white matter were detected (red arrows in Fig. 7.10b).
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Fig.7.9 Interleaved encoding for IR-prepared RHE. (a) Conventional
sequential ordering of SPI, radial frequency encoding and interleaved
encoding, and (b) computer simulation of the two encoding schemes
(IR-HE, IR-based hybrid encoding with sequential encoding; IR-IHE,
IR-based interleaved hybrid encoding) as well as IR-based projection

RHE-Based Sodium MRI

Sodium (*Na) is an essential chemical element that plays a
vital role in human physiology. Sodium is the second most
abundant nucleus that provide endogenous MRI signal in the
human body. It can be a biomarker for various diseases,
including tumors [35-37], stroke [38, 39], neurodegenera-
tive disease [40], and MSK disorders [41—43]. Despite its
promise, sodium MRI suffers from two significant chal-
lenges. First, the >*Na signal is very low compared to clinical
proton MRI, resulting in low SNR. Second, **Na signals
typically undergoes rapid biexponential T," decay. Therefore,

0000

I SPI encoding D Frequency encoding

11 21 31 41 51 61
# of spokes per IR

radial UTE (IR-PRUTE). In the computer simulation, IR-IHE yielded
dramatically improved myelin image quality with suppression of the
streak artifacts that were obvious with IR-PRUTE and IR-HE when
using a high number of spokes per IR preparation. (Adapted with
permission from Ref. [24])

UTE or ZTE sequences are likely to improve signal acquisi-
tion. Unfortunately, ZTE sequences are not a good option
due to their limited FA, which is critical due to the low den-
sity of 2Na. As a result, UTE imaging is typically used for
sodium MRI.

Blunck et al. have recently utilized RHE for sodium MRI
to take advantage of its efficient and rapid encoding (i.e.,
short readout duration) compared to conventional UTE
imaging, and this reduces T," blurring and increases SNR
[44]. To allow use of a high FA of 90 degrees, Gyr was set to
zero in this study, and the sequence was described as zero
Grr RHE (zGre-RHE). In their 1D computer simulation,
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Fig.7.10 In vivo myelin imaging. (a) Efficacy of interleaved encoding  female). As shown in (a), IHE improves myelin contrast with reduced
demonstrated in a healthy volunteer (30-year-old male) and (b) IR-IHE-  artifact in gray matter. In MS patients, IR-IHE provides direct
based myelin imaging in MS patients compared with clinical MRI ~ morphological information on myelin and demyelinated lesions.
sequences (patient A, 59-year-old female; patient B, Sl-year-old (Adapted with permission from Ref. [24])
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Fig. 7.11 Zero Ggr RHE (zGge-RHE) in sodium MRI. (a) Phantom
design, (b) phantom images acquired with zGre-RHE and UTE, and (c)
in vivo brain %*Na MRI with UTE and zGgRHE. The phantom experi-
ment in (b) shows an improved contour profile with RHE (red arrows)

RHE showed reduced T," blurring with improved image
quality. MRI experiments were performed using a research
7 T MRI scanner (Siemens Healthcare, Erlangen, Germany)
with a transmit/receive dual-tuned 1H-?*Na head coil (QED,
Mayfield Village, OH). For the phantom experiment, tubes
with three different diameters (6, 14, and 28 mm) and two
different saline concentrations (30 mM and 45 mM) were
prepared (Fig. 7.11a). The resultant RHE images showed
improved boundary profile (i.e., reduced T," blurring) with
better detection of small vials compared with the UTE image
(Fig. 7.11b). In vivo experiments also showed improved
image quality with RHE. In Fig. 7.11c, RHE exhibits

H.Jang et al.

UTE

ZGRF'RHE

compared with UTE. zGge-RHE in the in vivo sodium imaging also
demonstrates improved image quality compared with UTE, with better
demonstration of the brainstem (red arrow) and ventricular system.
(Adapted with permission from Ref. [44])

improved detail around the brainstem region (red arrow) and
in the corpus callosum compared with UTE.

Conclusion

RHE is an extended, generalized form of PETRA that ben-
efits from use of a pre-ramped, controllable gradient during
RF excitation (Ggg). As with PETRA, SPI is utilized to fill
the missing data in the center of the k-space. The SPI
encoding fills the missing data and contributes to improved
image quality, due to its near-zero readout duration and its
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robustness to eddy current effects. In addition, more aggres-
sive utilization of SPI demonstrated that it is based on
oversampled SPI. This approach can be used to reconstruct
multiple images using a single dataset acquired with a sin-
gle scan. These multiple images can help improve brain
segmentation [23] and allow biexponential fitting [26], as
well as provide novel uses in direct myelin imaging [24]
and sodium MRI [44].

RHE lies between ZTE and UTE imaging and benefits
from their advantages such as pre-ramped-up gradient in ZTE
and flexible imaging in UTE. A downside with RHE is the
additional scan time required for SPI encoding. The size of
the SPI encoding depends on the shape of the gradient wave-
form, including Ggg, G, and slew rate, as well as RF dead-
time. The scan time for SPI encoding is usually negligibly
short with clinical MRI scanners unless oversampling is
applied. It can be a more significant issue when high-perfor-
mance gradient systems are used. To mitigate the additional
scan time burden, the hybrid filling (HYFI) technique has
been recently proposed [45]. HYFI utilizes mixed SPI and
segmented radial frequency encoding to reduce the scan time.
A downside expected with HYFI is compromise in image
quality. Systematic comparison of the hybrid encoding family
with standard UTE and ZTE techniques will be required to
fully understand their advantages and disadvantages.
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Acquisition-Weighted Stack of Spirals

(AWSOS) MRI

Yongxian Qian and Fernando E. Boada

Introduction

This chapter is based on research about technical develop-
ment and clinical applications of the acquisition-weighted
stack of spirals (AWSOS) technique that we have published
over the last decade [1-5]. Currently, AWSOS pulse
sequences are routinely used in our research projects. In this
chapter we integrate our latest experience with our earlier
publications and organize the presentation so readers can
easily understand the ideas and mathematics behind the tech-
nique and quickly learn how to implement it in practice.

In this chapter, ultrashort echo time (UTE) refers to an
echo time less than 1.0 ms measured from the center of the
radiofrequency (RF) excitation pulse to the start of data
acquisition at the k-space center, rather than time measured
from the end of the RF excitation pulse to the beginning of
data acquisition which, instead of TE, is called the delay
time. The main driving force for UTE techniques is clinical
demand for noninvasive visualization of short-T, tissues
such as cartilage (deep layers), menisci, ligaments, tendons,
parts of muscles, cortical bones, and similar tissues [6].
These tissues are not visible using conventional MRI proto-
cols with long TEs of >10 ms.

UTE imaging pulse sequences are specially designed to
minimize signal decay caused by fast transverse relaxation
(T, usually <10 ms). To do so, designs of pulse sequences
aim to make three of their main components as short as pos-
sible, namely, RF excitation, delay time, and data acquisi-
tion. For instance, RF pulses are usually designed with
power-efficient rectangular shapes (hard pulses) with a short
duration of 0.05-1.0 ms. Delay times are usually as short as
the hardware allows (e.g., 0.02 ms). The relevant hardware
components include analog-to-digital converters (ADCs)
and RF coils. Efforts in this direction have resulted in very
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short TEs of 0.6 ms or less on clinical MRI scanners [7, 8].
Data acquisition time (or ADC readout time, T) is associated
with the sequence k-space trajectory which may be radial
and consist of a straight line starting from the center of
k-space and going out to its periphery. Radial trajectories of
this type offer the shortest readout time of all k-space trajec-
tories. However, it is highly challenging to take advantage of
this short readout time while meeting clinical needs for lim-
ited total acquisition (TA) time, high spatial resolution, and
high signal-to-noise ratio (SNR). Trade-offs have to be made
among these needs for a pulse sequence to be clinically fea-
sible and useful.

To minimize T,-related signal decay, an ideal design of a
pulse sequence is to combine a rectangular RF pulse with
radial k-space acquisition, using the minimum (hardware
limited) delay time. Use of a rectangular shape makes the RF
pulse most power-efficient (thus shortest duration) among
other shapes for a given flip angle. The radial trajectory
makes data acquisition shortest among all types of k-space
trajectories in order to minimize T,-related signal decay.
This ideal case, however, requires a relatively long scan time,
such as 54 min for a typical three-dimensional (3D) isotropic
image with a field of view (FOV) of 220 mm, matrix size
256 x 256, and repetition time (TR) 20 ms. This long scan
time is not practical for clinical imaging and would limit
UTE imaging to low spatial resolutions such as a matrix size
of 64 x 64 for a clinically acceptable 3.5 min acquisition.
Images with spatial resolution this low may not be clinically
useful.

To reduce scan time while keeping spatial resolution high,
the AWSOS technique employs a novel strategy inspired by
the framework of acquisition-weighted data collections [6],
in which 3D isotropic imaging is divided into 2D in-plane
and 1D slice components. In this way, AWSOS not only dra-
matically reduces scan time for high in-plane resolution
acquisitions but also increases SNR as the slice thickness is
relatively large compared to the in-plane pixel size. To
achieve this goal, the AWSOS sequence employs two mea-
sures. First, the slab-select gradient-refocusing lobe is sig-
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nificantly reduced by lowering the amplitude of the
slab-select gradient. Second, the in-plane phase and fre-
quency encodings are replaced by fast spiral trajectories to
substantially accelerate in-plane data collections. T,-related
signal decay during spiral readouts is minimized by properly
selecting the number of spirals. The AWSOS technique
acquires k-space data with a delay that varies with the dura-
tion of the slice encoding and is therefore referred to as
acquisition-weighted stack of spirals, or AWSOS. There is
independent selection of in-plane resolution and slice thick-
ness. The AWSOS pulse sequence is able to generate high
in-plane resolution (<1 mm) while keeping slice thickness
unchanged (thus keeping total scan time short and SNR
high).

This chapter is a summary based mainly on our previ-
ously published work [1-5], but is reorganized to simplify
the description of the concepts, mathematics, and implemen-
tation. The chapter includes sections on the pulse sequence,
mathematics, data acquisition, and technical tips, as well as
exemplary images of the brain and knee at 1.5T,3 T, and 7T
to demonstrate the performance of the AWSOS sequence.

Pulse Sequence

The AWSOS pulse sequence has three principal features:
selective excitation, variable-duration slice encoding, and
movable spiral readout (Fig. 8.1a). The selective excitation is
implemented using a frequency selective RF pulse, such as a
sinc or Shinnar-Le Roux (SLR) pulse, combined with a slab-
select gradient of low amplitude to allow use of a short refo-
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Fig. 8.1 AWSOS pulse sequence and the k-space sampling. (a)
Sequence diagram. A selective RF pulse excites a slab which is then
partitioned into slices using the variable-duration phase encoding gradi-
ent G, (not shown for positive G, due to symmetry). The ordering of
slice encodings is flexible: it can be sequential, interleaved, or random.
Movable spiral gradients, G, and G,, are played out immediately after

k, (1/FOV)

cusing lobe. The special requirement for a short lobe
highlights the need for highly selective RF pulses (i.e., with
a narrow transition between passband and stopband) in order
to attain a flat profile for the excited slab. This also creates a
design challenge because low gradient amplitudes stretch the
RF response and so enlarge the transition band which leads
to a roll-off slab profile. Our experience suggests that a sinc
pulse of cycle 1.5 or more is needed to reduce the transition
band [1]. Another challenge in the design of the RF pulse is
the concern about the specific absorption rate (SAR) when a
short RF pulse (with a large B, value) is used to minimize
TE. RF amplifier protection of MRI systems sets a limit on
the maximum value of B, for certain types of coils (e.g.,
25 pT for head coils) and thus restricts the minimum dura-
tion (or maximum flip angle) of RF pulses that is allowed.
SAR issues attract more attention with short RF pulses than
with long RF pulses, because peak power is inversely related
to duration of the RF pulse. Volume-averaged SAR was cal-
culated for the RF pulses used in AWSOS sequences using
the formulas provided in Ref. [9]. Both B, and SAR restric-
tions were addressed in the design of the RF pulses.
Optimization of RF pulse duration 7, slab thickness h, and
TE was performed using the well-established relationship
between them [9].

The slice encoding gradient, which partitions the slab into
slices, was designed in such a way that the maximum slew
rate (SR) of the MRI system (or the preset value in the proto-
col) was always used until the gradient amplitude reached
the maximum value allowed by the system (or the protocol).
Thus, the duration of the slice encoding gradient was mini-
mized at each encoding step k, and varied from one step to
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the slice encodings. ADC data acquisition starts at the beginning of spi-
rals. A minimum delay of Ty, is required. This needs to be determined
from the system hardware parameters, e.g., 20 ps in some MRI scan-
ners. (b) A cylindrical volume in k-space is sampled by AWSOS data
acquisitions via using interleaved spirals (red and blue). (Adopted with
permission from Refs [1, 5])
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another. In addition, the slice encoding gradient overlapped
the refocusing lobe of slab-select gradient to reduce the total
duration of the spatial encoding process.

Spiral readouts with the AWSOS pulse sequence start
immediately after slice encoding, and data acquisition is per-
formed in a plane perpendicular to the slab direction. To
match the variable duration of the slice encoding, the starting
time of the spiral gradients and readout is shifted, leading to
movable spiral readout (Fig. 8.1a).

The AWSOS pulse sequence samples k-space in a cylin-
drical volume (Fig. 8.1b), with the symmetrical axis in the
slab direction (defined as the k, direction). The slice thick-
ness, Az, is determined by the maximum value of k,, while
the slab thickness, %, limits the increment, Ak,, for full sam-
pling under Nyquist sampling criteria. A disk-like area in the
(ky, ky) plane is sampled using the spiral. The radius of the
disk is determined by the in-plane spatial resolution Ax.
Independent selection of in-place resolution from slice thick-
ness offers the opportunity to increase in-plane resolution
while keeping slice thickness unchanged and thus maintain a
reasonable SNR.

Image reconstruction of raw data acquired with the
AWSOS pulse sequence is the same as that for regular spiral
k-space data sets [1]. First, fast Fourier transform (FFT) is
performed along the slice encoding (k,) direction to decom-
pose the 3D AWSOS data sets into 2D. Then, a regridding
algorithm [10, 11] is used to reconstruct images from the
spiral data set on a slice-by-slice basis.

Mathematics
Slab-Select Gradient and Minimum TE

The amplitude G, of the slab-select gradient pulse is related
to the slab thickness 7,

Gy =4, /(vh,) 8.1)
where y is gyromagnetic ratio in Hz/T, n is the sinc cycle,
and 7 is the duration of the RF pulse. The minimum echo

time (TE,,,) is associated with the RF excitation and given
by Eq. 8.2:

TE,,, = 0.5t +1, +21, (8.2a)
t, =G, /S, (8.2b)
t, = J0.54, (1, + 1, ), With1, S, <G, (8.2¢)

where G, and S, are the maximum amplitudes of the gra-
dient and slew rate of the MRI system (or those allowed by
the protocol), respectively. Optimization of RF duration 7y,
slab thickness /4, and minimum echo time TE,;, is imple-
mented using Eqs. 8.1 and 8.2.

Slice Encoding Gradient

To make TE,;, as short as possible, the slice encoding gradi-
ent is overlapped with the refocusing lobe of the slab-select
gradient (Fig. 8.1a), using slightly different waveforms for
the positive and negative steps of k,. In Fig. 8.3 of Ref. [2],
under the slab-select gradient, area A is the area under the
half constant segment, and area B is the area under the decay
ramp. Area C is the refocusing area and is balanced by areas
A and B. Waveforms of the slice encoding gradient are char-
acterized using Eqs. 8.3, 8.4, and 8.5:

C=A+B=(1/2)G, (1, + Ty ) (8.3)

where T,y 18 duration of the decay ramp. For a slice encod-
ing step k,, the corresponding area D is,

D=k, /vy (8.4)

If area D is smaller than area C, then the slice encoding
waveform is switched. The total slice encoding area E is
given in Eq. 8.5:

E=C+D,k, <0 (8.5a)
E=C-D,k,>0andD<C (8.5b)
E=D-C,k,>0andD >C (8.5¢)

The duration and amplitude of the resultant slice encod-
ing gradient are calculated from the waveforms associated
with area E.

Slice encoding (i.e., k,) may be uniform or nonuniform
within the limits —k, x < k, < k,max, Where the maximum
value of k, is determined by the slice thickness Az (i.e., spatial
resolution in the slice direction) and k, ., = 1/(2Az). Slice-
encoding step size Ak, is determined by the slab thickness &
and Ak, = 1/h, when uniform sampling is implemented.

Spiral Encoding Gradients

The in-plane spiral encoding gradients (G, Gy) are designed
using the analytical formula given by Glover [12] which gen-
erates the shortest readout time given the maximum gradient
and slew rate and is efficiently computable in real time.
However, the original version of Glover’s spiral gradients
has a risk of discontinuity at the transition between the con-
stant slew rate segment and the constant amplitude segment
when short duration spirals are used. This potential risk is
avoided in the AWSOS pulse sequence by employing a mod-
ified spiral.

Spiral trajectories in the (k, k,) plane are also calculated
during the design of spiral gradients [13]. The number and
readout time of the spiral interleaves required for Nyquist
sampling are real-time evaluated for the AWSOS pulse
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sequence for given FOVs and matrix sizes (or in-plane reso-
lutions). The optimal number of trajectories and readout
times can then be determined for particular total acquisition
times and tolerable levels of image blurring.

In addition to the use of analytical formulas, spiral trajec-
tories and gradients can be computed in real time using
numerical formulas [14] due to the tremendous improvement
in computation power of MRI systems relative to that avail-
able two decades ago. The numerical computation also over-
comes two pitfalls encountered in the analytical computation
(i.e., discontinuity in gradients and overshoot in slew rate).
The numerical computation uses the basic formula for a spi-
ral trajectory and the relationship between gradient g(f) and
trajectory k(f), under the constraints of maximum gradient
Gox and maximum slew rate S, as described in Eqs. 8.6,
8.7, and 8.8:

k(r)=46(r)e™" (8.6)
[jdk(t)
g(t)= YT,with 2(1) <G, (8.7)
dg(t
s(1)= %,withk(t) <S8, (8.8)

In Eq. 8.6, the constant A is determined by the number of
spiral interleaves N, and the FOV for full sampling in the
k-space, A = NJ(2zFOV). The time step At in k(¢) is limited
to the raster time of the gradients or multiples (or fractions)
of this under the constraints imposed by G, and S;,.

Data Acquisition
MRI Systems

The AWSOS pulse sequence is applicable to clinical MRI
scanners at 1.5 T, 3 T, and 7 T, with maximum gradient
amplitudes of 40 mT/m and maximum slew rates of 150T/m/s
or higher. In principle, it is also applicable at low fields such
as 0.5T or lower, where it may have unique benefits in SNR
resulting from the long readout time of spiral acquisitions.
AWSOS pulse sequences have no extra requirement for RF
transmit or receive coil performance and thus are compatible
with standard coils and coil arrays for the head and body, as
well as custom-built ones.

Optimization of RF Excitation

The RF excitation profile of the slab is critical for the quality
of AWSOS images when the MRI system’s body coil is

employed for RF excitation to image a limited area of anat-
omy such as the head or knee. The slab profile is desired to
be flat, but, in practice, it may be curved or even contami-
nated by wraparound artifacts when low values of the sinc
cycle are used (Fig. 8.2). Use of sinc cycles of 1.0 and 1.5
can avoid wraparound artifacts, and the cycle of 1.5 produces
a better profile (Fig. 8.2f, g). Use of a wide transition band in
the slab profile decreases the intensity of four to five slices at
each end of the slab, so that only two-thirds of the total num-
ber of slices is useful. This can be acceptable for imaging of
the knee joint, but not for the head where higher and lower
slices are as important as central ones. A nonselective hard
pulse may be used to achieve a flat profile when a long slab
is used, or a localized receive coil may be used. SLR pulses
with linear or minimum phases were employed to try and
achieve a flat profile, but this did not work out.

The minimum echo time (TE,;,) achievable with the
AWSOS pulse sequence depends on the RF pulse duration,
slab thickness, and hardware limitations (e.g., maximum gra-
dient G,,,, and slew rate S, coil switching time from trans-
mit to receive mode, and pulse synchrony). TE,;, decreases
monotonically with increasing slab thickness. For instance, it
is 0.98 ms at a slab thickness of 10 mm but 0.52 ms at a slab
thickness of 150 mm when the RF pulse is 0.8 ms in duration.
Notably, TE,;, decreases substantially (~50%) when the slab
thickness increases from 10 to 70 mm. Further increase in
slab thickness does not reduce TE,;, a lot (<20%), reflecting
the small change in the duration of the refocusing gradient.
TE,.i, is dominated by the duration of the refocusing gradient
for short slabs but not by the duration of the RF pulse for long
slabs. Therefore, decreasing the duration of RF pulse is an
efficient way of producing a short TE,;,, but this is limited by
safety requirements on clinical MRI scanners. Short RF dura-
tions require large B, amplitudes, and the maximum B, is lim-
ited by the RF subsystem. Nevertheless, both RF duration and
slab thickness can be adjusted to produce the shortest practi-
cal TE,;, making careful choice of their values. For instance,
to achieve a TE,;, of 0.6 ms, the minimum slab thickness is
30 mm for an RF pulse of 0.6 ms duration, 60 mm for 0.8 ms,
and 200 mm for 1.0 ms.

SAR concerns impose an extra constraint on the duration
of RF pulses. SAR was estimated in our previous work [1]
using volume averaging over a spherical head model via
Eq. 27.43 in Haacke et al. [9]. With parameters ¢ = 0.3 S/m;
R =200 mm; 6 = 90°;, p = 1.0 g/cm’; TR = 100 ms; and
T = 0.8 ms, SAR was estimated as 0.165 W/kg at 1.5 T,
0.666 W/kg at 3T, and 3.626 W/kg at 7 T, respectively. These
estimates are within the IEC/FDA limit of 2 W/kg for whole
body at normal operating mode [9, 15] for 1.5 T and 3 T but
not for 7 T. Longer TRs (>200 ms) or smaller flip angles
(<45°) are required on 7 T scanners to keep SAR within
safety limits.
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(0.8ms, 1.0)

(0.8ms, 1.5)

Fig. 8.2 AWSOS images of a phantom obtained at 1.5 T: (a—c) axial,
sagittal, and coronal slices. The oblique comb bars in (a) are clearly
visible with high in-plane resolution of 0.55 mm. (d—g) Sagittal images
and slab profiles (below) at different durations and cycles of a sinc RF
pulse. Short duration and small cycle (d—f) produce wrap-around arti-

Optimal Parameters for Spiral Trajectories

The number of spiral interleaves determines the readout time
of a spiral interleaf and total scan time. Use of a short read-
out time means that a large number of spiral interleaves are
needed. Thus, there is a trade-off between readout time and
spiral number for acceptable total scan times. Given the fact
that a readout time of two to three times the value of T, is
acceptable in UTE MRI (e.g., 6-9 ms for a typical short T, of
3.0 ms), the optimal number of spirals is 2—4 for a matrix
size of 64 x 64, 610 for a matrix size of 128 x 128, 18-30
for a matrix size of 256 x 256, and 60—120 for a matrix size
of 512 x 512, at a FOV =220 mm (Table 8.1) [1]. For a FOV
of 140 mm as used in knee imaging, the numbers become
3—4 for a matrix size of 64 x 64, 8-12 for a matrix size of
128 x 128, and 24-40 for a matrix size of 256 x 256. The
total scan time can be as short as 72 s for an in-plane FOV of
220 mm. The total scan time can be further reduced if fewer
slice encodings are used.

facts (arrows). A flat profile (g) is produced at 0.8 ms duration and
1.5 cycles. TE/TR = 0.608/100 ms; flip angle = 30%
FOV = 140 x 140 x 150 mm?; matrix size = 256 x 256 x 30; and spiral
interleaves = 36. (Adopted with permission from Ref. [1])

Table 8.1 Optimal spiral gradient parameters for AWSOS sequences
at Gy = 40 mT/m, S,,,, = 150T/m/s, and T, = 3 ms. (Adopted with
permission from Ref. [1])

Total
FOV | Matrix | Resolution | Number | Readout acquisition
(mm) |size (mm) of spirals |time (ms) | time (s)*
220 |64 3.44 2-4 10.120- 6-12
5.064
128 1.72 6-10 9.544— 18-30
5.728
256 0.86 18-30 9.352— 54-90
5.784
512 0.43 60-120 | 10.080- 180-360
5.448
140 |64 2.19 34 8.456— 9-12
6.344
128 1.09 8-12 9.088- 24-36
6.160
256 0.55 24-40 10.064— 72-120
6.304

AWSOS acquisition-weighted stack of spirals, FOV field of view
*Calculated with TR = 100 ms and slice encoding number = 30 without
signal averaging
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Table 8.2 Efficiency of the AWSOS acquisitions for 3D imaging. (Adopted with permission from Ref. [1])

Sampling mode Total shots Ratio Ratio at N = 64, Nyice = Npphase = 256
Cartesian/partial radial® Nyice X Nphase 1.0 1.0

Full radial TN phase X Nppase TN phase/ Nitice 3.14

AWSOS Nijice X Nypiral Nopirat/ Nohase 0.25

AWOS acquisition-weighted stack of spirals, 3D three-dimensional

2Partial radial sampling takes 32% (or 1/z) of that for full radial projections. Isotropic resolution in the three spatial directions was used in the

calculation

Typical MRI Scans of the Head and Knee

For scans of the human head at 1.5 T and 3 T, the following
parameters are used in our practice: a sinc pulse of 0.8 ms
duration and 1.5 cycles to excite a slab of 180 mm thickness
to obtain 60 slices of 3 mm thickness (or 120 mm slab thick-
ness for 60 slices of 2 mm thickness); axial slice orientation;
TE/TR = 0.6/100 ms (with fat saturation); flip angle = 30°;
in-plane square FOV of 220 mm; spiral interleaves = 24 at
matrix size 256 x 256 (resolution = 0.86 mm), or 64 at matrix
size 512 x 512 (resolution = 0.43 mm), or 512 at matrix size
1024 x 1024 (TR = 40 ms) (resolution = 0.22 mm). TR is
adjustable to produce a total acquisition time within an
acceptable range.

For scans of the human knee joint at 1.5 T and 3 T, we
suggest similar parameters: i.e., a sinc pulse of 0.8 ms dura-
tion and 1.5 cycles to excite a slab of 120 mm thickness for
60 slices of 2 mm thickness; sagittal (coronal or axial) slice
orientation; TE/TR = 0.6/80 ms (with fat saturation); flip
angle = 30°; in-plane square FOV of 140 mm; spiral inter-
leaves = 24 at matrix size 256 x 256 (resolution = 0.55 mm),
or 64 at matrix size 512 x 512 (resolution = 0.27 mm), or 512
at matrix size 1024 x 1024 (with TR 40 ms)
(resolution = 0.14 mm).

For scans of the human head/knee at 7 T, the following
parameters are changed: a sinc pulse of 1.0 ms duration and
1.5 cycles to excite a slab of 180 mm for 60 slices of 3 mm
thickness (or 120 mm slab thickness for 60 slices at a 2 mm
thickness); TE/TR = 0.6/100 ms (with fat saturation); and
flip angle = 18-20°. Other parameters are the same as those
used at 3 T.

Sampling Efficiency and SNR

The efficiency of AWSOS sampling is similar to that of con-
ventional stack of spirals acquisitions [1, 16] and is mea-
sured using the total number of shots (N X Nypira) needed
for a Nyquist sampling. The SNR of AWSOS images is esti-
mated by comparing image intensity computed using the
point spread function (PSF) and its full width at half maxi-
mum (FWHM). This includes effects due to T, decay during
slice encoding and spiral readout. The noise variance is com-
puted using a formula for weighted multiple random vari-

ables (Eq. 8.29 as described by Liang and Lauterbur [17]).
This gives the formulas shown in Egs. 8.9 and 8.10:

SNR oc psf (0)(FWHM)’ (N, N, Ny ) 7m0 (8.9)
1/2
n = (Nspiral Npts Zwlf j (8 10)
k

where N, is data points per spiral interleaf, wy is sampling-
density weighting at each point, n =~ 1.0, and
NpirailNpis & NphaseNVireq Tor full spiral sampling and Njpase (NVireq)
is the number of phase encodings (frequency encoding
points). Thus, SNR in spiral sampling is almost the same as
for Cartesian sampling, when T, decay is ignored.

Table 8.2 lists the efficiency of AWSOS sampling relative
to Cartesian and radial sampling. Although UTE imaging
needs more spirals than conventional long-TE imaging to
minimize T, decay, AWSOS sampling is 4 times as fast as
Cartesian or partial radial sampling, and 12 times as fast as
full radial sampling. The SNR of a voxel on AWSOS images
was found to be 91-97% of that without T, decay, at four
tested ratios of sampling time T, to T, i.e., TJ/T, = 0.867,
1.07, 1.93, and 3.21. Spiral readout time did not change SNR
significantly (<10%).

Technical Tips
Positioning of Study Subjects

The AWSOS sequence employs a non-Cartesian data acqui-
sition with a spiral trajectory, and so there is no simple rela-
tionship between the image domain object and k-space data
in shifting FOVs. As a result, non-Cartesian sampling does
not support shifting of the FOV on the display screen without
additional adjustment [18]. Adding a phase term to the raw
data is necessary to support FOV shifting during data acqui-
sition via analog/digital conversion (ADC) or during image
reconstruction through mathematically complex multiplica-
tion. Current approaches provided by MRI systems, such as
phase modification to waveforms of spiral encoding gradi-
ents, allow operators to shift FOVs on the display screen, but
this generates image distortion when large shifts are made
(Fig. 8.3). To mitigate this type of distortion, our experience
suggests positioning the area of interest (e.g., head or knee
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Fig. 8.3 AWSOS positioning and image distortion of a bottle phantom
at 3 T: (a) isocenter and (b) off-isocenter positioning of the FOV. At the
isocenter FOV in (a), there is no image distortion (arrow, magnified
zone). At the off-isocenter FOV in (b), there is image distortion (arrow,

joint) at the isocenter of the magnet, or as close as possible to
this, and ideally within a small fraction of the FOV (<10% of
FOV) [3]. In the slice direction, however, the AWSOS
sequence allows free positioning as it uses uniform
encoding.

Figure 8.3 demonstrates the effect of positioning on image
blurring. A standard bottle phantom was scanned with and
without centering the FOV (220 mm). When the FOV was
placed at the isocenter of the magnet, the phantom image had
no distortion as shown in the magnified zone in Fig. 8.3a.
When the FOV was shifted away from the isocenter by dis-
tances of Ax =54.3 mm and Ay = 33.0 mm, and repositioned
at the center of the phantom, the image showed obvious dis-
tortion (Fig. 8.3b). However, no distortion was observed
when the FOV was shifted distances less than 20 mm (not
shown in the figure). Thus, isocenter positioning minimizes
image distortion relative to off-center positioning.

B, Field Shimming

Spiral data acquisitions in the k-space are sensitive to inho-
mogeneity of the B, field, and this causes image blurring
[19]. The blurring can be minimized by good shimming
(linewidth <60 Hz at 3 T). This is achievable through manual
shimming and frequency adjustment (a process that removes
the constant and linear terms in the B, field inhomogeneity),
as well as by use of a short spiral readout time [20]. Manual
shimming, including frequency adjustment, usually needs
three iterations and requires ~1.5 min to complete, which is

97

Distortion
~ i

Object-centered FOV

magnified zone). The off-isocenter FOV in (b) was obtained with the
object at the center of the prescribed FOV. TE/TR = 0.6/30 ms; 0 = 15°;
FOV =220 mm; and matrix size = 256. (Adopted with permission from
Ref. [3])

relatively long compared to auto shimming which requires
~0.5 min to complete.

Image Blurring Due to Off-Resonance Effects

Image blurring due to off-resonance is much larger than that
due to T, decay and can range from 1-40 times pixel size [1,
13]. For instance, image blurring is 12 times pixel size with
a readout duration of 9.352 ms and a small frequency offset
of 1.0 ppm and 40 times pixel size at 3.4 ppm frequency off-
set (i.e., that of fat signals). As a result, fat signal suppression
is critically important for AWSOS imaging. In addition, large
scale blurring is accompanied by wide scattering of pixel
energy, and this leads to pixel intensities as low as 20% of the
original value, or even down to the level of background noise
at high field (>3 T). As a consequence of this, the spiral read-
out has an inherent ability to suppress off-resonance signals.
More details about the spiral off-resonance effects and cor-
rections can be found in work by Noll et al. [19] and
Yudilevich and Stark [20].

Image Blurring Due to T, Decay

T," decay during spiral readout serves as a windowing func-
tion in k-space and causes image blurring which can be
assessed by measuring the FWHM of the PSF. Blurring
increases linearly with spiral readout time [1]. T," relaxation
adds 40-66% blurring to a pixel when the spiral readout is
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two to three times T,". On average, 20% blurring is produced
by each T," period in the readout. Notably, even without T,"
relaxation, spiral sampling itself contributes 23% to blurring
because of its disk region in k-space. The pixel size at a read-
out time of three times T," nearly doubles pixel size. In addi-
tion, pixel intensity, characterized by the PSF maximum,
also decreases with spiral readout time. The intensity is
reduced to 50-42% from its relaxation free value at readouts
between two to three times T,". Thus, T, relaxation signifi-
cantly increases image blurring when spiral readouts are
used. However, this negative effect can be controlled by use
of short spiral readouts, such as those about twice the dura-
tion of T,". These are usually acceptable because the moder-
ate image blurring is compensated for by a substantially
reduced total acquisition time.

Slice# 18

Fig. 8.4 AWSOS images of a healthy human brain at 1.5 T: (a—f) rep-
resentative slices displayed at the same window width and level. The
intensities of side slices #6 (a) and #25 (f) are decreased due to the
transition band of the RF pulse. TE/TR = 0.608/500 ms; flip angle = 30°;

Examples: Brain Imaging

Figure 8.4 shows AWSOS head images of a healthy volun-
teer obtained at 1.5 T (GE Signa, Milwaukee, WI) with a
maximum gradient amplitude of 40 mT/m and a maximum
slew rate of 150 T/m/s. A GE standard birdcage head coil
was used. The study was approved by our institutional review
board (IRB). The slices were selected to show most of the
excited slab centered at slice #15. A high in-plane nominal
resolution of 0.86 mm was attained, clearly showing small
structures in the nasal cartilages as well as in white and gray
matter. The high spatial resolution also resulted in very little
image blurring from inhomogeneity of the B, field.
Measurement showed that fluctuation of the B, field during
scanning was within 1.0 ppm.

FOV = 220 x 220 x 150 mm?; matrix size = 256 x 256 x 30; and sinc
RF pulse of 0.8 ms duration and 1.5 cycles. (Adopted with permission
from Ref. [1])
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Fig. 8.5 AWSOS images of a healthy human brain at 1.5 T (two slices
in the upper and lower rows): (a) UTE, (b) long TE, and (c) difference
between (a) and (b). The difference images highlight meninges and

Figure 8.4 also demonstrates substantial signal from
short-T, tissues. The nasal cartilage and optic nerve, which
are rich in short-T, components, show high intensity on the
UTE image (Fig. 8.4a). This high signal may be helpful in
the diagnosis and monitoring of fractured nasal cartilages
and disease of the optic nerve.

Figure 8.5 shows difference images between UTE
(0.6 ms) and long TE (10 ms) images. In the top row, the
meninges are highlighted on the difference image. Also
shown is reduction of CSF signal in the lateral ventricles
which may find applications in the imaging of adjacent dis-
ease of the brain. In the bottom row, the brain parenchyma
is dominated by hyperintense CSF and blood vessels on
both UTE and long TE images. In contrast, the difference
image highlights the brain itself and depicts structures
which may be helpful in disease diagnosis and treatment
monitoring.

TEO.6-TE10

TEO.6-TE10

parenchyma (arrows) but show low signal in CSF in the ventricles and
in the parenchyma (arrowheads). (Adopted with permission from Ref.

(1D

Examples: Knee Imaging

AWSOS knee imaging was implemented on a clinical 3T
scanner (Magnetom Trio Tim, Siemens Medical Solutions,
Erlangen, Germany) using an eight channel knee coil (In
vivo, Gainesville, FL). The study protocols were approved
by the authors’ IRB [3].

Patellar Cartilage and Tendon Images

Figure 8.6 shows AWSOS images of the knee joint of a
healthy subject. Figure 8.6 (top) shows patellar cartilage at
two high resolutions of 0.28 mm and 0.14 mm, respectively.
In Fig. 8.6a, patellar cartilage is fully visible but is only par-
tially visible on conventional images obtained at a long TE
(~10 ms). The zoom-in inset clearly presents hyperintensity
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res=0.28mm

Fig. 8.6 AWSOS high-resolution UTE image of patellar cartilage and
tendon in a healthy subject at 3 T. (a) high- and (b) ultrahigh resolution,
with the inserts showing microstructure in cartilage (arrows). (¢, d)
Local and full views of the patellar tendon, clearly illustrating collagen
bundles inside the tendon (arrow). B, indicates the direction of main
magnetic field. The magic angle effect alters the intensity of the tendon

across the entire depth of the cartilage, especially in the deep
uncalcified cartilage. Even brighter signal is visible in the
calcified layer adjacent to subchondral bone. Across the tis-
sue, signal intensity increases from superficial to deep lay-
ers, reflecting T, values decreasing from superficial to deep
tissue, as the UTE image is T;-weighted (TE/TR =0.6/80 ms).

X

in (c) and (d) and produces high signal leading to a bright and dark
appearance. TE/TR = 0.6/80 ms; 6 = 30°; FOV = 140 mm; slice
thickness = 2 mm at matrix size = 512 (a); and 3 mm at matrix
size = 1024 and TR = 60 ms (b). (Adopted with permission from Ref.
3D

In Fig. 8.6b, the higher-resolution image (0.14 mm) shows
radial microstructure in the patellar cartilage next to the car-
tilage/bone interface and thus has the potential to detect
microdamage in early osteoarthritis (OA).

Figure 8.6 (bottom) shows a patellar tendon image
obtained at a high resolution of 0.28 mm, with clearly visible
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collagen structure inside, which is otherwise hypointense
(dark) on conventional MRI at a long TE (~10 ms). The
bright and dark areas in the tendon illustrate magic angle
effects resulting from varying orientation of the collagen
fibers to the static magnetic field. This is consistent with pre-
vious reports of the magic angle effect in tendons [21].

Fig. 8.7 AWSOS high-resolution UTE image of the meniscus in a
healthy subject at 3 T. (a, b) Full and zoom-in views of in transverse
orientation and (¢, d) full and zoom-in views in sagittal orientation. In
the zoom-in views (b, d), small fine structure in the meniscus is clearly

Meniscus, ACL, and PCL

Figure 8.7 demonstrates a meniscus in high-resolution trans-
verse and sagittal views [3]. The transverse view clearly
shows both the medial and lateral menisci (Fig. 8.7a, b),
while the sagittal view demonstrates high signal intensity

res=0.28mm

res=0.28mm

visible (arrows). TE/TR = 0.6/80 ms; 8 = 30°; FOV = 140 mm; matrix
size = 512; and slice thickness = 2 mm. (Adopted with permission from
Ref. [3])
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throughout the meniscus (Fig. 8.7c, d). The zoom-in images
illustrate fine structure in the medial edge of the meniscus
(Fig. 8.7b) and central structures on the sagittal view
(Fig. 8.7d). Figure 8.8 shows high-resolution UTE images of

Y. Qian and F. E. Boada

the anterior cruciate ligament (ACL) and the posterior cruci-
ate ligament (PCL). The ligaments appear hyperintense, in
contrast to their hypointense appearance with long TE
images. Ligaments and entheses are also clearly visible.

res=0.28mm

Fig. 8.8 AWSOS high-resolution UTE image of the PCL (a, b) and
ACL (c, d) in a healthy subject at 3 T. B indicates the direction of main
magnetic field. Full (a, ¢) and zoom-in views (b, d) are shown. In the
zoom-in views, PCL (b) and ACL (d) bundles (arrows) are clearly vis-

res=0.28mm

ible (arrows). TE/TR = 0.6/80 ms; @ = 30°; FOV = 140 mm; slice thick-
ness = 2 mm; and matrix size 512. (Adopted with permission from Ref.

(3D
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Examples: Imagingat7 T

The 7T MRI has the potential to double the SNR of images
relative to the 3 T. This is critically important when ultrahigh-
resolution (0.14 mm) UTE imaging is pursued to detect sub-
tle defects and alterations in key tissues of the knee joint,
such as cartilage, meniscus, ligaments, tendons, and the
chondro-osseous junction [22-24]. Osteoarthritis (OA),
especially post-traumatic OA, in the knee joint involves mul-
tiple functional components of the joint. A comprehensive
interaction among these functional tissues may be responsi-
ble for the onset and progression of OA [25, 26]. Use of 7T
MRI could unleash the power of UTE imaging to detect dis-
ease onset and progression in OA.

A 7T whole-body MRI scanner (MAGNETOM 7T,
Siemens) with a 28-channel Tx/Rx knee coil (QED, Ohio)
was employed to study healthy subjects [4]. IRB approval
and written informed consent were obtained. Data acquisi-
tion for AWSOS imaging was optimized using the following
parameters: FOV = 140 x 140 x 120 mm? matrix
size = 1024 x 1024 x 60; resolution = 0.14 x 0.14 x 2 mm?;
flip angle = 13° fat saturation (Fatsat) = on; TE/
TR = 0.6/53 ms; spirals = 250; spiral readout time
T, = 16.72 ms; and TA = 13 min 34 s. Image reconstruction
was implemented offline (due to the limited computation
capacity of the scanner, version VB17A) using a custom-
developed program in C++ (MS Visual Studio 2019,
Redmond, WA). SNR was measured on magnitude images

Femoral cartilage

Fig. 8.9 AWSOS ultrahigh-resolution UTE image of femoral cartilage
(long arrow), tibial cartilage (short arrow), patellar cartilage (long
arrow), and chondro-osseous junction (red arrows, black region) in a
50-year-old healthy male, left knee at 7 T. (a) Full FOV; (b) local view

by taking the ratio of the mean intensity in a region of inter-
est (ROI) to the adjusted standard deviation (SD) of noise-
only background [27], i.e., SNR = MEAN"0.656/SD.

Figures 8.9, 8.10, and 8.11 demonstrate AWSOS ultra-
high-resolution 7T UTE images and show the potential of
the images to simultaneously visualize multiple functional
connective tissues in the knee joint: femoral, tibial, and
patellar cartilage as well as the chondro-osseous junction
(Fig. 8.9); menisci (Fig. 8.10); ACL, PCL, and patellar ten-
don (Fig. 8.11). The measured SNR of these tissues was
22-34, which is high enough to visualize subtle alterations
in morphology. The SNR in menisci across the male and
female subjects was nearly constant (23.3 vs. 21.0), sug-
gesting robustness and repeatability of the AWSOS
technique.

AWSOS ultrahigh-resolution UTE imaging at 7 T pro-
vided in a single scan simultaneous visualization of multiple
functional components of the knee joint. This advantage
mainly resulted from matched combination of the AWSOS
sequence, 7T magnet, and use of a dedicated knee coil.
Without them, the power of ultrahigh-resolution UTE tech-
nique would not be revealed. The scan time (13 min 34 s)
was acceptable. The studied subjects did not report com-
plaints and were able to keep their knees still during the scan.
SAR (specific absorption rate) was an issue that required a
longer TR (53 ms) when fat saturation was used, compared
with a shorter TR (20 ms), and thus a shorter scan time of
5 min 8 s when Fatsat was not used.

Patellar cartilage”
SNR = 34 2

"

of the femoral cartilage, tibial cartilage, and chondro-osseous junction;
and (c) local view of the patellar cartilage. In-plane resolution 0.14 mm
and slice thickness 2 mm. (Adopted with permission from Ref. [4])
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Anterior SNR = 25
Posterior SNR = 24.2

C Anterior SNR =

233

Posterior SNR = 21.0

\

Fig. 8.10 AWSOS ultrahigh-resolution UTE image of anterior (long
arrow) and posterior (short arrow) horns of a meniscus at 7 T. (a, b) Full
and local views (healthy male, 50 years old, left knee), and (¢, d) local
and full views (healthy female, 47 years old, left knee). The meniscal

sate bgament

Fig. 8.11 AWSOS ultrahigh-resolution UTE image of a healthy sub-
ject (male, 50 years old, left knee) at 7 T. (a, b) Full and local views of
the ACL. (¢, d) Full and local views of the PCL. (e) Local view of the

Discussion

AWSOS is an efficient pulse sequence for high-resolution
UTE MRI of the human head and knee. The acquisition effi-
ciency was attained by use of selective excitations and spiral
data collections. The image SNR at high in-plane resolutions
was preserved due to separation of in-plane resolution from
slice thickness. The AWSOS pulse sequence is specifically

tissue has nearly the same SNR and shows good repeatability of the
ultrahigh-resolution UTE imaging at 7 T. In-plane resolution 0.14 mm
and slice thickness 2 mm. (Adopted with permission from Ref. [4])

Patellar tendon
SNR =268

patellar tendon (arrow). In-plane resolution 0.14 mm and slice thickness
2 mm. (Adopted with permission from Ref. [4])

suitable for imaging tissues with short T, values (1-10 ms).
The minimum T, is limited by the use of slab-select excita-
tion. This can be avoided by use of a nonselective or hard
pulse for excitation when appropriate.

The number of slice encodings directly increases the total
acquisition time with the AWSOS sequence. This number is
determined by both slab length and slice thickness. When
slice thickness is fixed (e.g., 2 mm), a shorter slab leads to
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fewer slice encodings. Another strategy to reduce the number
of slice encodings is to use variable-density slice encoding
with more encodings at the center of k-space than at the
edge. This may reduce the encoding steps by as much as
60% but increases the complexity of image reconstruction
(and thus the risk of unwanted image artifacts). Thus, short
slabs and/or nonuniform slice encoding are options to
improve the efficiency of AWSOS acquisitions.

Another major contribution to total acquisition time is the
number of spiral interleaves. The minimum number is lim-
ited by tolerance to image blurring caused by long readout
times. In our experience, a readout of ~2 x T, is tolerable
(~58% blurring). Alternatively, the number of spirals can be
reduced using parallel imaging with multiple coils without
increasing readout times [28, 29]. When using the AWSOS
pulse sequence with parallel imaging, it is convenient to skip
spiral interleaves [29], but the image reconstruction is still
time-consuming [28-33].

By sampling in a cylindrical volume in the k-space, the
AWSOS sequence is able to separately select in-plane reso-
lution and slice thickness and thus provides users with flexi-
ble choices of in-plane resolution while maintaining
acceptable SNRs. For instance, at an in-plane FOV of
220 mm, users may select image matrix sizes of 64 x 64,
128 x 128, 256 x 256, 512 x 512, or 1024 x 1024 to produce
nominal spatial resolutions of 3.4-0.22 mm, without chang-
ing slice thickness. On the other hand, slice thickness may be
decreased or increased by changing the number of slice
encodings, while the in-plane resolution remains unchanged.

There are no geometrical restrictions on the selection of
slice direction in the AWSOS pulse sequence. It can be
implemented in any part of the body on clinical MRI scan-
ners with conventional coils using standard system parame-
ters (e.g., field strength >1.5 T, maximum gradient
>40 mT/m, and maximum slew rate > 150T/m/s). However,
it is suggested that the slice direction should lie in the direc-
tion of lowest spatial resolution, such as use of axial slices in
imaging the brain.

The AWSOS pulse sequence is applicable to multiple
nuclei, including protons (*H) and non-protons such as
sodium (*Na). Thus, there are no specific limitations to the
type of nucleus with the AWSOS sequence. However, due to
smaller gyromagnetic ratios, non-proton imaging may
require larger gradient amplitudes and longer readout times.
Optimal parameters for slab excitations and spiral readouts
for non-proton imaging differ from those shown for proton
imaging in this study.

Slab profile is a challenge with the AWSOS sequence due
to the low amplitude of the slab-select gradient that is used.
Approximately two-thirds of the slab is currently located
within the passband of excitation, while one-third is in the
transition band, decreasing the efficiency of the AWSOS
imaging. In the future, RF pulses with narrower transition
bands need to be developed to address this.

Summary

The images in this chapter show that the AWSOS sequence
can perform 3D imaging with ultrashort TEs, high in-plane
resolution, and short total scan times. These features result
from variable-duration slice encodings, movable spiral data
collections, and the separation of in-plane resolution from
slice thickness.
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The Variable Echo Time (VTE) Sequence

Benedikt Hager, Vladimir Juras, Olgica Zaric,
Pavol Szomolanyi, Siegfried Trattnig, and Xeni Deligianni

Introduction

Conventional MRI sequences with long echo times (TEs)
usually cannot adequately image tissues such as tendons and
menisci because the transverse relaxation times (T,s and
T,*s) of these tissues are very short, and this results in low
detectable signal. However, tissues with very short T,s and
T,*s are of great clinical importance, especially in musculo-
skeletal disease.

The variable echo time (VTE) sequence presented here
uses very fast measurements with sub-ms TEs, to allow
detection and measurement of tissue short T,s and T,*s. The
VTE sequence does not achieve TEs as short as those obtained
with radial UTE sequences, but it requires a much shorter
scan time for comparable protocols and is less susceptible to
artifacts caused by system delays and eddy currents. As a
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result, the VTE sequence is more readily usable in clinical
settings.

In this chapter, the general design of the vTE sequence, its
various applications, and the differences between it and other
short TE sequences are explained.

Sequence Description

Although it is difficult to pin down the exact origin of the vTE
technique, it could be argued that the general concept under-
pinning it dates back to the technique of NMR Fourier zeug-
matography described by Kumar, Welti, and Ernst in 1975 [1].
The latest version of the vTE sequence that we present here is,
in addition, inspired by more recent work in which a vTE
approach was used to study cortical bone water, the inner ear,
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and the human skin with microscopic resolution (<100 pm) by
Song et al., Techwiboonwong et al., and Ying et al. [2—4]. The
core concept of the VTE technique is performing phase encod-
ing by varying the duration of the phase encoding gradient
rather than by varying its amplitude, which is the case with
conventional clinical MRI sequences [5]. This principle and
the fact that the signal contrast is determined by the lower spa-
tial frequencies (which are located in the center of k-space) are
exploited in VTE sequence schemes which achieve very short
TEs at the center of k-space by using very short duration phase
encoding pulses. Song and Wehrli extended the concept from
two dimensions (2D) to three dimensions (3D) by varying
phase encoding gradients to minimize the TE in both the z-
and y-directions with 3D partial flip angle gradient and spin
echo-based acquisitions [2].

The most recent application of the vTE concept described
here is based on a 3D Cartesian spoiled gradient recalled
echo (SPGR) sequence [6]. Employing a gradient echo
sequence allows considerable reduction in total scan time,
and this can be used to adapt protocols to the specific needs
of short T, and T,* tissue imaging. Although the sequence
was initially realized in 2D versions, 3D versions benefit
most from the VTE concept. The first TE toward the center of
k-space is minimized by dynamic adjustment while keeping
the bandwidth constant (since the minimum TE depends
strongly on the readout gradients) [2, 4, 6]. The TE is then
minimized for each line of k-space toward the center where
smaller gradient moments are required for phase and slice
encoding. With minimal phase encoding, the TE is deter-
mined by the gradient moments for slice selection and fre-
quency encoding which is the effective TE (Fig. 9.1). The
TE increases with increasing in-plane resolution for fixed
readout bandwidths and a given slice thickness.

As the phase encoding moment increases, the TE.
increases beyond the minimum TE (Fig. 9.1). The vTE
sequence benefits greatly from increased gradient perfor-
mance (i.e., maximum slew rate and amplitude) as well as
switching times. The slew rates and maximum amplitude of

the gradient system greatly affect the minimum value that
can be achieved for the first TE at a given readout bandwidth.
As aresult, the vTE sequence is particularly suitable for sys-
tems with small bores and strong gradient performance.
Although interesting results have been shown at 1.5 T, the
sequence generally performs better at high to very high static
field strengths (3 T and 7 T).

The vTE scheme has been complemented by the addition
of other new features in the latest version of the sequence.
This provides efficient sub-millisecond (sub-ms) TE imag-
ing [6]. The basic characteristics of the sequence, apart from
the variable TE in the slice and phase directions, are a highly
asymmetric readout, nonselective radiofrequency (RF)
pulses for excitation, and 3D Cartesian k-space sampling.

The highly asymmetric partial echo readouts (i.e., typi-
cally 11-16%) with standard Cartesian sampling are of par-
ticular importance for the sequence, as they significantly
reduce TEs. However, it is well known that partial echo data
are prone to artifacts. Projection onto convex sets (POCS)
has been successfully used to avoid these artifacts and
improve image reconstruction.

Overall, the combination of these techniques reduces the
effective TE to about 800 ps at spatial resolutions as high as
500 pm (see Table 9.1), thus providing a comprehensive pro-
tocol that is well suited for tissues with short T, and T,*s. If
a longer TE is acceptable, higher resolution, greater cover-
age, and reduced scan times can be achieved.

RF Excitation

The basic excitation scheme for the sequence consists of
short, nonselective RF pulses (<500 us), which allow very
short TEs and so increased signal from short-T,* tissues. The
excitation pulse duration may be decreased if the flip angle is
decreased to meet the Ernst angle or contrast requirements.
The robust and fast sequence scheme also supports flexi-
ble addition of magnetization preparation modules, for

ky,z =0 ky,z = Kpmin ky,z > Krmin
e[ ] [] []
" ﬂ\ 7 ﬂ\__/ 7
PH/ SL
e <> <>
TE = TE i, TE =TEmin TE > TE i

Fig. 9.1 The vTE sequence. The TE changes depending on the vari-
able pre-phasing gradient moments k, in the phase (PH) and k, in the
slice (SL) direction. A minimum TE is shown at the center of the
k-space (left). This is primarily limited by the time acquired for excita-
tion and frequency encoding along the readout (RO) direction. As long

as the variable phase encoding moments k, and k, take less time than
that for the excitation and frequency encoding, the minimum TE is
maintained (center). After this, further increase in the phase encoding
moments means that TE needs to increase (right) [6]
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Table 9.1 Parameters for some exemplary VTE protocols used in previous studies [6—8]

TEs (ms) Voxel resolution (mm?)/slices Field strength (T) Scan time (min)/averages Region of interest
0.8/8.22 0.55 x 0.55 x 2.5/52 3T-'H 2.4/1 Knee joint [6]
0.92/8.08 0.36 x 0.36 x 1.0/120 7T-"H 7.5/1 Knee joint [6]
0.98/5.37 0.6 x 0.6 x 5.0/12 3T —'H 5.4/7 Sciatic nerve [7]
1.02/- 0.42 x 0.42 x 0.5/128 7T-"'H 6.2/1 Achilles tendon [6]
1.22 1.6 x 1.6 x 3/52 7T —*Na 25.1/28 Knee joint [8]

*Wider bore clinical system

Table 9.2 Examples of sequence parameters used with interleaved echo acquisitions to perform T,* mapping [10-12, 15, 16]

TEs (ms) Voxel resolution (mm?)/slices | Field strength (T) | Scan time (min)/averages | Tissue of interest

0.8-20 0.7 x0.7%x0.7/144 3T-"H 12.16/1 Achilles tendon [12]

(20 TEs)

0.4-12ms (9 TEs) | 0.06 x 0.06 x 0.4/22 7T —'H 90/4 Menisci [10]

0.66-51.62 (40 0.098 x 0.098 x 0.4/72 7T -'H 96/1 Achilles and patellar tendon specimens
TEs) [11]

0.75-22.42 (10 0.42 x 1.02 x 0.70/64 3T-'H 12.16/1 Menisci [15]

TEs)

2.64-60.42 (10 4x4x15/12 7T —*Na 46:50/24 Kidneys [16]

TEs)

2Experiments with an additional MR microscopy system [10, 11]

example, to suppress fat signals [9, 10]. Fat signal suppres-
sion is especially important for visualizing short T, and T,*
components in clinical musculoskeletal (MSK) imaging and
frequently improves the quality of images.

In the specific case of vTE schemes, fast spectral water
excitation based on a short binomial excitation has been
extensively studied and demonstrates excellent fat sup-
pression in addition to an improved signal-to-noise ratio
(SNR) [9]. Compared to conventional fat saturation (FAT-
SAT) methods, binomial excitation offers greater time effi-
ciency since little additional time is needed for
magnetization preparation. In addition and in agreement
with the simulations, a binomial pulse close to 90° was
less sensitive to main magnetic field inhomogeneities,
yielded minimum signal loss, and had comparable quality
fat suppression to that obtained with a 180° inversion
pulse. It should be underlined that, for short-T, and T,*
tissues, as well as operation at lower field strengths, the
choice of the water—fat phase evolution time for binomial
pulses is important.

Multiple Contrasts and Reconstruction

In the original form of the sequence, the first echo image is
determined by the VTE scheme [6], while the subsequent sec-
ond and other following images are fully sampled.
Nevertheless, due to the flexibility of the sequence, alternative
multi-echo sampling schemes with interleaved echo sampling
have been developed [6, 10-13]. The second echo can be
either fully or partially sampled. Partial sampling is used, for

example, with interleaved repetition of the variable echo [6].
Newer versions of the sequence are especially suitable for T,*
mapping of short T, and T,* tissues, as the sampling and TEs
are particularly flexible. Typically, TEs are rather densely dis-
tributed following the first TE and sparsely distributed at later
TEs. However, this can be handled flexibly.

Online reconstruction of the double contrast (positive
contrast) and reordering of the echoes have been programmed
online with the IceLuva Plugin [14], which provides impor-
tant initial feedback to the operator and makes the sequence
suitable for clinical protocols.

Comparison with Other Short TE Sequences

In general, TEs of less than 1 ms down to a value of 0.4 ms
can be achieved with vTE sequences [6, 10]. These TEs
can be considered ultrashort by definition [17]. However,
TEs in the ultrashort range of 0.2-0.3 ms, which are pos-
sible with non-Cartesian UTE and other ultrashort TE
sampling techniques such as ZTE, cannot be achieved.
VTE sequences benefit from the robustness of Fourier-
encoding, offer high-resolution imaging, and have good
SNRs which are achievable in clinically feasible scan
times (Tables 9.1 and 9.2). Moreover, Cartesian sampling
is more resistant to gradient imperfections than radial sam-
pling. Another important point is that scanning is not
restricted to positioning at the isocenter of the magnet or
the use of isotropic voxels. Acceleration methods such as
parallel imaging and partial Fourier acquisitions can also
be readily used with vTE.
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1* echo T,* short map

R? map

2D-UTE

vIE

Fig. 9.2 Achilles tendon. Comparison of first echo, R, map, T,* short-
component map, T,* single-component (mono) map, and T,* long-
component map with plots of signal against time for the single-component
(mono) maps and bicomponent maps (upper row) and the vTE images

In addition, due to their flexibility and robustness as well
as the successful integration of interleaved schemes, VTE
sequences are particularly suitable for T,* mapping of tis-
sues with short-T, and T,* values [10-12, 15]. The echo
spacing achieved with these sequence schemes is particu-
larly well adapted to such tissues. This includes, for exam-
ple, 'H-imaging protocols with 20 echoes in vivo [12, 18]
and 40 echoes ex vivo [11], as well as *Na imaging with 10
echoes in vivo [16] and 18 echoes ex vivo [19].

When comparing UTE with vTE in terms of T,* quantifica-
tion, UTE-T,*, especially for bicomponent analysis performed
at 3 T (see Fig. 9.2), provides more reliable results simply
because there are more data points covering the ultrashort-T,*
component. Images acquired with the vTE sequence, on the
other hand, are more suitable for routine clinical use because
of their higher resolution, faster acquisition, and lower vulner-
ability to blurring artifacts [12]. The robustness, insensitivity
to gradient timing, and Cartesian k-space sampling of vVTE
provide considerable benefits with ultrahigh field MRI scan-
ners. It was shown that the vTE-T,* results at both 3T and 7T
scanners are comparable for most fast-relaxing MSK tissues;
the only discrepancy found was with cartilage, but this was
very likely due to the use of a suboptimal TE range which was
not suitable for higher T,* values [12].

T,* mono map
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T," long map

and corresponding plots (bottom row) [12, 20]. Signals in the shorter
ultrashort-T, range are detected in the upper row but not in the lower
row

Outlook

For the study of tissues with short-T, and T,* values, proto-
cols with not only short TEs but also very high spatial resolu-
tion are required. The vTE sequence described here allows
very good compromises between TE, spatial resolution, and
scan time. While it has been used for various applications,
from imaging of cells labeled with superparamagnetic iron
oxides [21], sciatic nerve imaging [7], and sodium imaging
in the kidney [16], MSK applications, such as 'H T,* map-
ping of menisci and tendons [11, 12, 15] and »*Na imaging
[8] are among the most successful.

MR Microscopy Using a vTE Sequence

To achieve very high spatial resolution, potentially even in
the microscopic range (<100 pm), and to calculate accurate
quantitative T,* maps with equally high spatial resolution,
both hardware and sequence specific requirements must be
met. In this context, SNR is a crucial measure. It compares
the desired signal with the background noise. Acceptable
voxel size in MRI is a function of machine SNR; higher SNR
allows higher spatial resolution.
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The following hardware features are crucial to achieving
high SNR (and high spatial resolution):

Field strength: The higher the field strength, the higher the
achievable SNR. A higher SNR allows higher spatial res-
olution and/or shorter measurement times. For higher
field strengths (B, > 0.5T), the SNR is directly propor-
tional to the field strength [22], i.e., SNR « B,.

Coil diameter: A smaller coil absorbs less noise from a
smaller volume and increases SNR. Thus, smaller coils
show increased sensitivity, but the volume from which the
coil can receive signals is also smaller. An inversely pro-
portional relationship between coil diameter (d) and SNR
has been reported for ordinary birdcage coils [23, 24], i.e.,
SNR  1/d.

Gradient strength: Another factor of importance in achieving
high SNR is the gradient strength in millitesla per meter
(mT m™"). Stronger gradients are usually advantageous
for achieving higher spatial resolution because they
increase SNR efficiency. The achievable spatial resolu-
tion is approximately proportional to the gradient strength
[25].

In addition to hardware, sequence specific properties are
another important factor in measuring samples at micro-
scopic resolution and using sub-ms TEs. For a classical
radial center-out UTE sequence, the FID sampling starts
directly at the k-space center, and therefore, the TE is com-
monly limited only by the length of the RF pulse and the
capability of the hardware to switch between transmit and
receive mode [26]. The possibilities offered by UTE
sequences have already been outlined in other chapters in
this book. However, it is worth noting again that tissues or
materials with extremely short transverse relaxation times
(T,* < 0.1 ms) cannot be directly imaged with these
sequences using conventional clinical systems.

In contrast to radial UTE sequences, the VTE sequence,
which is based on a spoiled GRE sequence, has a rectilinear
sampling scheme [6]. As a result, it does not provide the
same lower ultrashort TE values as UTE and ZTE sequences
and hence cannot image tissues such as cortical bone.
However, the use of the VTE technique in combination with
an asymmetric readout and short, hard, nonselective pulses
allows TEs of less than 1 ms using conventional whole-body
MRI systems, and when very strong gradients are used (e.g.,
750 mT m™"), even TEs of around 0.4 ms are possible. This
makes it particularly suitable for the study of highly ordered
collagen-rich tissues, such as menisci and tendons [7]. The
reason for these shorter TEs is that strong gradients and a
slew rate of 7500 mT m~' ms~!, as was used in recent studies
[10, 11], also lead to a more efficient asymmetric readout,
i.e., the TE in outer k-space can also be significantly short-
ened. Moreover, the vTE approach can be performed more

efficiently. Thus the TE at the k-space center can be short-
ened even further (compared to conventional clinical MRI
systems), leading to the already mentioned effective TEs of
as short as 0.4 ms.

Furthermore, the rectilinear sampling scheme of the vTE
sequence offers advantages over radial UTE sequences in
terms of k-space efficiency, provided that the Nyquist crite-
rion is satisfied. Outer k-space contains the higher spatial
frequencies that are important for image details, e.g., infor-
mation about edges. While radial center-out UTE sequences
allow use of extremely short TEs, to adequately sample the
outer k-space, they must oversample the inner k-space and
use many more radial readout spokes overall (when com-
pared to the readout lines in Cartesian sequences such as the
vTE sequence), resulting in a significantly longer measure-
ment time for a similar spatial resolution. It should also be
noted that a Nyquist criterion that is not met should be
avoided, as it is usually manifested by streak artifacts and
inadequate image quality with UTE sequences as a result of
their radial acquisitions.

By meeting the hardware requirements described above
and using the vTE sequence, ultrahigh spatial resolution,
nearly blur free images can be obtained, and high-resolution
T,* maps can be calculated. In publications by Hager et al.,
this combination was used to study menisci, Achilles ten-
dons, and patellar tendons [10, 11]. Tissues were measured
in vitro using an MR microscopy system with a gradient
strength of 750 mT m~' (RRI, Billerica, Massachusetts,
USA) and on a clinical 7T scanner (Siemens Magnetom
Terra, Erlangen, Germany) using small 19- and 39-mm vol-
ume resonators (Rapid Biomedical, Wiirzburg, Germany).

The focus of these studies was to investigate the T,* char-
acteristics and the orientation dependence of T,* in these tis-
sues. Figure 9.3 shows (a) a representative T,* map of a
degenerate human meniscus, (b) a comparison with a
Picrosirius red-stained slice using polarized light, (c) a first
echo image of the vTE sequence (TE = 0.4 ms), and (d) the
eighth echo image (TE = 8 ms) obtained with the vTE
sequence [10].

Transverse relaxation time anisotropy of the Achilles ten-
don and the patellar tendon was studied using the vTE
sequence with in-plane microscopic resolution [11].
Figure 9.4 shows (a) a representative T,* map of one Achilles
tendon measured at 11 angles (0°, 10°, 20°, 30°, 40°, 50°, 55°,
60°, 70°, 80°, and 90°), (b) the corresponding boxplot that
shows how the T,* values change with the angle to B, and that
the lowest values are obtained with fibers at 0° to B, and
the highest values are in the range of the magic angle (fibers
are =~ 60° to By), (c) the position of the ROIs, and (d) the cor-
responding line plot for compartment-specific T,* analysis.

When comparing the fiber-to-field angles for the maxi-
mum and minimum of the dipolar interaction (0° and 55°), it
was found that T,* values in the Achilles tendon and patellar
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Fig. 9.3 (a) Representative T,* map of a degenerate human meniscus.
(b) Corresponding Picrosirius red-stained slice obtained using a polar-
ized light filter. The yellow arrows indicate fibrous tissue. (¢) First echo

tendon changed on average by factors of 15.5 and 16.0,
respectively. For individual ROIs of fascicles, it was found
that changing the angle from 0° to 55° increased T,* values
by up to a factor of 80 from T,* (0°) = 0.43 ms to T,*
(55°) = 34.21 ms. This study also suggests that regional T,*
values are impacted by T,* orientation dependence as well as
by the decay model (mono- or biexponential) which is pre-
ferred at specific angles to By [11].

To*m [ms]

(TE = 0.4 ms) of the vTE sequence. (d) Eighth echo (TE = 8 ms) of the
VTE sequence. (Adapted with permission from Ref. [10])

To summarize, microscopic MRI combined with a vTE
sequence allows study of collagen-rich tissues with unprec-
edented detail and may lead to a deeper understanding of the
relationship between T,* decay and T,* anisotropy and thus
the complex, heterogeneous structure of these tissues.



9 The Variable Echo Time (VTE) Sequence

13

Fig.9.4 (a) T,* maps of an
Achilles tendon measured at
11 different angles to B,. (b)
Boxplot showing the increase
in T,* values from angles
representing the maximum to
the minimum of the dipolar
interaction, i.e., 0 and 55°. (¢)
Position of ROIs. The blue
and yellow ROIs mark
polygonal fascicles. The red
ROl is from the non-
fascicular tissue. (d) The T,*
values of the fascicular tissue
change significantly from O to
55°. (Adapted with
permission from Ref. [11])
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Clinical Applications of the vTE Sequence

The vTE sequence has great potential for both morphologi-
cal and quantitative MR imaging in the clinical environment.
The main target of the VTE sequence is tissues characterized
by fast decay of their transverse magnetizations. This gener-
ally includes highly ordered, collagen-rich tissues, such as
ligaments, tendons, and menisci, as well as parts of nerves
and dentine. Since the minimum TE for the vTE sequence
can be less than 1 ms, it is possible to detect multiple T,*
components in these tissues and relate them to the degree of
disorder or degeneration within the tissue. The advantage of
the vTE sequence over more traditional radial UTE sequences
is the minimal blurring of the images and their insensitivity
to gradient timing errors, enabling robust and reliable pixel-
by-pixel T,* analysis.

One of the possible clinical applications of T,* mapping
is tendinopathy. Tendinopathy is a complex tendon pathol-
ogy manifested by pain, deterioration in mobility, and
reduced exercise tolerance. It is characterized by intratendi-
nous collagen degeneration as well as neovascularization,
and neoinnervation. There is a change in the mobility of
water molecules near loosened collagen fibers which may be
reflected in changes to T,* values. The relationship between
VTE T,* values and clinically assessed tendinopathy has
been studied by Juras et al. [12] (Fig. 9.5). A vTE sequence
with a TE range from 0.8 ms to 20.0 ms was used to calculate
short and long components of T,* and to find whether these
correlated with the clinical score (Achilles tendon total rup-
ture score (ATRS)). It was shown that there is a relatively
high negative correlation (Pearson correlation coefficient of
—0.846) between the short T,* component and ATRS and
that subtle abnormalities in the Achilles tendon caused by
changes in collagen fibers can be detected using this method.

Tendinopathy can occur without the typical history of
overuse and can, for example, be associated with certain
drugs, such as the antibiotic fluoroquinolone. The vTE

R? {bl-expo) R? (mono-expo) * (mono-expo)

B.Hager et al.

sequence was used as part of a multiparametric study along
with glycosaminoglycan chemical exchange saturation
transfer (gagCEST) and sodium MRI, in which seven male
volunteers were followed for 10 days and 5 months after cip-
rofloxacin treatment [27]. Although differences were found
in the short- and long-T,* components at the two time points,
these were not statistically significant. Glycosaminoglycan-
specific methods, especially sodium MRI, showed a statisti-
cally significant reversible decrease in GAG content after
treatment.

Tendon T,* values might serve as a biomarker for biome-
chanical alterations associated with tendinopathy and may
reveal changes in collagen structure that are not visible with
conventional MRI. Bachmann et al. studied artificially col-
lagen degraded tendons [18] and found a significant negative
correlation between tendon stress at 5% strain and T,*
(r=-0.74) in degraded tendons suggesting that disruption of
the collagen matrix has a considerable impact on the biome-
chanical properties of the tendon. On the contrary, T, values
failed to distinguish between treated and non-treated ten-
dons, which was attributed to the fact that T, reflects mostly
extracellular fluid.

Another potential application of T,* mapping is the detec-
tion of meniscal degeneration. This is characterized by mac-
roscopic changes in meniscal tissue and is accompanied by
thinning and weakening of the meniscus. vTE-T,* mapping
was used to classify meniscus degeneration using TEs rang-
ing from 0.75 ms to 22.42 ms with both mono- and biexpo-
nential T,* analysis (Fig. 9.6) [15]. A hierarchical linear
model revealed statistically significant differences in the
short-T,* component between normal, degenerate, and torn
menisci with T,* values of 0.82, 1.29, and 2.05 ms, respec-
tively. Similarly, the mono-exponentially calculated T,*
showed a similar trend with values for normal, degenerate,
and torn menisci of 7.61, 9.54, and 14.59 ms, respectively
(Fig. 9.6). At 0.47 x 1.02 x 0.7 mm?® resolution, it was also
possible to determine regional differences within the menis-

biexponential

\

I
monoexponetial

Fig. 9.5 T,* analysis of a healthy volunteer. (a) R, map (biexponential), (b) R, map (mono-exponential), (¢) mono-exponential T,*, (d) short T,*
component, (e) long T,*component, (f) binary map of mono- and biexponential pixels. (Adapted with permission from Ref. [12])
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Fig. 9.6 Box plots of mono-exponential T,* (a) and short-T,* component (b) of the menisci acquired using a VIE sequence. (Adapted with per-

mission from Ref. [15])

5ms

Fig. 9.7 A 45-year-old patient with a meniscal tear in the posterior
horn of the medial meniscus (arrow). (a) Anatomical image; (b) binary
map of pixels with biexponential (orange) and mono-exponential

cus, between the red (vascular) and white (avascular) zones,
as well as between the anterior and posterior horns (Fig. 9.7).

Noninvasive biochemical MRI can provide a perspective
to determine functional processes. VIE has been used to
study the changes of T,* in the human meniscus in vivo
under continuous loading [13]. Four subjects were measured
at four time points with a vTE sequence that had a total mea-
surement time of 6:10 min. The vTE protocol had a resolu-
tion of 0.7 X 0.7 x 3.0 mm?, and the TEs ranged from 0.8 ms
to 10.1 ms. The anterior horn of the medial meniscus showed
the strongest response to loading, with T,* increasing from
4.69 ms to 5.23 ms over the four time points. The T,* increase

- |
30ms 0 1

(yellow) fits; (¢) mono-exponential T,* map; (d) short-T,*component
map; (e) long T,* component map; and (f) R, map. (Adapted with
permission from Ref. [15])

under loading, contrary to that found with cartilage, was
attributed to the changes in water distribution in the
meniscus.

In another study, Stelzeneder et al. followed up patients
with 7T MRI 3 and 6 months after meniscal repair using a
VvTE sequence with a resolution of 0.33 x 0.29 x 1.5 mm? and
TEs ranging from 1.0 to 26.5 ms [28]. Using T,* mapping,
meniscal regions with good healing and regions with limited
healing could be identified.

The high-resolution and near artifact-free images allow
these techniques to be applied to smaller structures. Dadour
et al. used vTE-T,* mapping to identify patients with gluteal
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Fig. 9.8 Examples of T, maps (a and b) and T,* maps (c to h) in two subjects with gluteal tendons parallel to By: top row, a 70-year-old woman
with gluteal tendinopathy, and bottom row, 64-year-old asymptomatic woman. (Adapted with permission from Ref. [29])

tendinopathy [29]. The VTE sequence was acquired using a
3T MRI scanner with TEs ranging from 1.1 ms to 19.8 ms
and a resolution of 0.6 x 0.8 x 3 mm?®. Mono-exponential T,*
and short-T,* component imaging demonstrated relatively
high diagnostic accuracy, ranging from 0.80 to 0.89, and
both parameters also showed a strong correlation with the
clinical score. When imaging complex joints, the magic
angle effect must be considered, as it has a significant impact
on absolute T,* values. To minimize this effect, patients
were positioned so that tendon fibers were parallel to the
main magnetic field B, (Fig. 9.8).

Finally, the vTE sequence has also been used for quantita-
tive imaging of intraneural connective tissues and myelin
sheaths [7]. It was used with aresolution of 0.6 x 0.6 x 5.0 mm?
and two TEs (0.98 and 5.37 ms) to compute apparent T,*s
(aT,*s) by mono-exponential fitting. In addition, repeatabil-
ity and reproducibility were determined. This study, involv-
ing 15 healthy volunteers, showed relatively good
repeatability (dice indices of 0.68-0.7 and 0.70-0.72 for
intra-rater and inter-rater, respectively), as well as good
reproducibility (intra-inter reader ICC of 0.95-0.97). In the
future, vTE may be useful for the assessment of peripheral
nerve disorders.

The vTE Sequence for Sodium (3Na) MRI

Sodium MRI (**Na-MRI) is an advanced imaging modality
that can be used for biochemical investigations of many clin-
ical questions and can be applied to almost any part of the
human body from cartilage to the brain [30].

Although sodium imaging offers very valuable informa-
tion that is complementary to proton ("H) MRI, the technique
is challenging. >*Na MRI is characterized by low sensitivity
because, compared to 'H imaging, it has a much lower SNR
as a result of low sodium concentrations in vivo, a low gyro-
magnetic ratio, and much shorter relaxation times. In addi-
tion, 2Na in tissue shows biexponential relaxation behavior,
which means that most of the 2*Na signal is lost within a few
ms [30]. One possibility to overcome these challenges is to
develop pulse sequences that allow measurements with sub-
ms TEs and very short signal readouts (sampling). A short
TE is necessary to ensure that the sodium signal has not
decayed to zero, or near zero, before the signal is sampled;
also, a very short signal readout duration is required to mini-
mize signal decay during signal sampling [31].

The vTE sequence developed by Deligianni et al. [6] and
adapted for sodium imaging proved to be robust enough to
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Fig. 9.9 Examples of knee images from a healthy volunteer acquired
at 7 T. (a) Morphological proton density-weighted, 2D turbo spin echo
image with fat suppression (resolution, 0.4 x 0.4 x 2.5 mm?; acquisition

overcome the above mentioned challenges and has been suc-
cessfully used in several published studies. As an example,
Fig. 9.9 shows (a) a morphological proton density-weighted
image and (b) the corresponding sodium vTE image of the
knee joint of a healthy subject acquired at 7 T [32].

The vTE sequence was used for renal sodium MR imag-
ing and investigation of the corticomedullary **Na gradient.
The results of this study showed that **Na concentration
increases from the cortex to the medullary pyramid [33].

The sequence was also applied to cartilage and tendon
imaging; Marik et al. demonstrated the feasibility of using
the vTE sequence to study changes in sodium content in car-
tilage in patients with diabetes mellitus 1. The authors
reported significantly lower mean normalized signal inten-
sity (MNSI) values in cartilage (P = 0.008) and significantly
higher values in tendons (P = 0.025) in patients compared to
those parameters in healthy volunteers [34].

Zbyn et al. used the vTE sequence to assess low-grade
focal cartilage lesions in the knee (baseline, 1 week, 3-month,
and 6-month follow-up data) and found that the mean coef-
ficients of variation of sodium corrected signal intensity
(**Na-cSI) values between the baseline and 1-week follow-
up were 5.1% or less in all cartilage regions. At all time
points, significantly lower »Na-cSI values were found in
lesions than in weight-bearing and non-weight—bearing
regions (all P values <0.002). Although a significant decrease
in 2Na-cSI values in the lesion from baseline was observed
at the 3-month visit (P = 0.015), no significant change was
observed at 6 months [8].

17

time, 4:17 min). (b) Corresponding sodium vTE image (resolution,
1.4 x 1.5 x 3.0 mm?, acquisition time, 28:14 min). (Adapted with
permission from Ref. [32])

In addition, it was shown that *Na MRI data acquired
with the vTE sequence can be used to determine the fixed
charge density (FCD) distribution of knee joint cartilage.
The results demonstrated that the decrease in FCD (the aver-
age decrease throughout the tibial cartilage was —17, —47,
and — 100%, in “early osteoarthritis (OA), ” “advanced OA,”
and “no FCD” models, respectively) mainly as the result of
fibril and axial strains. Compared to the “healthy” model, the
largest differences in all the parameters observed were in the
FCD. It was neglected in the “no FCD” models. The effect of
FCD was more substantial in the lateral than in the medial
tibial cartilage, particularly during the assessment of the
loading response to stance [35].

Over the past few years, the VTE sequence has been
shown to have great potential in clinical research. Further
technical improvements may establish the vTE sequence as a
reliable imaging tool for the study of the molecular proper-
ties of tissues, in addition to the clinical findings seen with
standard diagnostic procedures.
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Introduction

Over the past few years, the rotating ultrafast imaging
sequence (RUFIS) invented by Madio and Lowe in 1995 [1]
has experienced a dramatic revival [2-7]. Its unique charac-
teristics of zero nominal echo time (i.e., TE = 0) and silent
MR imaging have stimulated exciting new clinical applica-
tions as well as novel technical refinements [2—-6]. Nowadays,
RUFIS is commonly referred to as Zero TE (ZTE).

Looping Star [7] is a new pulse sequence which extends
ZTE toward gradient echo (GRE) imaging via a time-
multiplexed gradient-refocusing mechanism. It provides a
free induction decay (FID) image with a nominal TE = 0
(like standard ZTE) together with equidistant GRE images
which contain additional T," and susceptibility information.
The name “Looping Star” reflects its self-refocusing (i.e.,
Looping) k-space trajectory and the use of 3D radial (i.e.,
Star) image encoding.

This chapter provides a detailed explanation of the
Looping Star method with the focus on MR physics consid-
erations and initial neuroimaging applications [7]. After first
starting with a recap of ZTE and gradient refocusing,
Looping Star is explained as a time-multiplexed, gradient-
refocused ZTE sequence. Particular attention is paid to the
so-called echo IN/OUT overlap artifact and various strate-
gies to mitigate it. Coherence-resolved Looping Star [8] is
then described as a recent refinement of the original Looping
Star sequence which eliminates echo IN/OUT overlap via
temporal separation within the pulse sequence. Subsequently,
image reconstruction and further technical considerations
are discussed. The chapter closes with a description of initial
applications and future prospects.

F. Wiesinger (b<) - A. B. Solana
GE HealthCare, Munich, Germany

Center for Neuroimaging, Institute of Psychiatry, Psychology and
Neuroscience (IoPPN), King’s College London, London, UK

Recap of ZTE

Among the large zoo of existing MR pulse sequences, RUFIS-
type ZTE [1] can be considered the simplest, at least in terms
of radiofrequency (RF) and gradient waveform complexity. As
illustrated in the ZTE section of Fig. 10.1, it consists of (i) very
short, block-shaped RF hard pulses (colored vertical thick
lines) for signal excitation, and (ii) constant amplitude readout
gradients (gray horizontal line) for image encoding. This leads
to 3D nonselective RF excitation followed by 3D center-out
radial image encoding with a nominal echo time TE =0 (i.e.,
image encoding starting at the time of RF excitation). While
the readout gradient amplitude remains constant (i.e., |G .4l =
(G + G2 + G, the direction of this gradient changes
between repetitions in such a way that the endpoints of the 3D
center-out radial spokes follow a smooth spiral trajectory
along the surface of the spherical 3D k-space (with uniform
angular sampling density). As a consequence, gradient switch-
ing is reduced to a minimum (because of the small directional
gradient updates), hence enabling virtually silent MR imaging
clear of eddy currents. Besides its main characteristics of
TE = 0 and silent imaging, ZTE also offers highly efficient
sampling with exceptionally short repetition times (TRs) and
robustness against eddy currents and patient motion.

Figure 10.1 also illustrates the excitation and temporal
evolution of FID signal coherences in k-space (bottom sub-
plot) in synchrony with the pulse sequence (top subplot).
Each RF pulse excites a new signal coherence which then
evolves in the presence of subsequent readout gradients.
Each acquired k-space sample is the sum of the current FID
signal (colored thick arrow) and previously excited coher-
ences (colored thick lines). In standard ZTE, with only small
directional readout updates between repetitions, earlier
excited coherences quickly vanish in outer k-space due to
gradient dephasing (i.e., gradient spoiling) and T," signal
decay, so that the acquired k-space samples primarily consist
of the current FID (thick arrow). Accordingly, the measured
signal (ygp) originating from the FID magnetization distribu-
tion (i.e., the unknown image xgpp) is given by:
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Fig. 10.1 Schematic showing standard ZTE (top), gradient-refocused
ZTE (second row: Nsyiperi.oop = 0, Nioop = 2), Original Looping Star (third
TOW: Ngppertoop = 6, Nioop = 2), and coherence-resolved Looping Star
(bottom: Ngykperioop = 35 Nioop = 2). Each subplot illustrates the pulse
sequence timing (top) and the corresponding creation and temporal
evolution of signal coherences in k-space (bottom). The pulse sequence
diagram exemplifies the short block-shaped RF pulses (colored vertical
lines), the constant amplitude readout gradient (horizontal gray line),
and the spoke readout direction (colored arrows) along the horizontal
time axis, with ticks indicating the repetition time (TR). Each RF exci-
tation (colored vertical lines) creates an FID signal coherence (colored

Yrp (kn,m ) = Jd3erID (r)eikmr

sinc-shaped line) which, together with earlier excited coherences,
evolves in k-space following the current spoke direction (colored
arrow), with change in direction every TR. A gradient echo (colored
sinc-shaped line) emerges whenever the cumulative k-space trajectory
of a signal coherence refocuses back into the center of k-space. For
educational purposes, the coloring of corresponding RF excitations,
readout spokes, signal coherences, FID, and gradient echo signals, is
matched. The black circle, with radius k., = M/2 Ak, indicates the
event horizon beyond which signals are assumed to vanish due to gradi-
ent (and RF) spoiling. For simplicity, TR is assumed to be identical to
the spoke readout duration (i.e., TR = Tsy. = M/2 Ar)

n-DTg .
_( T) £ +1(k1,END +”’+kn71,END)r
2

~te
(10.1)

where k, ,, describes the center-out 3D radial k-space encod-
ing (i.e., Ik, | = m Ak, with Ak =y |Gl At, and At the
dwell time), n is the spoke number (i.e., n=1... Ngy), and m
indexes the center-out sampling position along each spoke
(i.e., m =0 ... M/2). The thick arrows indicate k,gxp (i.€.,
the end-point of the nth spoke), and the black circle shows
the nominal k-space radius ki, = M/2 Ak. Assuming perfect
gradient (and RF) spoiling, k,,,, can be considered an event
horizon in the sense that only signals within k,,,, contribute
to the measurement. Signal coherences outside k., can still
be rewound into the center of k-space via gradient refocus-

ing and thereby generate a GRE signal (assuming that the
rewinding occurs within the finite T signal lifetime). For
educational purposes, let us consider a 3D imaging experi-
ment with an imaging bandwidth BW = 100 kHz (corre-
sponding to +50 kHz) and imaging matrix size M? = 256°
(cf. Figure 10.1 and Table 10.1). Under ideal conditions
(i.e., neglecting transmit-receive switching and gradient
update times), the repetition time (TR) is determined by the
duration of the center-out readout spoke (Ts), according to
TR = Tsy = M/2 At = 1.28 ms (i.e., M/2 = 128 samples
acquired with a dwell time of Az=1/BW =10 ps). The 3D
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Table 10.1 Imaging example (i.e., M> =256, BW = 100 kHz (= +50 kHz)) to illustrate standard ZTE, gradient-refocused ZTE, original Looping

Star, and coherence-resolved Looping Star pulse sequence parameters

original ZTE

\ gradient-refocused ZTE

\ original Looping Star\ coherence-resolved Looping Star

(given) image matrix: M*> | M°® =256°

BW = 100 kHz (= =50 kHz)
At=1/BW = 10 ps

(given) imaging
bandwidth: BW
and dwell time: Ar

(given) number of spokes n.a. Nspiperoop = 6 (radial) NspiperLoop = 3 (diameter)
per 100p: Nsppert.oop n.a. Nigop =2 Nioop =2

and number of loops: N o,

repetition time: TR TR = Ty TR = Ty

and spoke readout
duration: Tgy

Tspe = M/2)*At = 1.28 ms

TSpk =M*At=2.56 ms

n.a.
TE=0

echo time spacing: ATE
and echo times: TE

ATE = Ngyipert.oop™ Tspk = 7.68 ms
TE = [0...Npo0p- 11*ATE = [0, 7.68]ms

max. RF pulse width: Aty
and max Flip angle: FA .«
(Bymax =20 pT)

Atge = At =1/BW =10 ps
FAmax = Y*Bl.max*AlRF = 30

avg. RF pulse spacing: ARF = Tgy = 1.28 ms

ARF = [(NLm)p' 1 ) *NSkacrLoop + 1]*

ARF = Ny yop*Tspe | ARF = Ny Tsye = 5.12 ms

ARF FApme = 2.9° T = 8.96 ms =2.56 ms FAgg = 5.8°

and Ernst angle: FAg,, FAgg =7.7° FAgg =4.1°

(Ti=15s)

scan time 84 s [(Nvoop=1)*Nspiperioop + 11 Nioop*84 5 =168 s Nioop*84 5 =168 s

and sampling efficiency 100% 84 s=588s 100% (N100p=0.5)/Ny o0p = 15%

[2%(NLoop=1) + 11/
[(NLoop'l)*NSkaerLoop + 1] =43%

center-out radial acquisition results in a k-space sampling
density which decreases with increasing distance from the
k-space center. The sampling density at the periphery of
k-space (i.e., Ik, gnpl = M/2 Ak) is defined as the number of
spokes divided by the enclosed spherical surface area,
according to Ny / (4 © K, enpl®) = Ny / (aM? Ak?). The
Nyquist sampling criterion requires at least one spoke per
unit k-space surface area (i.e., Ak?), which in turn deter-
mines the number of required spokes according to
Ngp = M? = 65,536 (including an undersampling factor of T,
which is often considered acceptable in 3D radial imaging).
With TR = Tg, the whole scan time (i.e., Ns,x TR = 84 s)
is used for acquiring data resulting in a sampling efficiency
of ~100%.

Gradient Refocusing Along Polygonal
k-Space Trajectories

Gradient refocusing of a single FID coherence into a GRE
signal can be achieved by choosing spokes so that their
cumulative trajectory rewinds back into the center of k-space.
The gradient-refocused ZTE section in Fig. 10.1 illustrates
this for a single coherence (i.e., FID, excited in the first rep-
etition) and number of spokes per 100p Ngpperioop = 6 With a
relative angular increment of A@ =27/ Ngkperoop = 60°. The
excited FID coherence then follows a hexagonal trajectory
and, after TE = Ngypenoop TR, refocuses back from outer

NspkperLoop

k-space into its origin (i.e., z k, pnp = 0) Where it forms a
1=1

GRE signal (ygcho) according to:

NspkPerLoop

YEecHo (kn,m ) = Id3erID (r,t)e [ !

= d’r Xy (r) "
The spatiotemporal evolution of the FID signal during the
course of the refocusing introduces additional T," weighting

and Aw off-resonance evolution in the echo image (xgcuo),
according to:

ki D +kn,er

(10.2)

[—%ﬂ'Aw(r)JTE
XEcHO (r) = Xep (r,t =T, ) = Xpp (l‘)e L) (10.3)

Because of short spoke readout durations (i.e., TR <2 ms),
spatiotemporal signal evolution within the acquisition is typ-
ically considered negligible.

It is important to note, that the original center-out, half-echo
FID signal coherence (FID,) refocuses into a full-diameter
echo in-center-out GRE starting with the inward echo (i.e.,
ECHO, 1v) followed by the outward echo (i.e., ECHO gyy),
each occupying one full TR. Repeating the readout spoke num-
ber of loops (Vi) times (along the hexagonal self-refocusing
trajectory) produces one FID and (N, — 1) GREs with equi-
distant TE spacing given by ATE = Ngpert.oop TR.

Continuing with our example and assuming Nsykpert.oop = 0
and NV, oo = 2 (cf. Figure 10.1 and Table 10.1), the TE spacing
becomes ATE = Ngyperioop TR = 7.68 ms and the scan time
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increases to [(Nyoop — 1) Nspkpertoop + 11 84 s =588 s. Gradient-
refocused ZTE provides one FID image followed by (V.
— 1) equidistant GRE images, with each GRE acquiring a
full-diameter echo in-center-out spoke (compared to radius
center-out spokes for the FID). Compared to the original
ZTE sequence, the scan efficiency decreases to [2 (Npop —
D+ 11/ [(Neoop = 1) Nspirtoop + 11 = 43%.

Looping Star

The gradient-refocused ZTE described above is inefficient,
in the sense that only a fraction of the time is used for acquir-
ing data. Looping Star improves this by time-multiplexing
the gradient refocusing to Ngyperioop COhErence pathways. As
illustrated in the original Looping Star section of Fig. 10.1,
RF excitation is now applied at each of the initial Ngpcperoop
repetitions, and each of the excited Ngpyperi.oop FID coherences
then traverses k-space along a hexagonal trajectory (with
each signal pathway rotated by 2 7t/Ngpperioop T€lative to the
previous one). By continuing the hexagonal trajectory during
the refocusing phase (with the RF excitation turned off),
GRE signals are obtained for each of the Nguperoop FID
coherences. In other words, Ngyper0op cCOherences excited one
after the other during the initial FID excitation phase are
refocused one after the other during the gradient-refocusing
phase. In Looping Star, the refocusing criterion must be ful-
filled for each of the Ngppen o0y €Xcited coherences according

NspiperLoop

to z K.,.v=0,Vne {l...NSkaerLoop}. It is important to

note rtﬁat the refocusing criterion is not limited to straight
spokes (as illustrated in Fig. 10.1) but can be extended
toward twisted spokes including, e.g., out-of-plane rotations
for higher sampling efficiency. In analogy to gradient echo
ZTE, also Looping Star provides one FID and (N q,-1) gra-
dient echoes with equidistant echo time spacing of
ATE = Ngyperoop TR. For 3D spatial image encoding, the
basic Looping Star building block (as illustrated in Fig. 10.1)
must be repeated N/ Nspiperoop times with the readout gradi-
ent waveform (and hence the k-space encoding) rotated in a
3D pseudorandom manner [7, 9, 10].

The illustrated Looping Star example with Ngypertoop = 6
and Ny, = 2 (Fig. 10.1 and Table 10.1) provides one FID
and one GRE image with TE spacing ATE = Ngypertoop
TR =7.68 ms. In comparison to gradient-refocused ZTE, the
scan time is now much shorter N, ,,, 84 s = 168 s with a sam-
pling efficiency of ~100%.

Echo IN/OUT Overlap

The Looping Star sequence is highly efficient in the way it
excites FID coherences and gradient refocuses them to form
echo signals; it effectively allows continuous sampling of

FID and gradient echo signals without dead-time gaps.
However, the fact that each signal coherence produces an
echo which extends over two TRs and leads to echo IN/OUT
overlap of acquired k-space samples (within the event hori-
zon k) during the refocusing phase. As can be seen in the
original Looping Star section of Fig. 10.1, signal overlap pri-
marily affects the echo signals (i.e., ECHO, oyt overlaps with
ECHO,y, ... ECHOs gyt overlaps with ECHOgy) but also
mixes the last FID with the first incoming echo (i.e., FIDq
overlaps with ECHO; py).

The echo IN/OUT overlap can be resolved by (i) k-space
filtering, (ii) RF excitation phase cycling, (iii) model-based
image reconstruction, and (iv) coherence-resolved Looping
Star [7, 8, 11]. The first two methods (i.e., k-space filtering
and phase cycling) aim to separate the data into ECHOqyr
and ECHOyy components. More specifically, the first method
(i.e., filtering) divides each readout into an ECHOqyr signal
(dominant at the beginning of the TR) and an ECHOy signal
(dominant at the end of the TR) by applying a Fermi filter
with a flat signal response for the respective regions and zero
outside. This eliminates echo IN/OUT overlap at the expense
of cutting off high spatial frequency information and hence a
loss of spatial resolution. With the second method (i.e., RF
excitation phase cycling), each loop is recorded twice, with-
out (default) and with & RF phase cycling between consecu-
tive RF excitations. Echo-in and echo-out signal components
can then be separated by means of a simple linear combina-
tion at the cost of a longer scan time but without loss of spa-
tial resolution. The remaining two methods (i.e.,
coherence-resolved Looping Star and model-based image
reconstruction) are discussed in detail in subsequent
sections.

Figure 10.2 which is explained in the image reconstruc-
tion section, illustrates the Looping Star echo IN/OUT over-
lap problem and its various mitigation strategies for a
numerical 2D Shepp-Logan phantom.

Coherence-Resolved Looping Star

The echo IN/OUT overlap problem encountered in the origi-
nal Looping Star implementation can also be resolved via
temporal separation of the signal coherences in the pulse
sequence [8]. As illustrated in Fig. 10.1, in coherence-
resolved Looping Star, only every other FID signal coher-
ence gets excited during the excitation phase thereby leaving
sufficient temporal separation for each signal coherence to
fully rewind during the refocusing phase without temporal
echo IN/OUT overlap. The number of excited coherences is
reduced by half, but each coherence still follows a hexagonal
trajectory. Accordingly, coherence-resolved Looping Star
provides radial center-out FID signals during the excitation
phase (first loop) and uncontaminated diameter in-center-out
GRE signals during the refocusing phase (subsequent loops).
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Original Uncorrected Filtering

noise-less

simulation

Fig. 10.2 2D Shepp-Logan Looping Star imaging
(M?* = 1282, Nspiperroop = 0, Nspx = 408) demonstrating echo IN/OUT
artifact (second column) and various ways of mitigation including

Conceptually the coherence-resolved Looping Star is
analogous to the original Looping Star with k-space filtering.
However, coherence-resolved Looping Star accounts for
echo IN/OUT separation in the pulse sequence design and
thereby maintains the echo spacing and image resolution of
the echo images. Additionally, it leads to a cleaner and more
symmetric pulse sequence design with the RF excitation and
the resulting GREs centered in the middle of the now dou-
bled repetition time. In this way, coherence-resolved Looping
Star provides a full in-center-out diameter GRE, while the
original Looping Star only permits time for echo-out radial
sampling thereby causing echo IN/OUT overlap.

Extending our example from above, coherence-resolved
Looping Star reduces the number of spokes per loop by half
0 NspkperLoop = 3 and doubles the spoke duration T, =2.56 ms
but maintains the same TE spacing (i.e., ATE = Ngypertoop
TR = 7.68 ms). Importantly and unlike the earlier examples,
coherence-resolved Looping Star acquires diameter spokes.
These capture only half as many FID spokes during the exci-
tation phase but sample the same spokes during the refocus-
ing phase clear of echo IN/OUT overlap. Compared to the
original Looping Star sequence, the scan duration is the same
(i.e., Nioop 84 s =168 s), but the sampling efficiency decreases
somewhat t0 (Nioop, — 0.5)/Ni,, = 75% because of the
reduced number of FID spokes. By extending the readout
during the excitation phase, the spatial resolution of the FID
spokes (and accordingly the sampling efficiency) can be
increased.

Image Reconstruction

Image reconstruction of the unknown image x(r) via the
measured/known k-space data y(k) is based on a discretized
signal model in which the 3D image-space position vector

Phase Cycling

model-based Recon

filtering (third column), phase cycling (fourth column), and model-
based image reconstruction (fifth column). The figure illustrates results
for both infinite (top) and finite (bottom) SNR scenarios

I, and the 2D k-space spokes k,,, are both flattened into
1D vectors, so that:

y(n,m) = Z)E(n,m),(u,v,w) X(u,v,w)

(wv,w

(10.4)

where E is the Looping Star image encoding matrix, model-
ing the forward encoding of the image x into corresponding
k-space samples y.

Conventional Looping Star aims to separate the measured
data into echo-out (i.e, y°UT = E°UT x) and echo-in (i.e.,
y™ = EIN x) contributions via filtering, RF phase cycling, or
coherence-resolved Looping Star, which translates into sim-
ple Fourier image encoding matrices for each echo contribu-
tion independent of the other one:

-kOUT ik
Eg]tjn'f)’(u’v,w) — 1K (0.m)(uvw) — el n.m¥(uvw)
ikN o i(~Ky o+ )1 (10.5)
E(IN )( ) — (nm)uvw) e n,END TRnm JM(uvw)
with k((:lUl:) =k,, the outward spoke trajectory and
k(INm) =-k, gnp Tk, ,, the inward spoke trajectory. Equations

10.5 can be solved independently using standard 3D non-
Cartesian gridding-based image reconstruction [7, 12—15].

For general Looping Star image reconstruction without
prior echo IN/OUT separation, the measured k-space sam-
ples constitute a linear superposition of echo-out and echo-in
contributions (i.e., y = y°UT + y™N = (E°UT + E™N) x), which can
be modeled via a joint encoding matrix, according to:

@ OUT IN
E(n,m),(u,v,w) - E(n,m),(u,v,w) + E(n,m),(u,v,w)
K (neND) uv) Kk r (10.6)
—%¢ 2 cog| —MEND) (uvw) |pout
2 (n,m),(u,v,w)

using cos(z) = 1/2 [exp(+iz) + exp(—iz)]. Apparently,
extending the echo-out model to include echo-in contribu-
tions results in an extra modulation (i.e., exp(—i K,gxp '/ 2)
cos (k,exp 1/2)) with consequent dampening/zeroing of cer-
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tain k-space samples and hence worsening of the overall con-
ditioning of the inverse image reconstruction problem. The
echo IN/OUT image reconstruction problem can be solved
either by naively inverting the full encoding matrix (Eq. 10.6)
using e.g., conjugate gradient [11], or by correcting the extra
modulation for each individual spoke (via e.g., regularized
division).

With simultaneous multicoil receive, the Fourier gradient
encoding can be extended by additional coil sensitivity
encoding (i.e., parallel imaging) to enhance overall image
encoding efficiency [16, 17]. The resulting inverse image
reconstruction problem can be solved using, e.g., non-
Cartesian, conjugate gradient sensitivity encoding [15, 18].
Calibration of the coil sensitivity profiles can be achieved
either using traditional methods [17, 19, 20] or simply using
the single coil FID images as pseudo coil sensitivities. In
addition to coil sensitivity calibration for parallel imaging,
the latter also achieves intrinsic normalization of the recon-
structed GRE images (i.e., corrected by the TE = 0 FID mag-
nitude and phase) such that the obtained GRE images can be
used directly for quantitative T," and/or susceptibility map-
ping. Since Looping Star acquires FID and GRE data simul-
taneously and with identical spatial encoding, the FID
pseudo coil sensitivity maps perfectly match the GRE images
without being affected by spatiotemporal incongruity due to,
e.g., motion, geometric distortions, or resampling errors.

Figure 10.2 illustrates Looping Star image reconstruction
for a numerical 2D Shepp-Logan imaging phantom with
M? = 1282, N, = 408, and Nspipert oop = 6. The resulting image
encoding matrices (E, EN, EOYT) are sufficiently small (i.e.,
(Nspx M 1 2) x M* = 26,112 x 16,384) such that they can be
stored (i.e., ~3.2GB in single precision) and inverted using,
e.g., truncated singular value decomposition (tSVD). The
measured k-space signals are synthesized by forward appli-
cation of the full encoding matrix on the flattened, numerical
Shepp-Logan image vector (i.e., y = (E°UT + EIN) x).
Neglecting echo-in signal contamination when solving the
inverse signal model (i.e., y = E°UT x) demonstrates echo IN/
OUT overlap artifacts in the reconstructed image (second
column). Fermi-filtering y with a cutoff at half the spoke
extent largely eliminates echo-in signal contamination at the
cost of reduced image resolution (third column). RF phase
cycling separates the measured signals into echo-out (y°UT)
and echo-in (y™) contributions and, hence, allows recon-
struction of images without echo IN/OUT artifact (i.e.,
youT = E°UT x, and y™ = E™ x) at the cost of a twofold
increase in scan time (fourth column). Finally, model-based
image reconstruction (fifth column) (i.e., y = (E°'T + EN) x)
reduces but does not eliminate the echo IN/OUT artifact
(right column).

Further Technical Considerations

For practical implementation, the Looping Star pulse
sequence is structured in segments, with each segment con-
taining the fundamental Looping Star building block in the
form of RF excitation and refocusing of Ngyperroop COher-
ences (as illustrated in Fig. 10.1). In between segments, the
readout gradients are ramped down and back up again in a
soft and unbalanced manner to minimize acoustic noise and
eliminate (i.e., gradient spoil) residual coherences. To mini-
mize gradient switching (and hence acoustic noise and eddy
currents), the directional gradient updates are distributed
along the spoke readout resulting in curved (vs. straight) 3D
spokes. The number of required segments is determined
according to Nge, = Nopk/Nsprperioop- 1he segmented structure
also provides flexibility for interleaving T, and/or T, magne-
tization preparations [21] similar to magnetization-prepared
segmented ZTE imaging [22, 23]. Finite RF transmit-receive
switching results in a central, spherical k-space gap in the
acquired FID data (but not in the echo data). This so-called
deadtime gap can be reacquired (at reduced readout gradient
amplitude) and filled at the end with minimal scan time pen-
alty [2-4, 24].

The regular polygonal geometry of Looping Star k-space
trajectories offers a subtle but important difference between
even and odd numbered spokes in terms of k-space encoding
efficiency which is illustrated in Fig. 10.3 for Ngyperioop = 6
(first column) and Ngpperoop = 5 (second column). While an
even number of Ngperoop SPOkes produces incoming echoes
(dashed lines) which overlap the outgoing ones (thick solid
lines), an odd number of Ngyperio0p SPOKes produces incom-
ing echoes which end up in between the outgoing ones. For
the example considered, with Ngyperoop = 6 there are only six
unique spokes (with each echo-in spoke overlapping another
echo-out spoke), while with Ngypeno, = 5 there are ten
unique spokes (without overlap of echo-in and echo-out
spokes). Accordingly, odd Ngpperioop Values provide overall
improved angular sampling density for both conventional
and coherence-resolved Looping Star. With curved spokes
(third and fourth column), which are used in most implemen-
tations of Looping Star, this advantage is somewhat reduced
but still apparent.

In order to achieve consistent volume excitation indepen-
dent of the readout gradient, Looping Star (and similarly
ZTE) uses extremely short, block-shaped RF pulses. More
specifically, the requirement that the RF excitation band-
width (BW+, = 1/Afzr) must encompass the full imaging
frequency spectrum (i.e., BWy, > BW) limits the RF pulse
duration to less than the dwell time (Atgzr < Af) and the max-
imum flip angle to O, = ¥ Bimax At [25]. The steady-state



10 Looping Star: Time-Multiplexed, Gradient Echo Zero TE MR Imaging

125

longitudinal magnetization (M, ) of Looping Star (and sim-
ilarly also of ZTE) is of spoiled gradient echo (SPGR)
nature [6]:

- . Ty T
_]M()EZ(I_EI)~ M, E, E = T E = T
z,55 = 20 1= e s =2 =e
1-E, cos(a) Tt
T2
(10.7)
. . 2T,

with an SNR-optimal Ernst angle of oy, = acos(E, ) = T

1

The indicated approximation (i.e., a « I rad, and TR « T)) is
appropriate for Looping Star (and similarly ZTE). Since RF
excitation does not occur at every TR, Looping Star requires
definition of an average RF excitation repetition time (Tgg) as
the ratio of the scan time to the total number of RF excita-
tions. Compared to ZTE, Looping Star leads to a longer T
and correspondingly higher o, values (Table 10.1). For the
example considered (i.e., BW =100 kHz, Ar= 1/BW =10 ps,
and assuming a maximum RF excitation amplitude of
B ma = 20 pT), we obtain o, = 3°. While a maximum flip
angle of 3° still allows SNR-optimal ZTE imaging (i.e.,
Ogms = 2.9°), it is somewhat below the Ernst angle for con-
ventional (i.e., Oz, = 4.1°) and coherence-resolved (i.e.,
Ogms = J.8°) Looping Star (assuming T, = 1 s).

Initial Applications and Future Prospects

Looping Star offers unique MR imaging opportunities by
enabling 3D multi-gradient echo imaging in a silent and yet
efficient manner. In addition to equidistant GRE images, it
also provides a TE = 0 FID image which can be used as

5

NSpk(slraight)PerLoop=

NSpk(straight]PerLoop= 6

pseudo coil sensitivity for parallel imaging and/or amplitude
and phase referencing in multi-gradient echo T, and/or
QSM mapping experiments.

Since its invention in ~2016 [26], Looping Star has been
investigated primarily for silent neuroimaging, including high-
resolution T," and susceptibility-weighted structural imaging
as well as T," BOLD functional MRI (fMRI). Enabling quiet
T," BOLD fMRI is a unique advantage of Looping Star com-
pared to conventional GRE-EPI-based fMRI which generates
sound levels up to 130 dB(A). This is known to cause discom-
fort and confound sensory stimulation [27-32], which is a spe-
cific problem for auditory, sleep and resting-state fMRI, as
well as studies involving subjects sensitive to acoustic noise
(i.e., hyperacusis) as frequently encountered in tinnitus,
migraines, autism, and studies of children.

Figure 10.4 illustrates three protocols published in the
original Magnetic Resonance in Medicine paper [7], includ-
ing two for high-resolution and structural (left and middle)
and one for functional (right) Looping Star MR imaging. The
field of view FOV = (192 mm)3, the imaging bandwidth
BW = +31.25 kHz and the flip angle FA = 2° were kept the
same in all three experiments. The middle row illustrates the
Nsprperioop curved spokes together with the cumulative loop-
ing k-space trajectory for one coherence. With the highest
resolution (i.e., res = (0.8 mm)?, middle column) the readout
spokes reach out furthest in k-space (k. = n/res), while for
the highest number of spokes per loop (i.e., Nspiperoop = 32,
right column) the signal coherences traverse the largest orbit
(relative to k). 3D spatial encoding is achieved by means
of pseudorandom rotations (with the first five loops illus-
trated in the bottom row). For each protocol, the acoustic
noise produced by the pulse sequence was only slightly
above (i.e., <8.4 dB(A), <6.4 dB(C)) the ambient noise level
(i.e., LAeq = 64.2 dB(A), LCpeak = 91.4 dB(C)) which ren-

NSpk(curved)PerLoop= 6 NSpk(curved}PerLoop= 5

Fig. 10.3 Illustration of Looping Star k-space encoding and signal
refocusing for even (i.e., Ngyperrop = 6) and odd (i.e., Nsppertoop = )
numbers of spokes per loop. While for even Ngyperioop, the incoming
echo signals (i.e., Yecuon dashed lines) overlay the outgoing echo sig-
nals (i.e., Yecuoour solid lines); for odd Ngyperoop the incoming echo

signals (i.e., Yrcnoun dashed lines) fill in additional k-space samples
between outgoing echo signals (i.e., Yrcnoour solid lines) and thereby
improve overall k-space encoding efficiency. For curved spokes (illus-
trated on the right), the k-space sampling advantage for odd values of
Nspiperoop 18 Teduced but still apparent
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res=1.0mm, time =703s,

FOV =192mm, FA=2°, BW=431.25kHz
ATE=14.78ms, Ny 40p=4, NsokperLoop=8
Ngpkperimg=26864, Ngegments=4608
LAeq=68.4dB(A), LCpeak=97.8dB(C)

res=0.8mm, time =680s

FOV=192mm, FA=2°, BW=+31.25kHz
ATE =26.88ms, Ni o0, =2, NgoiperLoop= 12
NspkPerimg= 57600, Ngegments =4800
LAeq=72.6dB(A), LCpeak=96.8dB(C)

res=3.0mm, time=2.2s
FOV =192mm, FA=2°, BW=+31.25kHz
ATE =26.88ms, N\ o0p =2, NsokperLoop =32

NSkaerimg =1024, NSegments =32
LAeq=66.9dB(A), LCpeak =95.3dB(C)

Fig. 10.4 Parameter settings and acoustic noise measurements for the
two structural (i.e., Fig. 10.5: res = (1.0 mm)?, 703 s, and Fig. 10.6:
res = (0.8 mm)3, 680 s) and one functional fMRI (i.e., Fig. 10.7:
res = (3.0 mm)?3, 2.2 s/frame) Looping Star protocol. The background
noise level was LAeq = 64.2 dB(A) and LCpeak = 91.4 dB(C). The
curved Ngyperoop SPokes and the cumulative 2D k-space trajectory

ders Looping Star uniquely attractive for MR examinations
involving subjects sensitive to acoustic noise.

Figure 10.5 illustrates multi-echo Looping Star (i.e.,
res = (1.0 mm)®, Nypperroop = 85 Nioop = 4, left protocol in
Fig. 10.4) showing the FID image (left) together with the
three equidistant GRE images at TE = 14.8 ms (second col-
umn), 29.6 ms (third column), and 44.4 ms (right). The dif-
ferent rows illustrate the effect of echo IN/OUT overlap. If
uncorrected (top row), echo IN/OUT overlap results in a
grainy salt and pepper like interference pattern overlaid on
top of the echo images (but not the FID). Fermi-filtering
(middle row) removes that artifact at the cost of image reso-
lution. Phase cycling (bottom row) produces high-resolution
images clear of echo IN/OUT overlap at the cost of a twofold
increase in scan time. The GRE images demonstrate signal
cancelation around air—tissue interfaces (e.g., sinuses, oral
cavity, ear canal) induced by intravoxel B, off-resonance sig-
nal dispersion. This effect increases with TE and voxel size.
On the other hand, off-resonance effects during the short
readout period (typically <2 ms) are comparatively small/
negligible (cf. FID image).

(shown for the first spoke only) are illustrated in the middle row. 3D
spatial encoding is achieved by means of pseudorandom rotations (with
the first five segments illustrated in the bottom row). The varying
k-space coverage reflects differences in the image resolution of the
three tested protocols. (Reproduced with permission from Ref. [7])

Figure 10.6 illustrates high-resolution Looping Star (i.e.,
res = (0.8 mm)?, Ngpipertoop = 12, Nioop = 2, middle protocol in
Fig. 10.4) and shows the magnitude (left) and phase (right)
of the FID (top) and GRE (middle row) images together with
corresponding T," (bottom, left) and QSM (bottom, right)
maps. The GRE images (and particularly the QSM maps)
highlight iron-rich, deep brain structures which are other-
wise difficult to depict.

Figure 10.7 illustrates Looping Star T,-BOLD fMRI
(i.e., res = (3.0 mm)?, Ny ipertoop = 32, Nioop = 2, 2.2 s/frame,
right protocol in Fig. 10.4) for finger-tapping motor activa-
tion in a single subject and shows the activation map over-
laid on a high-resolution T,-weighted anatomical scan (top
row), the FID image (second row), and the Looping Star
echo image (third row). The bottom row shows the signal
time course for the peak z-value voxel in the left primary
motor cortex which clearly follows the expected block-
design activation with ~5% relative signal change, as
expected for T,” BOLD fMRI. Looping Star fMRI has also
been used for a variety of neuronal tasks including motor,
auditory, working-memory, and resting-state fMRI [7, 33,
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TE=0

Fig. 10.5 Conventional
multi-echo, structural
Looping Star MR imaging
(left protocol in Fig. 10.4 with
res = (1.0 mm)?,

ATE =26.88 ms, 703 s,
eight-channel brain coil)
illustrating the echo IN/OUT
artifact (top) together with
filtering (middle) and phase
cycling (bottom) as possible
ways for mitigation of the
artifact. (Reproduced with
permission from Ref. [7])

Uncorrected

Filtering

Phase Cycling

34]. The spatiotemporal resolution of Looping Star fMRI
can be further enhanced using advanced image reconstruc-
tion methods based on parallel imaging [15, 18], com-
pressed sensing [35], (multi-scale) low-rank [10, 36], or
deep learning [37-39].

Besides neuroimaging, Eggers et al. [40] have utilized
Looping Star for Dixon-type fat-water imaging, while
Feddersen et al. [41] have used it for proton resonance fre-
quency shift (PRFS) based MR thermometry. By increasing
the number of echoes and decreasing the TE spacing,
Looping Star can also be adapted for MR spectroscopic

TE=14.8ms

TE=29.6ms TE=44.4ms

imaging (MRSI) [42, 43]. For example, Looping Star with
M? =643, BW = 167 kHz, At = 1/BW = 6 ps, Nyppertoop = 4
and Ny, = 64 provides a spectral bandwidth of 1/(2
ATE) = 651 Hz with ~10 Hz frequency resolution, which is
appropriate for 3T MRSI in the brain. The segmented pulse
sequence structure allows incorporation of fat and/or water
RF suppression pulses which are typically required for
MRSI. Looping Star is also expected to benefit musculoskel-
etal MRI for the detection and characterization of short-T,
tissues. The TE = 0 FID image enables structural depiction
of cortical bone anatomy similar to CT [44-50], and the
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TE=26.88ms

Fig. 10.6 Conventional submillimeter, structural Looping Star MR
imaging (middle protocol in Fig. 10.4 with res = (0.8 mm)’,
ATE = 26.88 ms, 680 s, phase cycling, eight-channel brain coil) show-
ing rooted-sum-of-square magnitude (left) and phase (single-channel,

GRE images (together with the FID image) provide detailed
T," and susceptibility characterization of musculoskeletal
tissue [51, 52].

Looping Star shows interesting similarities with BURST-
type imaging methods [53-59]. In both cases a set of signal
coherences are excited by a train of low flip angle RF excita-
tions (sometimes referred to as DANTE or BURST pulse
train) followed by spin echo and/or gradient echo refocusing.
However, in BURST imaging signal rephasing gets reversed
in between consecutive echoes, leading to inconsistent TE
contributions for odd echoes. More specifically, in BURST-

right) FID (top) and GRE (middle) images, together with corresponding
T," (bottom, left) and QSM (bottom, right) maps. (Reproduced with
permission from Ref. [7])

type imaging the first FID gets refocused last and vice versa.
In contrast Looping Star provides perfectly equidistant refo-
cusing of each FID. Additionally, Looping Star provides a
TE = 0 FID image, which is advantageous for normalization
of the gradient echo images as required for, e.g., T2* and B,
mapping.

In summary, Looping Star is a promising and still rela-
tively new MR imaging method and, as such, provides ample
opportunities for researchers interested in its further techni-
cal development (i.e., pulse sequence, image reconstruction,
parameter mapping) and/or clinical evaluation.
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Fig. 10.7 Conventional Looping Star fMRI (right High-res T1
protocol in Fig. 10.4 with res = (3 mm)?, =
ATE = 26.88 ms, 2.2 s/frame, eight-channel brain coil)
for a single subject, block-design, finger-tapping
experiment. The statistical activation map overlaid on
the high-resolution anatomical T;-weighted image
(top), the FID Looping Star image (TE = 0, second
row), and the GRE Looping Star image

(TE = 26.88 ms, third row). The temporal signal
change (bottom) of the peak z-value voxel in the left
primary motor cortex demonstrates a BOLD sensitivity
of ~5%. (Reproduced with permission from Ref. [7]) fMRI Looping Star (TE=0)

fMRI Looping Star (TE=26.88ms)

%BOLD al peak voxel
—— fMRI GLM model

%BOLD change
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and Graeme M. Bydder

Introduction

Ultrashort echo time (UTE) sequences can generate high sig-
nals from short- and ultrashort-T, tissues, which display very
fast transverse relaxation [1]. One of the challenges with
UTE approaches is low contrast between short- and long-T,
tissues, and methods for dealing with this need to be imple-
mented to achieve useful direct imaging of various short-T,
tissues. Echo subtraction is one of the most widely used con-
trast mechanisms to suppress signals from long-T), tissues
and create high contrast for short-T), tissues [1-5]. This con-
trast mechanism relies on the substantial difference in T,*
signal decay between short- and long-T), tissues to maximize
contrast. The difference in T, may produce little contrast at
short echo times (TEs) but increased contrast between short-
and long-T, tissues at longer TEs. By subtracting UTE data-
sets with longer TEs from those with short TEs, efficient
suppression of long-T, signals can be obtained. To further
improve short-T, contrast, the echo subtraction technique
can be combined with other techniques such as fat saturation
[2], long-T, saturation [6], off-resonance saturation [7],
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long-T, inversion [8—12], specially designed radiofrequency
(RF) pulse excitations [13], as well as dual-radiofrequency
and dual-echo acquisitions [14]. In addition, complex echo
subtraction may be used to enhance short-T, contrast [15].
Details of these different echo subtraction-based contrast
mechanisms are presented below.

Dual-Echo UTE with Echo Subtraction

Dual-echo UTE data acquisition can be combined with sub-
sequent echo subtraction to suppress long-T, signals, thereby
producing high contrast imaging of short-T, tissues or tissue
components [3]. In this contrast mechanism, short-T, con-
trast is acquired by subtracting a second echo image from a
first echo image which is equivalent to T, bandpass filtering.
Long-T, tissue signals experience minimal decay by the time
of the second echo, while short-T, tissue signals undergo sig-
nificant decay by the time of the second echo. As a result,
long-T, tissues show a high signal in the second echo, while
short-T, tissues show a signal void. Subtraction of the second
echo image from the first echo image leads to suppression of
long-T, signals, leaving short-T, tissues or tissue compo-
nents unaffected. It is essential to minimize the RF pulse
duration, the TE of the first image, and the readout window
as far as possible to minimize T,*-related signal loss [3]. The
echo subtraction technique has been used for high contrast
imaging of various short-T), tissues such as the patellar ten-
don, the Achilles tendon, menisci, ligaments, and the carti-
laginous endplate, as well as graft material and fixation
elements after surgical repair of tissue trauma [1-5].
Figure 11.1 shows the contrast mechanism and an example
of the patellar tendon of a healthy volunteer imaged using a
high contrast 3D UTE technique. Signals from long-T, tis-
sues, such as muscle and articular cartilage, are well sup-
pressed by echo subtraction, with short-T, signals in the
patellar tendon highlighted. Cartilaginous endplate thicken-
ing and irregularity on subtracted 3D UTE images have also
been described in the literature, where UTE-detected carti-
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Fig. 11.1 Dual-echo 3D UTE sequence. This employs a nonselective
excitation pulse (Tgg) followed by a half-echo (T,q,) acquired at the
echo time TE, and a later full gradient echo (Txq,) acquired at TE,,
which is chosen to be the first water/fat in-phase TE (a). The first echo
time (TE),) is defined as the interval between the end of the RF excitation
pulse and the beginning of the half-echo sampling window. The
distribution of radial profiles in 3D k-space is shown in (b). A central

laginous endplate abnormalities are significantly correlated
with the Miyazaki grade [4]. A significant limitation of this
contrast mechanism is its high sensitivity to susceptibility, B,
field inhomogeneity, and chemical shift effects, all of which
may significantly reduce the short-T, contrast.

Dual-Echo UTE with Rescaled Echo
Subtraction

The combination of dual-echo UTE imaging with rescaled
subtraction provides high contrast for short-T), tissues such
as the cortical bone, tendons, and menisci [2, 16]. Simple

slice of the fat-suppressed dual-echo 3D UTE dataset of the left knee of
a healthy volunteer, including the first free induction decay (FID) image
at TE = 100 ps, is shown in (¢). There is high signal in the patellar
tendon and menisci in (¢). The image acquired at TE = 2.3 ms is shown
in (d). The subtracted image highlighting short-T, components in the
patellar tendon, quadriceps tendon, and menisci is shown in (e).
(Reproduced with permission from Ref. [3])

subtraction of the second echo image from the first FID
image may yield strong residual signal from long-T, tissues
such as fat, which has at least six distinct spectral peaks at
different resonance frequencies (i.e., at 0.9, 1.3, 2.1, 2.75,
4.2, and 5.3 ppm), leading to short-T,* relaxation [17, 18].
Fat signal decay during the time between echoes may be sig-
nificant, given that fat has a much higher proton density than
many short-T, tissues (e.g., cortical bone) and lead to reduced
short-T, contrast. In the rescaled subtraction technique, the
first UTE FID image is scaled down, resulting in a lower
signal from long-T, tissues in the first compared to the sec-
ond echo. In the subtracted images, long-T, signals become
negative, while short-T, signals remain positive. UTE with a
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Fig. 11.2 Dual-echo 3D UTE imaging of the tibia of a healthy volun-
teer with the first TE of 8 ps (a) and the second TE of 2.2 ms (b).
Subtraction of the second echo from the first UTE FID image shows
limited contrast for cortical bone due to a high signal from marrow fat
(c). Increased bone contrast is achieved by scaling down the UTE FID

rescaled subtraction technique works efficiently in creating
high positive contrast for short-T, species, especially cortical
bone, which has a much lower mobile proton density than
surrounding muscle or fat. Regular unscaled echo subtrac-
tion may significantly reduce bone contrast due to residual
signals from marrow fat. Figure 11.2 shows an example of
3D dual-echo UTE imaging with rescaled subtraction applied
to the tibia of a healthy volunteer. Conventional 3D UTE
imaging provides a relatively high signal but negative con-
trast for the tibia due to much higher signal from the sur-
rounding muscle and marrow fat (Fig. 11.2a). Echo
subtraction presents positive contrast between bone and
muscle but a negative contrast between cortical bone and fat,
as fat has a short T,* (Fig. 11.2c). The contrast between bone
and fat/muscle increases using the UTE rescaled subtraction
technique (Fig. 11.2d-f).

Dual-Echo UTE with Fat Saturation and Echo
Subtraction

Fat is a major confounding factor in morphological imaging
of short-T, tissues using the echo subtraction contrast mech-
anism due to its high proton density and short T, leading to

image by a factor of 0.8 and using absolute pixel intensity in the
subtraction image (d). Bone contrast can be further improved by
allowing negative signal intensity in long-T, tissues (e). (Reproduced
with permission from Ref. [2])

high residual signal intensity on subtracted images. Each of
the six major resonance peaks in the fat '"H MR spectrum
represents a structurally distinct proton moiety, and interac-
tions between these cause loss of coherence with a short-T,*
[17, 18]. As a result, subtraction of the second echo from the
UTE FID may produce a strong signal from fat, which can be
significantly higher than that from water-based short-T) tis-
sues, such as the osteochondral junction and cortical bone. A
combination of dual-echo subtraction with chemical shift-
based fat saturation can be an efficient way to suppress fat
signals and increase short-T, contrast. Figure 11.3 shows this
in a cadaveric human patellar sample imaged using fat-satu-
rated dual-echo UTE imaging. Echo subtraction provides
excellent contrast demonstration of the osteochondral junc-
tion, with efficient suppression of signals from the superfi-
cial layers of articular cartilage and bone marrow fat using
the chemical shift-based fat saturation approach. This tech-
nique can also be applied to short-T, tissues such as the
Achilles tendon, menisci, ligaments, and cartilaginous
endplate.
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Fig. 11.3 Fat-saturated dual-echo UTE imaging of a cadaveric human
patellar sample. This shows a high signal from the superficial layers of
articular cartilage and the osteochondral junction but a low signal from
bone marrow fat at TE = 8 ps (a) and a high signal from the superficial

Dual-Echo UTE with Long-T, Saturation
and Echo Subtraction

As short-T, tissues such as cortical bone may have much
lower signals than surrounding long-T), tissues (e.g., muscle
and bone marrow fat), generating high contrast images of
them can be technically challenging. In addition, residual
signals from long-T, tissues may be equal to or higher than
those from the cortical bone. A combination of long-T), sig-
nal suppression and echo subtraction helps decrease long-T,
signals further and increase short-T, contrast. Long-T), satu-
ration pulses are employed to suppress long-T, tissue signals
[6, 19]. For example, a 90° pulse with a relatively long dura-
tion and a low amplitude can rotate the longitudinal magne-
tization of long-T, tissues into the transverse plane, where a
large spoiling gradient can subsequently dephase the trans-
verse magnetization. However, short-T, tissues are not
excited by this pulse as the decay rate of these tissues exceeds
the excitation rate. Thus, a long 90° pulse can be used with a
large spoiling gradient to suppress long-T), tissues, leaving

layers of articular cartilage but a low signal from the osteochondral
junction and bone marrow fat at TE = 11 ms (b). The corresponding
echo subtraction image depicts the osteochondral junction with
excellent contrast (arrows) (c)

short-T, tissues to be subsequently detected by UTE data
acquisition after excitation. However, long duration 90°
pulses have a narrow spectral bandwidth and are sensitive to
B, and B, field inhomogeneities [6]. Therefore, a long pulse
with a broader spectral profile is preferred to a long rectan-
gular pulse as it is more tolerant of B, inhomogeneity.
Figure 11.4 shows an example of long T, signal suppression
using a long Gaussian pulse followed by UTE imaging to
detect signals from the tibia in a healthy volunteer. Long-T,
muscle signal is very well suppressed, but bone marrow fat
shows a high signal. Subtraction of the second echo from the
UTE FID image significantly increases the bone contrast. T,
selective RF excitation (TELEX) is designed to increase
short-T, contrast by using a long n/2 pulse, routinely inter-
rupted by refocusing pulses to improve the off-resonance
characteristics of the suppression [20]. Dual-band long-T,
suppression pulses further improve the suppression of sig-
nals from long-T, water and fat components. However, resid-
ual long-T, signals due to B, and B, inhomogeneities may
still compromise short-T, contrast [21].
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subtraction

Fig. 11.4 Long-T, saturated dual-echo UTE imaging of the tibia of a healthy volunteer with a TE = 8 ps (a) and TE = 5 ms (b), and the corre-
sponding echo subtraction image (c), which depicts cortical bone at the tibial midshaft with excellent contrast

UTE with Off-Resonance Saturation Contrast

Short-T, tissues, such as the osteochondral junction, ten-
dons, ligaments, menisci, and cortical bone, have much
broader absorption line shapes than long-T, tissues, such as
articular cartilage, muscles, and synovium. Short-T), tissues
are, therefore, more sensitive to off-resonance RF radiation.
In UTE imaging with off-resonance saturation contrast
(UTE-OSC) [7], a high-power saturation pulse is placed a
few kHz off the water peak to preferentially saturate signals
from short-T, tissues, leaving long-T, water and fat signals
largely unaffected. Subtraction of UTE images with off-
resonance saturation from basic UTE images can effectively
suppress long-T, water and fat signals and create high con-
trast for short-T, tissues, as shown in Fig. 11.5a—c. UTE

images in the axial plane of the Achilles tendon of a healthy
volunteer with and without the off-resonance saturation
pulse are shown in Fig. 11.5d, e. A Fermi pulse with a dura-
tion of 16 ms and flip angle of 2400° placed +1 kHz away
from the water peak effectively suppresses signals from the
Achilles tendon, with only a small effect on muscle and fat.
Subtraction of UTE images with and without the Fermi satu-
ration pulse provides excellent depiction of the tensile ten-
don (Fig. 11.5g). Some signal in Fig. 11.5g comes from the
skin, likely due to susceptibility effects, which may shift the
skin resonance frequency toward the saturation pulse, result-
ing in increased direct saturation and increased contrast on
the subtraction image. Overall, UTE-OSC provides much
better contrast for the tensile tendon than conventional dual-
echo UTE subtraction (Fig. 11.5h).
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Fig. 11.5 UTE-OSC employs two UTE acquisitions without (a) and
with (b) an off-resonance saturation pulse, followed by subtraction of
the two datasets to create short-T, contrast (¢). An example is shown in
the Achilles tendon of a 54-year-old normal subject to axial UTE imag-
ing without (d) and with (e) a 2400° Fermi pulse placed 1 kHz off the
water peak, a later gradient echo (f), UTE-OSC subtraction (g), regular

UTE with Adiabatic Inversion and Echo
Subtraction

Adiabatic inversion recovery (IR) pulses have been utilized
to uniformly invert the longitudinal magnetization of long
T, components [22-24]. The combination of an IR-prepared
UTE (IR-UTE) sequence and a dual-echo acquisition with
echo subtraction has been used for selective imaging of non-
aqueous myelin protons [8—11]. The long adiabatic inver-
sion pulse is used to invert the longitudinal magnetizations
of long-T, white matter (WM,;) and gray matter (GM,).
Myelin has an extremely short-T," relaxation time (much
shorter than the duration of the adiabatic pulse), and its lon-
gitudinal magnetization is not inverted but saturated due to
the fast transverse relaxation during the long adiabatic
inversion process. UTE data acquisition starts at an inver-
sion time (TI), when the inverted WM, reaches its null

Subtraction

dual-echo subtraction (h), and clinical gradient echo imaging (i). UTE-
OSC subtraction (g) provides much better contrast than regular dual-
echo subtraction (h) (arrows). Clinical GRE shows a signal void for the
Achilles tendon (arrow) (i). (Reproduced with permission from Ref.

(7D

point, leaving signals from myelin and residual GM; to be
detected during the UTE FID data acquisition. The second
echo acquires signals from non-nulled long-T, tissues
(mainly GM.). The myelin signal decays to near zero in the
second echo. Subtraction of the second echo from the first
UTE FID provides selective myelin imaging in the white
matter. Figure 11.6a—b describes this contrast mechanism.
At the null point, the gray matter myelin presents a positive
longitudinal magnetization, while the GM, has a negative
longitudinal magnetization. At the second echo (e.g.,
TE ~ 2 ms), the myelin signal decays to zero, while the GM
signal barely decays due to its long-T, and short echo spac-
ing. As a result, the net signal of gray matter is higher at the
second echo than at the initial FID. Echo subtraction pro-
duces a positive signal for myelin in white matter and a
negative signal for myelin in gray matter. This creates very
high contrast (Fig. 11.6e) [24].
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Fig. 11.6 Myelin imaging using on the IR-UTE dual-echo subtraction
technique. This employs a long adiabatic inversion pulse to invert the
longitudinal magnetizations of long-T, white matter (WM, ) and gray
matter (GMy), with myelin in white matter (WMy.;,n) and gray matter
(GMyyyeiin) largely saturated due to fast transverse relaxation during the
long adiabatic inversion process (a). UTE FID acquisition starts at the
inversion time (TI) when the inverted WM reaches its null point, where
the magnetizations of WMyyein and GMy,ei, are positive, but that of

UTE with Adiabatic Inversion and Complex
Echo Subtraction

Both magnitude and complex subtraction have been widely
used in MRI, although magnitude subtraction is more popu-
lar. Complex subtraction has been reported to improve the
detection of blood vessels compared to magnitude subtrac-
tion in MR angiography [25, 26]. Complex echo subtraction
has also been used to estimate fat signal and fraction in con-
ventional Dixon-based fat and water separation techniques
[27, 28]. While IR-UTE with magnitude echo subtraction
provides excellent contrast for myelin in the brain’s white
matter, as demonstrated by Fig. 11.6, contamination from
residual long-T, signals remains due to variation in the T, of

e %

GM, is negative. At the second echo, the myelin signal decays to zero,
and only the signal from GM, is imaged. Subtraction of the second echo
from the UTE FID provides a positive signal for WMy, but a negative
signal for myelin in gray matter (b). An example is shown on IR-UTE
imaging of the brain of a volunteer with a TE =32 ps (¢) and TE=2.2 ms
(d). Echo subtraction provides excellent WMyyjis contrast in (e)

white matter resulting in incomplete signal nulling and other
factors. Recent research suggests that complex subtraction
can reduce long-T, signal contamination and improve short-
T, contrast [15]. In dual-echo IR-UTE myelin imaging,
recovering the targeted myelin signal S,,(t;) by magnitude
subtraction is only possible if the short-T, white matter sig-
nal has a zero phase after RF excitation. The longitudinal
magnetization of myelin remains positive after applying an
adiabatic inversion pulse.

In contrast, the longitudinal magnetization of long-T,
components can be positive or negative, depending on their
T;s. A phase offset may also be caused by phase evolution
during the RF pulse or data acquisition and by imperfect
image reconstruction [29]. In contrast to magnitude subtrac-
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Fig. 11.7 Dual-echo IR-UTE imaging of a 29-year-old female volun-
teer showing the field map (a), the real part of UTE image at TE =32 ps
(b) and TE = 2.2 ms before (¢) and after (d) correction for the additional
phase errors caused by field inhomogeneity. The myelin image was
obtained using magnitude subtraction (e), complex subtraction without

tion, which potentially underestimates the myelin signal,
complex subtraction is not affected by the initial phase of
myelin and long-T, signals. Instead, complex subtraction
helps correct the phase offset induced by B, field inhomoge-
neity and other factors [15]. Figure 11.7 shows correspond-
ing results obtained from a 29-year-old volunteer, including
an estimated field map (Fig. 11.7a),a UTE image (Fig. 11.7b),
an image of the real part of the image at the second TE with
and without phase correction for field inhomogeneity
(Fig. 11.7¢c, d), and the corresponding myelin images with

J.Duetal.

(f), and with (g) correction for the phase error induced by B, inhomoge-
neity using the field map. Complex subtraction shows morphological
detail of myelin in the white matter with signal bias artifacts (green
arrows) suppressed by correcting the phase error induced by B, inho-
mogeneity. (Reproduced with permission from Ref. [15])

magnitude subtraction and complex subtraction (Fig. 11.7e—
g). The phase error due to strong B, field inhomogeneity
results in artifactually biased signal in the myelin image in
Fig. 11.7f, as indicated by the green arrows. This artifact is
suppressed by correcting the phase error in Fig. 11.7g.
Magnitude subtraction may cause an underestimation of the
myelin signal in white matter regions with longer T;s.
Complex subtraction is less susceptible to T; variation than
the magnitude subtraction [15].
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UTE with Interleaved Adiabatic Inversion
and Subtraction

Theoretically, a single adiabatic IR pulse may only be able to
selectively null long-T, tissues with a particular T, [23].
Additionally, excitation of long-T, tissues is much easier to
achieve than excitation of short-T, tissues, which decay rela-
tively rapidly when excited using an RF pulse with a rela-
tively long duration and low amplitude. It is, therefore,
desirable to use an adiabatic inversion pulse with a long
duration and minimal power (but still satisfying the adiabatic
condition) to invert long-T, magnetization but minimize
short-T, signal attenuation. However, long duration pulses
typically have narrow spectral bandwidths and thus are sen-

Fig. 11.8 UTE imaging with a
the interleaved adiabatic
inversion and subtraction

sitive to off-resonance effects, and are thus incapable of cov-
ering both long-T, water and fat signals. UTE with interleaved
adiabatic inversion and subtraction has been proposed to
suppress signals from both long-T, water and fat, creating
high contrast for short-T, tissues [23]. This technique
includes two UTE acquisitions with adiabatic inversion mag-
netization preparation pulses applied to the water peak to
generate a long-T, water-inverted image on the one hand and
applied to the fat peak to generate a fat-inverted image on the
other hand (Fig. 11.8a). Short-T, contrast is created by sum-
ming the two images.

However, long-T, components are not entirely suppressed
by this technique. Relaxation during the adiabatic inversion
pulses decreases the total magnetization, and an additional
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fat-inverted images shows
excellent contrast for the
cortical bone in the tibia
(long, thin arrow in g). The
signals in the skin, around the
vessels, as well as between
muscles and fascicles (short,
wider arrows in g), probably
arise from short-T,
components or signal
suppression failure due to
off-resonance or partial
volume effects. (Reproduced
with permission from Ref.

[23])
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scaling factor is required to compensate for this effect and so
improve the long-T, signal suppression. The scaling factors
for water- and fat-inverted images can be predicted based on
Bloch equation simulations. A phase separation process
scales the inverted components in their respective images.
The phase separation requires removal of the linear phase
from each image. The linear phase is estimated by a least
squares fit of the phase in the object, followed by the addition
of a constant phase shift to unwrap phase discontinuities
[23]. Thresholding the difference between the corrected
phases helps in conducting phase separation, which is per-
formed before the two scaling factors are applied to the
inverted components in their respective images, eventually
canceling out long-T), tissue signals at both the water and fat
resonances. Figure 11.8b—i shows an example of imaging
cortical bone in the tibia [23]. Only the muscle is inverted in
the image phase when the inversion pulse is centered at the
water resonance peak (Fig. 11.8d).

Fat next to skin and in bone marrow is inverted in image
phase when the inversion pulse is centered at the fat reso-
nance peak (Fig. 11.8e). However, the inverted components
are not fully inverted, as indicated by their reduced signal on
the magnitude images (Fig. 11.8b, c). The scaled sum
(Fig. 11.8g) provides better cortical bone contrast than the
unscaled sum (Fig. 11.8f), both of which are better than the
UTE image alone (image not shown). This UTE technique
with interleaved adiabatic inversion and subtraction can also
be used for high contrast imaging of tendons and other short-
T, tissues with robustness to variation in B, [23].

UTE with Relaxation-Parameter Contrast
and Subtraction

While UTE-type pulse sequences are often implemented with
short duration maximum power RF excitations, UTE data
acquisition can be combined with relaxation-parameter con-

trast for short-T, imaging [13]. The relaxation-parameter con-
trast exploits the sensitivity of bone proton magnetization to
both T, and RF pulse duration. RF excitation pulse parameters
are selected to determine the extent of concurrent relaxation
and excitation (Fig. 11.9a) [13]. The excitation RF pulse
dimensions can be adjusted independently, or in combination
with other sequence parameters such as flip angle or TE, to
match a particular T, relaxation rate and improve short-T, con-
trast. The RF pulse duration p and the amplitude a may be
changed to adjust the relaxation dependence of the image con-
trast. Nutation is T,-dependent if the flip angle or pulse dura-
tion is tuned to balance the competing effects of relaxation and
excitation for any particular RF amplitude [23]. In other
words, the pulse duration p can be adjusted to match the
desired T, sensitivity and improve short-T, contrast. To selec-
tively detect signals from magnetization within a specific
range of T, values, two RF pulse durations (i.e., p; and p,) are
chosen so that the sensitivity transition between them brackets
the range of interest. Two UTE datasets with the same imaging
parameters except for different RF excitation pulses are then
acquired. Subtraction of the two UTE images creates T,-
specific contrast and highlights spins relaxing within a chosen
range of T, relaxation times. Figure 11.9b-h shows an exam-
ple of the skull of a healthy volunteer on 3D UTE images.
UTE with a short RF pulse duration detects all anatomical
regions (Fig. 11.9b), including the skull. The soft tissue signal
is much higher due to its higher proton density compared to
cortical bone. A longer echo UTE with a longer RF pulse
selectively avoids excitation and reception of signals from the
skull (Fig. 11.9c). Subtraction of the two datasets provides
high contrast imaging of the skull with improved long-T, sig-
nal suppression compared to regular dual-echo UTE imaging
with a short RF pulse followed by echo subtraction (Fig. 11.9f
vs. g). This novel subtraction technique also captures more
signal from bone than the pulse only difference image (i.e.,
UTE with the fast pulse minus UTE with the slow pulse)
(Fig. 11.9f vs. h) [13].
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RF pulse (peak field 1.53 pT) and a longer TE = 2.0 ms (c¢), UTE with
short RF pulse and a longer TE = 2.0 ms (d), and UTE with a long RF
pulse and an ultrashort TE = 34 ps (e). The Ibl-lcl difference image (f)
depicts cortical bone more specifically than the conventional UTE
subtraction |bl-Id| difference image (g). (g) is also more sensitive to the
components of cortical bone than the pulse duration subtraction, Ibl-lel
difference image (h). (Reproduced with permission from Ref. [13])
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Dual-Radiofrequency and Dual-Echo
(DURANDE) UTE with Subtraction

While relaxation-parameter contrast-based UTE enhances
the discrimination of bone signals and yields a higher level
of bone specificity than a standard dual-echo UTE sequence,
the total scan time is doubled due to the use of two different
RF interleaves with identical k-space coverage [13, 14]. Lee
et al. proposed a rapid bone MR imaging method utilizing a
3D dual-radiofrequency and dual-echo (DURANDE) UTE
pulse sequence together with bone-selective image recon-
struction [14]. This technique acquires two dual-echo UTE
datasets following short and long RF pulses, with encoding
gradients varying continuously along the entire pulse train to
reduce the total imaging time by a factor of two (Fig. 11.10a).
The 3D DURANDE UTE sequence employs two hard RF
pulses (RF; and RF,), differing in duration and amplitude,
but having the same pulse area applied alternately in succes-
sive TR periods along the entire pulse train. Two echoes at a
short TE (TE,) and a long TE (TE,) are collected from the
beginning of the gradient ramp-up within each TR. As a

result, four echoes are produced, including ECHO,;, ECHO,,,
ECHO,,, and ECHO,,, in which the subscripts represent the
corresponding RF and TE indices. The four echoes are com-
bined via a view-sharing (VS) approach to generate two
independent k-space datasets during image reconstruction
(Fig. 11.10b). Substantially accelerated UTE bone imaging
can be achieved by using the sparsity of bone voxels in the
corresponding subtraction images. This produces isotropic
high-resolution volumetric craniofacial images in only
3 min. Figure 11.10c—e shows a volunteer study with three
sets of images (I;l, IL,l, and I.,) obtained by relaxation-
parameter contrast-based UTE (Fig. 11.10c; N, = 50,000
each for ECHO,; and ECHO.,, respectively, imaging
time = 12 min) and an accelerated version with an under-
sampling factor of two, without (Fig. 11.10d; N, = 25,000
each for ECHO,, and ECHO,,, 6 min scan time) and with
(Fig. 11.10e; N, = 25,000 each for all four echoes, 6 min scan
time) using VS reconstruction. Figure 11.10f displays a line
profile of Iy, for each method, showing that the
VS-DURANDE UTE technique provides a visually similar
quality of images in under half the total scan time [14].
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Fig. 11.10 The VS-DURANDE UTE sequence. This employs two RF
pulses, RF; (short ~40 ps) and RF, (long ~520 ps), alternately followed
by dual-echo acquisition to produce four independent datasets: ECHO,,
ECHO,,, ECHO,;, and ECHO,, (a). A schematic of the k-space
construction with VS between ECHO,, and ECHO,, (k;) and between
ECHO,, and ECHO,, (k,) is shown in (b). Varying gradients (radial
view angles) on a TR basis allows use of the VS approach to halve the
total scan time. The central portions of k; and k, are composed only of
ECHO,, and ECHO,,, respectively, to maximize differences in bone
signals between the two corresponding images. The 3D DURANDE
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UTE technique was applied in a volunteer to produce three sets of
images (1,1, 11,1, Izone), reconstructed with relaxation-parameter contrast
(using only ECHO,; and ECHO,,), with 50,000 (¢; 12 min) and 25,000
(d; 6 min) radial views for each echo, and the VS scheme that utilizes
all four echoes with 25,000 views each (e; 6 min). Signal profiles of
Igones corresponding to the colored lines in (c—e), are shown in (f). When
compared with the reference (¢), VS-DURANDE (e) suffers no
appreciable loss in image quality, while undersampling-induced noise
amplifications (arrows in d) are suppressed. (Reproduced with
permission from Ref. [14])
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Conclusion

Transverse magnetization decays exponentially in time fol-
lowing T,* relaxation in UTE imaging. The difference
between two sets of UTE and later echo images acquired
with different TEs provides T, sensitivity. A “band-selective”
sensitivity in T,* is achieved by appropriately selecting TE
and ATE. The most straightforward technique is to acquire
two echoes using UTE FID as the first echo and a second
echo. Subtraction of these provides high contrast imaging of
short-T, tissues in a time-efficient way. A drawback of this
technique is marked sensitivity to off-resonance effects and
contamination from fat, which has a high proton density,
short-T;, and a long-T, but a relatively short-T,* [1-5].
Using fat-suppressed dual-echo UTE with echo subtraction
improves the short-T, contrast for imaging of the osteo-
chondral junction [2]. Long-T, saturation and an adiabatic
inversion preparation can also be combined with dual-echo
UTE data acquisition for improved short-T, contrast. UTE-
based off-resonance saturation creates high contrast for
short-T, tissues with the efficiency and artifact level closely
related to the properties of the saturation pulse [7]. Adiabatic
inversion preparation is robust for long-T, signal suppres-
sion, as it is insensitive to B; inhomogeneity once the adia-
batic condition is met and insensitive to B, inhomogeneity
when using a relatively broad spectral bandwidth [19].
Complex subtraction may further improve long-T, signal
suppression, especially for tissue components subject to
imperfect nulling due to T, variations [15]. UTE with an
interleaved adiabatic inversion and subtraction allows high-
contrast imaging of short-T, tissues such as cortical bone.
However, the optimal contrast depends on the scaling fac-
tors, which are tissue dependent and may compromise clini-
cal applications [23]. UTE with relaxation-parameter
contrast followed by subtraction works well in highlighting
ultrashort-T), tissues such as cortical bone in the skull [13].
The VS-DURANDE UTE technique is based on relaxation-
parameter contrast. It uses view-sharing reconstruction and
the sparsity of bone voxels to produce bone images in under
half the usual scan time [14]. These different subtraction-
based techniques may also be combined with other UTE-
type sequences, such as zero echo time (ZTE) [30] and
pointwise encoding time reduction with radial acquisition
(PETRA) [31] for high contrast imaging of short-T,
tissues.
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T, Relaxation During Radiofrequency

(RF) Pulses

Peder Larson

Introduction

Radiofrequency (RF) pulses are a critical part of every MRI
pulse sequence and must be specifically designed for ultrashort
echo time (UTE) and zero echo time (ZTE) acquisitions. When
considering the behavior of RF pulses, most often longitudinal
T, or transverse T, relaxation are assumed to be negligible dur-
ing the RF pulses themselves. This is usually valid with conven-
tional sequences since most tissue T;s and T,s are much longer
than typical RF pulse durations. However, when imaging tissues
that have transverse relaxation times that are of the order of, or
shorter than, the RF pulse duration, as is often the case with
UTE and ZTE MR, then relaxation during the pulse must be
considered. This chapter covers the theory of T,/T,* relaxation
during an RF pulse and the implications as well as applications
of this for imaging of short- and ultrashort-T,* species.

Theory

To determine the effect of relaxation during an RF pulse, we
simply need to use the Bloch equations. However, solutions
of the Bloch equations used in RF pulse simulation and
design, such as the Shinnar-Le Roux (SLR) transform, can-
not be used since they neglect relaxation. Numerical solu-
tions to the Bloch equation can be used to provide the most
accurate simulations of RF pulse profiles.

However, to gain insight into the interaction between an
RF pulse including longitudinal and transverse relaxations,
the following approximate solution to the Bloch equation for
the longitudinal magnetization, My, is useful:

M,(T,)~ MO[I—TZ T o (1) dfj (12.1)
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Here, M, is the equilibrium magnetization, T, is the trans-
verse relaxation time, fis frequency, and Q,(f) is the Fourier
transform, or frequency spectrum, of the RF pulse. This
result was derived assuming T, is short relative to fluctua-
tions in the RF pulse shape and using a small-tip approxima-
tion [1]. This shows that there is a trade-off between total RF
spectral power (e.g., pulse bandwidth) and short-T, signal
attenuation.

The effect of RF pulses on short-T, components can also
be understood in terms of spectral linewidths (Fig. 12.1). T,
is inversely proportional to the linewidth, meaning that short-
T, species have broad linewidths and long-T, species have
narrow linewidths. The overlap between the spectrum of the
RF pulse and the tissue spectrum determines the approxi-
mate degree of excitation. The narrow spectrum of long-T,
species is more easily covered by the RF spectrum, and thus
they are easily excited [2]. Broad short-T, species require a
wide bandwidth RF pulse to be fully excited. Thus, a narrow
bandwidth RF pulse can fully excite longer T, species but
only partially excites shorter T, species (Fig. 12.1).

This intuitive understanding can be extended to off-
resonance situations. For example, magnetization transfer
(MT) applies RF pulses far from the water resonance fre-
quency, which only leads to excitation of very broad line-
width ultrashort-T, components. Fat suppression pulses are
also applied at the lipid resonance frequencies with relatively
narrow bandwidths in order to selectively excite fat but not
long-T, water.
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Spectral Profile

Excitation and T, Relaxation

The purpose of excitation is to generate transverse magneti-
zation for imaging. When imaging ultrashort-T, species, the
major consideration is to ensure there is an adequate flip
angle applied to the rapidly decaying component. As shown
in Fig. 12.2, the flip angle decreases with shorter T,s, causing
noticeable decreases when T, is of the order of, or shorter
than, the pulse duration. Also note that shorter T,s also lead
to blurring of the slice profile.

To achieve sufficient excitation of an ultrashort-T, com-
ponent, the intuition from Fig. 12.1 tells us that RF pulses
should be designed to have as large a bandwidth as possi-
ble, as shown in Fig. 12.3. Equivalently, for a given pulse
shape, the RF pulse should be as short as possible, since
bandwidth scales inversely with duration. Ultimately,
shortening the RF pulse is limited by the MR system peak
B, amplitude and peak gradient strength (when performing
slice selection).

Changes in excitation as a function of T, have also been
exploited to improve the contrast for short-T, components
[5]. This approach uses an acquisition with a short RF pulse,
which has high signal from both long- and short-T, compo-
nents, and an acquisition with a long RF pulse, which has
high signal only from long-T, components. The long-T, com-
ponent signal can then be suppressed by subtracting these two
images, leading to improved short-T, contrast (Fig. 12.4).

Short-T, component excitation has also been combined
with fat suppression in a soft-hard composite pulse approach
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Fig. 12.2 Bloch equation simulated slice profile versus T, for a 1 ms,
45° half pulse [3, 4]. T, relaxation during the pulse blurs the desired
5 mm slice profile and decreases the flip angle for the shortest T, values

[6]. In this approach, the composite pulse contains a narrow
bandwidth soft pulse centered on the fat peak with a small
negative flip angle (—a) and a short rectangular pulse with a
small positive flip angle (). The fat magnetization experi-
ences both tipping down and tipping back with an identical
flip angle and thus returns to its equilibrium state, leaving
only the water magnetization excited. This avoids short-T,
component saturation that happens during conventional fat
saturation RF pulses (Fig. 12.5).
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Fig. 12.4 RF excitation pulses of different lengths (a) can be used to
create T, selectivity (b). For comparison, the T, selectivity at different
TEs is also shown. The images (d—j) show how the fast and slow RF pulse

images as well as different TE images can be subtracted to create short-T,
contrast, in this case providing excellent depiction of cortical bone in the
skull which has a T,* ~ 0.3 ms. (Adapted with permission from Ref. [5])
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Saturation and T, Relaxation

The T, selectivity of RF pulses has also been exploited to
design saturation pulses intended to selectively saturate
long-T, components and provide improved contrast for
short-T, components. One challenge in imaging short-T,
components is that they often have smaller signals due to
relaxation and/or lower proton density compared to long-T,
components. This problem can be overcome by designing
low bandwidth 90° flip angle RF pulses, which are followed
by a spoiling gradient to suppress spins excited by the pulse.
Using the intuition in Fig. 12.1a, these low bandwidth pulses
overlap the entire long-T, linewidth, causing full 90° excita-
tion, while short- and ultrashort-T, components have smaller
or incomplete excitation and thus will not be suppressed by
the resulting spoiler gradient (Fig. 12.6).

The disadvantages of long-T, suppression pulses are that
they are inherently sensitive to off-resonance, as they rely on
use of a narrow pulse bandwidth for contrast, and, like other
suppression pulse schemes, are sensitive to RF field inhomo-
geneities that lead to imperfect flip angles.

The principles of long-T, suppression pulses can also be
applied with fat suppression, which is especially important
for musculoskeletal applications where short-T, tissues such

as tendons, ligaments, cartilage, and bone are often adjacent
to fat. One approach that can be used is to create “dual-band”
RF pulses, a single RF pulse which includes relatively nar-
row saturation bandwidths at both fat and water resonances
to selectively excite long-T, components at these two reso-
nances [1].

Another approach is to use separate 90° saturation pulses
at both the fat and water resonances, as illustrated in
Fig. 12.7. This approach also includes low bandwidth refo-
cusing 180° pulses on alternate scans. These are included to
correct for imperfections in the flip angle of the 90° satura-
tion pulses, which is a challenge for 90° RF pulse-based
saturation schemes. By using low bandwidth pulses, only
the long-T, components experience this refocusing
(Fig. 12.8).

T, selective suppression can also be achieved in a manner
similar to MT by applying off-resonance contrast (“UTE-
OSC”) RF pulses [9]. Following the off-resonance RF pulse,
only the short-T, components are excited (Fig. 12.1c), and
these are suppressed by a spoiler gradient. The off-resonance
saturated image is then subtracted from an unsuppressed
image, leading to improved contrast of short-T, components.
This approach is the inverse of long-T, suppression pulses
(Fig. 12.9).

Fig. 12.6 Simulation results

for longitudinal magnetization
remaining after suppression
pulses of different bandwidths
for various T, values. As the
pulse bandwidth increases,
the signal remaining after
suppression decreases. As T,
increases, the signal also
decreases. This simulation is
consistent with the intuition
shown in Fig. 12.1.
(Reproduced with permission
from Ref. [1])

Relative Signal After Suppression

Pulse Bandwidh (Hz)
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UTE with long-T2
suppression pulse

Fig. 12.7 Long-T, signal suppression pulse results in vivo. (a, b) In
the brain, a low bandwidth saturation pulse applied at the water
resonance frequency creates improved contrast for short-T, components
in myelin as well as connective tissue and cortical bone compared to
UTE without long-T, signal suppression. (c—f) 3D UTE results in the
knee show greatly improved contrast of short-T, structures when using

a dual-band suppression pulse (d—f) to suppress long-T, water and fat
components compared to no suppression in (¢). This provides excellent
visualization of the menisci, patellar tendon, iliotibial band, and ante-
rior cruciate ligaments, as well as the thickened tibial cortex. There are
some fat suppression failures (short arrows in d) due to B, field inhomo-
geneity. (Adapted with permission from Ref. [1])
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the transverse plane. (¢) Similarly, for the low bandwidth 180° pulses,
only the long-T, components are inverted. (d—f) Using this tissue
suppression scheme, the long-T, water gel and long-T, fat components
are suppressed, leaving a selective image of cortical bone with contrast
similar to CT. (Adapted with permission from Refs. [7, 8])
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Fig. 12.9 (a) UTE with off-resonance saturation contrast (UTE-OSC).
This includes two acquisitions with and without an off-resonance satu-
ration pulse. The saturation pulse was placed +1 to +2 kHz away from
the on-resonance water peak to minimize its spectral overlap with those
of long-T, water and fat. Short-T, species have a broad spectrum and
are suppressed by the saturation pulse. Subtraction of UTE images with

Inversion and T, Relaxation

Inversion pulses are valuable tools that are typically used
to create T, contrast by including a time delay after a 180°
pulse, also known as inversion recovery (IR). Using the
principles in this chapter, we can also integrate T, selec-
tivity into inversion pulses for short-T, imaging
applications.

1
\}

S~

-440 Hz

0 Hz

subtraction

and without off-resonance saturation pulse suppresses long-T, water
and fat signals, leaving high contrast for short-T, species. (b—d) This is
clearly shown in the ankle UTE imaging result, which shows unsatu-
rated (b) and off-resonance saturated (c¢) images, from which subtrac-
tion leads to high-contrast visualization of the Achilles’ tendon (arrow
in d). (Adapted with permission from Ref. [9])

One approach is to use low bandwidth inversion pulses
to prepare the magnetization and then combine with
non-inverted images [10]. Since the low bandwidth pulses
primarily invert long-T, components, they are suppressed in
the combined images and provide improved short-T, con-
trast. This strategy can also be extended to include fat sup-
pression by combining long-T, fat-inverted and long-T,
water-inverted images (Fig. 12.10).
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Fig. 12.11 (Left) Two examples of the expected signal response in
IR-UTE. The short-T, components (e.g., myelin protons) are partially
tipped by the inversion pulse, whereas the long-T, components are fully
inverted. At the chosen TI, the long-T, components are nulled while the
short-T, components have experienced T, recovery. (Right) Example

Short-T, imaging can also be combined with IR to sup-
press long-T, components [11]. This can simply be based on
T, selectivity, but by designing reduced bandwidth inversion
pulses, this can improve the contrast for short-T, compo-
nents. This has been successfully applied with both single
and dual IR (DIR) UTE sequences [12-15]. As illustrated in
Fig. 12.11, the low bandwidth inversion pulses in these
approaches aim to invert long-T, component longitudinal
magnetization while minimally perturbing short-T, compo-
nent magnetization. TIs are then chosen to null long-T, com-
ponents based on their T;s (Fig. 12.11).

Conclusion

For short-T, imaging with UTE and ZTE MRI pulse
sequences, it is important to understand the effects of T,
relaxation during RF pulses. This becomes significant when
T, is of the order or shorter than the RF pulse duration. The
main intuition presented in this chapter is that the T, selectiv-
ity is determined by the overlap of the signal component
linewidths with the RF pulse frequency profile. The line-
width is inversely proportional to T,, while the RF profile is
determined by the pulse bandwidth and frequency offset.
This chapter shows how to ensure adequate excitation of
short-T, components as well as methods for improving short-
T, component contrast through the use of T, selective excita-

Inversion Time =

GO

results of IR UTE in the brain show how the contrast varies with TI and
TE. Combining echo subtraction with a well-chosen TI leads to short-T,
selective images of myelin, shown using the STAIR-UTE method in a
multiple sclerosis patient with demyelinating lesions (arrows). (Adapted
with permission from Refs. [12—-14])

tion, saturation, and inversion RF pulses. The chapter also
describes how fat suppression can be integrated and opti-
mized for short- and ultrashort-T, imaging.
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Jiang Du, Yajun Ma, Hyungseok Jang, Michael Carl,

and Graeme M. Bydder

Introduction

Ultrashort echo time (UTE) sequences allow direct mag-
netic resonance imaging (MRI) of species in the body with
very short-T,s [1-4]. However, many of these “short-T,
species,” such as cortical bone and myelin, also have rela-
tively low proton densities, rendering them “invisible” even
with the use of UTE sequences if the imaging is not accom-
panied by suppression of signals from the higher proton
density long-T, species associated with the short-T, species
[4-7]. Residual signals resulting from incomplete suppres-
sion of long-T, species may be higher than those from
short-T, species and significantly compromise short-T,
contrast even when short-T, signals are successfully
detected. These considerations put a high premium on effi-
cient long-T, signal suppression, which should be insensi-
tive to B, and B, inhomogeneities. Contrast mechanisms
such as UTE dual-echo acquisition followed by echo sub-
traction [8—10], long-T, saturation [11], chemical shift-
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based fat saturation [12, 13], and off-resonance saturation
[14] are sensitive to B, and/or B, inhomogeneities. As a
result, these techniques may only provide limited contrast
when performing UTE imaging of short-T, species such as
myelin and trabecular bone [6, 15].

Mpyelin and trabecular bone are examples of two short-
T, species in the body that are challenging for direct imag-
ing. Myelin accounts for only a small fraction of the total
UTE signal in white matter of the brain and an even smaller
fraction in gray matter [16]. Trabecular bone imaging is
complicated by its low proton density and the fact that it is
surrounded by marrow fat and water, which have much
higher proton densities. In addition, there are strong sus-
ceptibility artifacts at the bone marrow interfaces. Thus,
low proton density, ultrashort-T,*s, surrounding high sig-
nal from long-T, species, local susceptibility effects, and
chemical shift effects make direct imaging of trabecular
bone extremely challenging. There is a clear need for tar-
geted, robust long-T, suppression mechanisms that are
insensitive to B, and B, inhomogeneities to address these
problems.

Adiabatic fast passage inversion pulses (Silver-Hoult)
are an exceptional group of radiofrequency (RF) pulses that
facilitate robust and uniform inversion of the longitudinal
magnetizations of long-T, species [17-20]. Not only are the
pulses insensitive to inhomogeneities in the B, field when
the RF field amplitude is greater than the adiabatic threshold
[17], but also single and multiple adiabatic inversion pulses
can be combined with other contrast mechanisms such as fat
suppression, echo subtraction, off-resonance saturation,
and/or a special combination of repetition time (TR) and
inversion time (TI) to generate robust long-T, signal sup-
pression. This group of techniques allows high contrast
UTE imaging of both short- and ultrashort-T, species,
including myelin and trabecular bone. The theoretical back-
ground and technical details underpinning the use of differ-
ent adiabatic inversion pulse-based contrast mechanisms are
described below.
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Theory

Modern MR scanners allow continuous modulation of RF
pulse amplitude and phase. As a result, tissue bulk magneti-
zation can be excited by sweeping the effective B; magnetic
field B either slowly or adiabatically [17]. During this pro-
cess, the bulk magnetization vector stays approximately col-
linear with B, and excitation is accomplished over a broad
range of resonant frequencies with a high degree of tolerance
to B, field inhomogeneity. Adiabatic passage is performed by
sweeping the RF pulse frequency o,(f) through a range of
frequencies. Adiabatic rotations must be carried out rapidly
relative to T, and T,, a process termed ‘“‘adiabatic rapid pas-
sage,” to be useful in contemporary MR applications [17].
One of the most widely used adiabatic pulses has B chosen
to produce a rotation of 180° and is described as “adiabatic
full passage” (AFP) or an “adiabatic inversion pulse.” The
adiabatic inversion pulse uniformly inverts tissue longitudi-
nal magnetizations when the RF field amplitude is greater
than the adiabatic threshold and the pulse duration is much
shorter than the relevant tissue T, and T, values [17].
However, rotated longitudinal magnetization may experi-
ence significant transverse relaxation during the long adia-
batic inversion process if its T, is of the order, or shorter than,
the pulse duration t [18]. Bloch equation simulations show
that T, relaxation during an adiabatic hyperbolic secant
(sech) pulse can forestall complete inversion of the longitu-
dinal magnetization and create T,-dependent contrast [18].
The T, contrast created by an RF pulse is determined by its

spectral bandwidth and the tissue T,. RF pulse-induced, T,-
dependent contrast can be understood conceptually by know-
ing that it is much easier to excite long-T, species such as
muscle, white matter, gray matter, and cerebrospinal fluid
(CSF) than to excite short-T, species such as bone and
myelin [18]. While long-T, species are excited by the RF
pulse, the transverse magnetization of short- and ultrashort-
T, species leads to rapid decay of the magnetization.
Figure 13.1a, b shows a numerical simulation of longitudinal
magnetization increasing as a function of inversion pulse
bandwidth [18]. The inversion is more effective as band-
width increases and less effective as T, decreases.
Theoretically, a long-duration adiabatic inversion pulse with
low power and narrow spectral bandwidth would be ideal to
invert long-T, species and not affect the longitudinal magne-
tization of short-T, species. However, a very narrow spectral
bandwidth can increase sensitivity to B, field inhomogene-
ities to an intolerable degree. In practice, a hyperbolic secant
Silver-Hoult pulse with a duration of ~8.64 ms and a spectral
bandwidth of ~1.5 kHz provides uniform inversion of long-
T, species, while displaying minimal sensitivity to B; and B,
field inhomogeneities [19-21]. The combination of a long
adiabatic inversion pulse of this type with a UTE (IR-UTE)
free induction decay (FID) data acquisition can therefore
provide selective imaging of short-T, species (Fig. 13.1c).
There are also a variety of other adiabatic IR-based UTE
techniques that have been developed to provide more robust
imaging of short-T, species, such as those needed for tra-
becular bone and myelin [15, 21-31].
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Fig. 13.1 Simulated off-resonance profiles of a Silver-Hoult adiabatic
inversion pulse with a duration of 8.64 ms and a bandwidth of ~1 kHz
applied at the water resonance frequency for tissue T,s of 0.1 1, 10, and
100 ms (a) and simulated longitudinal magnetization after the adiabatic
inversion pulses with different bandwidths for various values of T, (b).
As the pulse bandwidth increases, M, decreases, and the inversion

Single Adiabatic Inversion Recovery UTE
(IR-UTE)

With the single adiabatic inversion recovery UTE (IR-UTE)
contrast mechanism (Fig. 13.2a), a single adiabatic inversion
pulse is used to invert the longitudinal magnetizations of
long-T, water (e.g., muscle) and long-T, fat [1, 20]. The
duration of the adiabatic inversion pulse is set to be much
longer than the duration of tissue ultrashort-T,s; as a result,
the longitudinal magnetizations of long-T, water and long-T,
fat are fully inverted, while those of ultrashort-T, species are
not inverted but are largely saturated during the long adia-

Time

becomes more complete (b). Longer T, species are inverted more than
shorter T, species (a). This can be used to create short-T, contrast with
the adiabatic inversion pulse prepared UTE (IR-UTE) sequence, where
long-T, species are inverted and nulled using an appropriately chosen
inversion time (TI). Short-T, species are selectively detected by the
UTE data acquisition (c)

batic inversion process [20]. The UTE data acquisition starts
at values of TI and TR designed to allow the inverted long-T,
magnetizations to approach the null points as closely as pos-
sible, leading to selective imaging of ultrashort-T, species.
Because the adiabatic inversion pulse with a relatively broad
spectral bandwidth is insensitive to B, and B, inhomogene-
ities, the IR-UTE technique provides uniform inversion of
long-T, magnetizations when the pulse amplitude is above
the adiabatic threshold, making the IR-UTE sequence a
robust mechanism for high-resolution and high contrast
imaging of ultrashort-T, species such as cortical bone [7].
Figure 13.2b, c shows representative clinical fast spin echo
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Fig. 13.2 The IR-UTE sequence employs a long adiabatic inversion
pulse to invert the longitudinal magnetizations of long-T, species (e.g.,
muscle and fat), and this is followed by UTE acquisition with TI and TR
adjusted so that the inverted long-T, magnetizations reach their null
points as closely as possible (a). The longitudinal magnetizations of
short-T, species (e.g., bone) are not inverted but are largely saturated
and recover during TI after which they are selectively imaged by the
UTE data acquisition. Simulation of the total residual signal from

(FSE) and IR-UTE images of cortical bone in the forearm
with excellent image contrast and high signal-to-noise ratio
(SNR). This sequence also creates high contrast for other
short-T, and ultrashort-T, species, such as the osteochondral
junction, menisci, ligaments, tendons, and aponeuroses [9].

Single Adiabatic Inversion Recovery UTE
with Echo Subtraction (IR-UTE-ES)

One limitation of the single IR-UTE technique described
above is its sensitivity to T, variation. Theoretically, a single
adiabatic inversion pulse can invert and null only one par-

muscle and fat as a function of TI and TR shows that well-selected
combinations of TR and TI can efficiently suppress signals from
long-T, muscle and long-T, fat (b). Conventional clinical fast spin echo
(FSE) imaging of the forearm shows near-zero signal for cortical bone
(thick arrows) as well as tendons and aponeuroses (thin arrows) (c). In
contrast, the IR-UTE sequence shows high signal and contrast in these
tissues (d). (Reproduced with permission from Ref. [20])

ticular T, of a specific long-T, species by use of an optimized
TI. The longitudinal magnetizations of long-T, species with
different T;s will not reach the null point simultaneously
although some compensation for this is possible by judicious
choice of TR. After the UTE FID data acquisition, short- and
ultrashort-T, signals decay quickly to noise or near-noise
levels. A dual-echo acquisition followed by echo subtraction
can be used to suppress residual long-T, signals further and
thereby improve short-T, contrast. Single adiabatic inversion
recovery UTE imaging with echo subtraction (IR-UTE-ES)
is shown in Fig. 13.3a. This technique can create very high
contrast imaging of short-T, species such as myelin in the
white matter of the brain [6]. In this example, the adiabatic
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a TE=8us

FID Echo

Fig. 13.3 The contrast mechanism for IR-UTE-ES imaging of myelin
in white matter (WM,¢;i,) (@). The UTE data acquisition starts at a TI
which is adjusted to null long-T, white matter (WM_). At this TI, the
longitudinal magnetization of the long-T, gray matter (GM, ) is negative
due to its longer T,. The adiabatic inversion pulse largely saturates the
excited myelin magnetization because its T, is much shorter than the
duration of the adiabatic inversion pulse. At the null point, the UTE FID
signal for gray matter includes the positive myelin (GMyye;,) and
negative GM,, which partially cancel. At the second echo, the gray

inversion pulse inverts the longitudinal magnetizations of
long-T, white matter (WM, ) and gray matter (GM,). In dis-
tinction, the longitudinal magnetizations of myelin in white
matter (WM,yeiin) and gray matter (GM,,yein) are saturated
due to their ultrashort-T,s [24-30, 32, 33]. UTE data acquisi-
tion starts at the TI necessary for the inverted longitudinal
magnetization WM, to reach its null point. Because gray
matter has a much longer T, than white matter, its longitudi-
nal magnetization remains negative at the TI, which nulls
WM, During TI, the saturated WM 11, and GM, g1, magne-
tizations recover quickly due to myelin’s short T, [25]. As a
result, the UTE FID acquisition captures signals from
WM, ,yeiin and GMyyeiin, as well as from GM, (Fig. 13.3b). The
second gradient echo acquires signal mainly from GM,,
which only decays slightly during the short time between the
FID and the gradient echo. There is near-zero signal from
myelin at the second echo due to its fast transverse relaxation
(Fig. 13.3c). Subtraction of the second echo image from the
first FID image suppresses signals from GM,; and creates
high contrast for myelin (Fig. 13.3d). The partial cancella-
tion between positive longitudinal magnetization from
GM,,yeiin and negative longitudinal magnetization from GM,,
makes the overall signal lower on the UTE FID image than it
is on the second echo image [6]. Echo subtraction of the
magnitude of these signals, therefore, generates positive sig-
nal for myelin in white matter but negative signal for gray
matter. This results in high contrast and creates a sharp
boundary between myelin in white matter (positive signal)
and myelin in gray matter (negative signal) (Fig. 13.3d).

TE =2.2 ms

subtraction

matter myelin signal decreases to zero, while the GM,, signal remains
essentially unchanged. Subtraction of the magnitude of the second echo
from the magnitude of the first UTE FID produces high positive contrast
for WM, i1, but negative contrast for gray matter. This is shown in the
brain of a healthy volunteer with a TE = 8 ps (b) and 2.2 ms (c), as well
as the corresponding echo subtraction image, which shows positive
signal for white matter myelin (thick arrow) and negative signal for
gray matter myelin (thin arrow) (d)

Adiabatic Inversion Recovery Fat Saturation
UTE (IR-FS-UTE)

In the adiabatic inversion recovery fat saturation UTE
(IR-FS-UTE) contrast mechanism (Fig. 13.4a), an adiabatic
inversion preparation is combined with chemical shift-based
fat saturation for efficient suppression of long-T, water and
fat signals [23]. The significant differences in T, between
long-T, water and fat may lead to a strong residual signal
with conventional IR-UTE imaging. The use of an adiabatic
inversion pulse to suppress the long-T, water signal and a fat
saturation pulse to suppress the fat signal provides high con-
trast for short-T, species, such as the cartilaginous endplate
(CEP) of the spine [34-36]. In 3D IR-FS-UTE imaging of
the CEP, a long adiabatic inversion pulse is used to invert the
longitudinal magnetizations of long-T, components, such as
the nucleus pulposus (NP) in the intervertebral disc. This
pulse only partially inverts the longitudinal magnetizations
of the CEP, which has a short T, [36]. Because the TI is not
chosen to null fat, the fat signal is only partially suppressed
by the adiabatic inversion pulse. Therefore, an additional
chemical shift-based fat saturation pulse is applied to sup-
press the fat signal before the acquisition of UTE data. This
leads to improved CEP contrast. After each pair of adiabatic
inversion and fat saturation pulses, a series of spokes is
acquired to speed up UTE data acquisition. Figure 13.4b—d
compares conventional clinical and 3D IR-FS-UTE imaging
of the lumbar spine in a patient. The IR-FS-UTE images
show a small incipient Schmorl’s node on the vertebral body
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Fig. 13.4 The contrast
mechanism for 3D IR-FS-
UTE imaging (a) where an
adiabatic inversion pulse and
chemical shift-based fat PR

Adiabatic IR pulse

CEP

FatSatﬂ ‘ ‘ H

11| B ;

A

saturation are followed by
UTE data acquisition to -
provide high contrast imaging b p
of short-T, species such as the NP
cartilaginous endplate (CEP). .-
The initial adiabatic inversion

Time

Tl

pulse inverts and nulls signal
from the nucleus pulposus
(NP) in the intervertebral disc.
A later chemical shift-based
fat saturation pulse is used to
suppress the signal from fat.
A multispoke 3D UTE
acquisition is employed and
provides high contrast
imaging of the CEP. The
spine (T11-L5) of a 38-year-
old male volunteer is shown
using conventional 2D T,-FSE
(b), 2D T,-FSE (¢), and 3D
IR-FS-UTE (d) sequences.
The 3D IR-FS-UTE sequence
(arrow in d) shows high
contrast for the CEP in
comparison with the clinical
T,-FSE and T,-FSE sequences
(arrows in b and ¢). The
preserved CEP around
Schmorl’s node in the
superior endplate of L2 can
only be seen with the 3D
IR-FS-UTE sequence (a—d)
(arrows). (Reproduced with
permission from Ref. [36])

superior endplate with a preserved thin cartilaginous end-
plate (arrow in Fig. 13.4d), which is not apparent on the con-
ventional clinical T,-FSE and T,-FSE images (Fig. 13.4b, c).
This result shows the use of the 3D IR-FS-UTE sequence for
high contrast imaging of the CEP and its potential for diag-
nosing early degenerative changes in the intervertebral disc
[36].

The 3D IR-FS-UTE sequence can also be used to depict
other short-T, species, such as the osteochondral junction
(OCJ), menisci, tendons, ligaments, and bone [23].
Furthermore, the IR-FS preparation module can be com-
bined with other UTE-type sequences, such as zero echo
time (ZTE), for selective imaging of short-T, species [37].
The 3D IR-FS-UTE sequence is insensitive to inhomogene-
ities in the B, and B, fields and provides significantly higher

Y

image contrast for the CEP, OCJ, and other short-T, species
than echo subtraction and long-T, saturation techniques
[8-11].

Dual Adiabatic Inversion Recovery UTE
(Dual-IR-UTE)

With the dual adiabatic inversion recovery UTE (dual-IR-
UTE) contrast mechanism (Fig. 13.5a), two long adiabatic
inversion pulses are used to invert the longitudinal magneti-
zations of long-T, water and long-T, fat, respectively [38,
39]. In distinction, the short-T, magnetization is only partly
inverted or saturated. Attenuation of short-T, signals is
reduced by using longer duration pulses with narrower spec-
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Fig. 13.5 The dual-IR-UTE contrast mechanism (a), where two long
adiabatic inversion pulses are used to invert and null long-T, water and
long-T, fat signals, respectively. This is followed by a UTE acquisition
to selectively detect signals from short- and ultrashort-T, species. A
cadaveric human patellar sample was imaged with conventional clinical
proton density-weighted FSE (PD-FSE) (b), T|-FSE (¢), GRE (d), UTE

tral bandwidths (e.g., <440 Hz at 3 T) [38]. The first adia-
batic inversion pulse is centered on the water peak to
selectively invert long-T, water magnetization (e.g., muscle),
and the second adiabatic inversion pulse is centered on the
fat peak to invert fat longitudinal magnetization. The water
longitudinal magnetization is inverted first because it has a

(e), and dual-IR-UTE (f) sequences. The deep radial and calcified
layers of cartilage are only visible with the UTE-type sequences (e, f).
The dual-IR-UTE sequence selectively suppresses signals from the
long-T, superficial layers of cartilage and bone marrow fat and shows a
linear, well defined high signal region (arrows) (f). (Reproduced with
permission from Ref. [39])

longer T, and therefore requires a longer time delay TI, to
reach the null point. Long-T, fat has a much shorter T, and
requires a shorter time delay TI, to reach the null point. A
proper combination of TI;, TI,, and TR allows robust and
efficient suppression of long-T, water and long-T, fat sig-
nals. Figure 13.5b—f shows conventional FSE and gradient
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echo (GRE) imaging, UTE imaging, and dual-IR-UTE imag-
ing of a cadaveric human patellar sample [39]. The deep
radial and calcified layers of articular cartilage are “invisi-
ble” with conventional clinical sequences and visible, albeit
with limited contrast when imaged with basic UTE or UTE
with fat saturation. In contrast, the dual-IR-UTE sequence
demonstrates excellent contrast for the thin deep radial and
calcified layers of articular cartilage (arrows).

Double Adiabatic Inversion Recovery UTE
(Double-IR-UTE)

With contrast mechanism for double adiabatic inversion
recovery UTE sequence (double-IR-UTE) (Fig. 13.6a), two
identical adiabatic inversion pulses (duration of ~6 ms) with

the same center frequency are used to sequentially invert the
longitudinal magnetizations of long-T, species [22]. Multiple
k-space spokes (N,,) with an equal time interval 7 are acquired
after the double IR preparation to increase the acquisition
efficiency. In each TR period, the two adiabatic inversion
pulses are applied with specific inversion times TI;, defined
as the time between the centers of the two adiabatic inversion
pulses, and TI,, defined as the time from the center of the
second adiabatic inversion pulse to the center spoke of the
multispoke acquisition. The multispoke acquisition scheme
produces robust long-T, suppression by timing the center
spoke at the null point. Long-T, transverse magnetizations
before the null point are of opposite polarity to those acquired
after the nulling point, leading to cancellation in the regrid-
ding process during image reconstruction and, therefore,
long-T, signal suppression. The short-T, magnetizations are
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Fig. 13.6 The double-IR-UTE contrast mechanism (a), in which two
identical adiabatic inversion pulses are used for simultaneous
suppression of two long-T, species with different T;s, such as muscle
and fat. This is followed by 3D UTE data acquisition to produce high-
contrast imaging of short- and ultrashort-T, species. To demonstrate its
efficacy, the knee joint of a 31-year-old male volunteer was subject to
clinical GRE (b), fat-saturated UTE (c¢), and double-IR-UTE (d)

imaging. The GRE sequence shows a signal void for the patellar tendon
and cortical bone (b). The fat-saturated UTE sequence shows low signal
from cortical bone and the patellar tendon (c). The double-IR-UTE
sequence shows simultaneous suppression of muscle and marrow fat
and provides high signal imaging of the patellar tendon and cortical
bone (d). (Reproduced with permission from Ref. [22])



13 Adiabatic Inversion Recovery: Creating High Contrast for UTE Imaging of Short-T, Species 171

not inverted but saturated mainly by the two adiabatic inver-
sion pulses. They recover to produce positive longitudinal
magnetization after the second TI,, and are subsequently
detected by UTE data acquisition. In this technique, species
with a broad range of T;s, such as fat and muscle, can be
nulled simultaneously using specific TIs. The double-IR-
UTE sequence is insensitive to inhomogeneities in the B; and
B, fields. Figure 13.6b—d shows conventional clinical, UTE,
and double-IR-UTE imaging of the knee joint in a healthy
volunteer. The clinical fat-saturated GRE sequence provides
high-signal, high-contrast imaging of long-T, species, such
as femoral and tibial cartilage and muscle, but little or no
signal from the patellar tendon and cortical bone. The con-
ventional fat-saturated 3D UTE sequence shows similar

Adiabatic IR pulse

results, with little signal from the patellar tendon and cortical
bone. The 3D double-IR-UTE sequence shows high signal
from short- and ultrashort-T, species, such as the patellar
tendon and cortical bone, with excellent suppression of mus-
cle and marrow fat signals [22].

Double Echo Sliding Inversion Recovery UTE
(DESIRE-UTE)

With the double echo sliding inversion recovery UTE
(DESIRE-UTE) contrast mechanism (Fig. 13.7), a single
adiabatic inversion recovery pulse is used to invert the lon-
gitudinal magnetizations of long-T, species while saturating

Long T2
Short T1

Long T2
Long T1

Full k-space

Group #1

Fig. 13.7 The DESIRE-UTE contrast mechanism (a), in which a sin-
gle adiabatic inversion pulse is followed by a train of 3D dual-echo
UTE spokes (N spokes). A sliding window reconstruction technique is
used to generate a series of images with increasing TIs. Spokes within
a window size are used to create a single image. The window starts at

TR

Each group generate one image

Group #2

Group #N

the beginning and slides forward one spoke each time to generate a new
image. The spokes are randomly ordered for data sampling to ensure
that each group of spokes is uniformly distributed in k-space (b).
(Reproduced with permission from Ref. [28])
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the longitudinal magnetization of short- and ultrashort-T,
species [28]. The long-T, species may have very different
T;s. For example, WM and GM; have very different T;s of
~1000 ms and ~1800 ms, respectively, at 3 T [40]. After an
adiabatic inversion pulse, fat recovers much faster than
WM,, and WM, recovers more quickly than GM;. A wide
range of TIs is needed to provide the optimal nulling times
for all species with their different T;s and so produce com-
prehensive signal nulling. This is a significant technical
challenge. The DESIRE-UTE technique overcomes the
problem by using a series of 3D dual-echo UTE acquisitions
(e.g., the total number of spokes N,) following each adia-
batic inversion pulse [28]. By sequentially acquiring a train
of continuous image spokes (up to 71 or more), a wide range
of TIs is covered, including all potential nulling points for
long-T, species in health and disease corresponding to a
wide range of T;s. Random gradient encoding is employed
to ensure that any arbitrary number of spokes uniformly
covers 3D k-space (Fig. 13.7b). This allows use of a sliding-
window image reconstruction technique to generate a series
of images corresponding to the continuously increasing TIs
(Fig. 13.7a). The window size (N,,) is adjustable, while the
sliding step size is kept minimal (i.e., 1) to maximize the
number of TIs. During image reconstruction, a window with
a size of N, spokes starts sliding from the shortest TI to the
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Fig. 13.8 3D DESIRE-UTE imaging of six syringes of water (#1 to
#6) doped with different concentrations of gadobenate dimeglumine
with T\, of 513 ms (Phan #1), 565 ms (Phan #2), 678 ms (Phan #3), 854
ms (Phan #4), 1069 ms (Phan #5), and 1484 ms (Phan #6), and a cylin-
drical container filled with 1% agarose gel with a T, of 2880 ms (Agr
phan), respectively (a). The signal intensity curves of the 76 different T;
images obtained using the sliding window method for all the phantoms
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longest TI, generating a total number (N) of groups of
images where N equals Ny, — N,, + 1. This sliding window
generates a series of images with N different TIs, including
those necessary to cover the optimal nulling points for
WM, , which has a shorter T, and for GM;, which has a
longer T, as well as the T;s, which may be encountered in
disease. The voxel-based TL,,; can be determined based on
the signal intensity of the second echo, where a minimum
signal means the long-T, signal is effectively nulled. This
way, accurate long-T, signal nulling can be achieved regard-
less of normal variation in T, or variation in T, due to dis-
ease (e.g., edema and iron deposition) [28].

The robustness of the DESIRE-UTE contrast mechanism
for long-T, signal suppression was tested on a series of water
phantoms with different T;s. Six syringes of water were
doped with gadobenate dimeglumine (i.e., MultiHance,
Spectrum Chemical Mfg. Corp., Los Angeles, CA) with con-
centrations of 0.075, 0.125, 0.175, 0.225, 0.275, and
0.325 mM and placed in parallel in a cylindrical container
filled with 1% agarose gel. The phantoms had Ts of 513,
565, 678, 854, 1069, 1484, and 2880 ms, respectively, as
measured by a 3D UTE actual flip angle imaging and vari-
able flip angle technique [41, 42]. The DESIRE-UTE tech-
nique generated 76 images with different TIs, as shown in
Fig. 13.8. The best nulling point for each phantom was found

are shown in (b). DESIRE-UTE images reconstructed at the best null-
ing point are shown for each phantom (c¢). The image numbers N, for
nulling are N,,, = 28 for phantom #1, N,,, = 31 for phantom #2,
Nine = 34 for phantom #3, N,,,, = 37 for phantom #4, N;,, = 41 for phan-
tom #5, N, = 46 for phantom #6, and N,,, = 51 for the agarose phan-
tom (c). (Reproduced with permission from Ref. [28])
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Fig. 13.9 Representative normalized signal intensity curves for the
first echo (red curve) and the second echo (green curve) as a function of
the reconstructed DESIRE-UTE image numbers (corresponding to dif-
ferent TIs) for an ROI in white matter (a) and gray matter (c) in a
49-year-old male volunteer measured from 52 sliding images. The

by choosing the TI with the lowest second echo signal inten-
sity based on the signal intensity versus the TI curve for each
phantom (Fig. 13.8b). This shows longer T, values for
phantoms with longer T;s. The DESIRE-UTE data can gen-
erate images with near perfect nulling of each phantom
despite their very different T;s.

The DESIRE-UTE sequence can generate whole-brain
myelin maps of both white and gray matter with minimal
water signal contamination. Figure 13.9 shows DESIRE-
UTE imaging of the brain in a healthy volunteer.
Representative normalized second echo signal intensity
curves for a small ROI drawn in white and gray matter are
shown to explain how the optimal nulling times are deter-
mined. Subtraction of the second echo from the first UTE
FID image can be used to produce optimal long-T, signal
suppression. A voxel-based optimal TI can be constructed,
providing robust long-T, signal suppression and therefore
selective mapping of myelin in the whole brain.

Short TR Adiabatic Inversion Recovery UTE
(STAIR-UTE)

In the contrast mechanism for short TR adiabatic inversion
recovery UTE (STAIR-UTE) (Fig. 13.10a, b) sequence, 3D
IR-UTE data are acquired with a short TR, and a high flip

Second echo

First echo

Nimg=30

long-T, white matter signal is nulled on the 22nd image (Nin, = 22)
where myelin shows a high signal in the first echo but pure noise on the
second echo (b). The long-T, gray matter signal is nulled at the 30th
image (N, = 30) (d). The higher image number is due to the longer T,
of gray matter

angle within specific absorption rate (SAR) limits for clini-
cal imaging [15, 29, 43]. The short TR and TI combination is
selected to achieve robust suppression of signal from long-T,
species with a broad range of T, values above a certain mini-
mum value. Multiple spokes are then acquired for efficient
volumetric imaging of short-T, species such as bone and
myelin. The spokes from long-T, species acquired before
and after the null point (center spoke) have opposite longitu-
dinal magnetizations leading to signal cancellation and addi-
tional suppression of long-T, signal.

The efficiency of this signal suppression was demon-
strated through numerical simulation of STAIR imaging
with different TRs of 50, 100, 150, 200, 250, 500, and
800 ms, respectively. The simulated T;s of the long-T, com-
ponents ranged from 20 to 2500 ms, which was a broad
enough selection to cover Ts for typical long-T, species
such as fat, muscle, white matter, and gray matter. The opti-
mal TTs for signal suppression were determined by minimiz-
ing the average signals from long-T, water components with
T;s ranging from 250 to 1500 ms [29]. Contrast-to-noise
(CNR) efficiency, defined by signal intensity difference
between short- and long-T, components normalized by TR,
was used to evaluate the contrast efficiency of the STAIR-
UTE sequence with different TRs. The mean CNR effi-
ciency is calculated by averaging the CNR efficiency for T's
between 300 and 1500 ms. For simplicity, the short-T, com-
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Fig. 13.10 Diagram of the
contrast mechanisms in
IR-UTE imaging with a
longer TR (a) and a shorter
TR (i.e., STAIR-UTE) (b).
The distributions of TIs for
long-T, and short-T, species
approach each other as TR is
shortened. Numerical
simulation was performed to
investigate the effect of TR
and flip angle on long-T,
signal suppression (¢), CNR
efficiency (d, e, and f), and
SAR (g) in STAIR-UTE
imaging of species with
different TRs ranging from 50
to 800 ms and a wide range of
T;s ranging from 20 to

2500 ms. The zoomed-in
curves (c¢) only display T;s
ranging from 300 to 2000 ms.
Higher CNR efficiency is
achieved when a shorter TR is
used (d and e). The RF power
increases significantly with a
shorter TR (f). Mean CNR
efficiency changes with
excitation flip angle (g).
(Reproduced with permission
from Ref. [29])

ponent was assumed to have a T, of 350 ms and a proton
density of 6.5% (100% for long-T, components) [25, 44].
RF power was calculated by summing the squares of all the
RF waveforms used in the sequence and normalizing this by
the TR to assess the SAR of the STAIR-UTE sequence [29].
The CNR efficiency was investigated by varying the excita-
tion flip angles from 0° to 90°.
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Figure 13.10c—g shows the results of this numerical simu-
lation, where a broad range of signals with different T;s can
be effectively suppressed when a TR of less than 250 ms is
used. Improved long-T, signal suppression is achieved with
shorter TRs. The simulated signal intensity takes the form of
an asymmetric notch T, tissue property filter when using a

linear X-axis [45]. Higher CNR efficiency over a broad range
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Fig. 13.11 STAIR-UTE
imaging of nine water
phantoms doped with 0.0055,
0.01, 0.015, 0.0195, 0.0265,
0.0375, 0.085, 0.18, and
1.4828 g/L MnCl,4H,0, with
the corresponding T;s of
2012, 1520, 1195, 1002, 801,
609, 299, 148, and 18 ms,
respectively (a). The
STAIR-UTE data were
acquired with seven different
TR/TI combinations of 50/24,
100/47, 150/68, 200/88,
2507107, 500/185, and
800/254 ms, respectively. The
corresponding signal intensity
vs. T, curves demonstrates
that a shorter TR/TI b
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of T;s (i.e., from 300 to 1500 ms) can be achieved when
shorter TRs are used (Fig. 13.10c). However, RF power is
substantially increased when shorter TRs are used
(Fig. 13.10e). Mean CNR efficiency is also influenced by the
excitation flip angle (Fig. 13.10f), with higher CNR effi-
ciency achieved when using flip angles between 20° and 40°
and a TR less than 250 ms. These numerical simulation
results suggest that selective imaging of short-T, species can
be achieved with 3D STAIR-UTE imaging using a TR of less
than 150 ms. Even more efficient long-T, suppression can be
achieved when TR is further decreased [29].

The STAIR-UTE sequence was used on a series of water
phantoms with different T ;s to demonstrate its efficiency for
long-T, suppression. The phantoms consisted of nine
syringes of water doped with varying concentrations of
MnCl,-4H,0 (0.0055, 0.01, 0.015, 0.0195, 0.0265, 0.0375,
0.085, 0.18, and 1.4828 g/L), with T, values of 2012, 1520,
1195, 1002, 801, 609, 299, 148, and 18 ms, respectively. The
syringes were placed in parallel in a cylindrical container
filled with 1% agarose and then scanned using the 3D
STAIR-UTE sequence with a series of TRs (50, 100, 150,
200, 250, 500, and 800 ms), and optimal TIs numerically

@« TR/Tl = 50/24ms
= wp= = TR/TI = 100/47ms
TR/TI = 150/68ms 1
=3 = TR/Tl = 200/88ms
e s« TR/TI = 250/107ms
««-~ TR/TI = 500/185ms T
===+ TR/T| = 800/254ms

d —-1—--%’:'.':7:'_'_'%,'.'1‘_“"-'--
800 1000 1200 1400 1600 1800 2000
Ty (ms)

determined by minimizing the average signal from long-T,
components with T, values ranging from 250 to 1500 ms.
Figure 13.11 shows STAIR-UTE images in which signals in
phantoms with T;s greater than 299 ms are almost com-
pletely suppressed when TR is less than 250 ms. Signal
intensities for all phantoms with different TRs are shown in
Fig. 13.11b, demonstrating that improved long-T, signal
suppression can be achieved with a shorter TR [29].

The clinical feasibility of the STAIR-UTE sequence was
demonstrated by applying it to the brain of an MS patient,
the hip of a healthy volunteer, and the lumbar spine of a
healthy volunteer, as shown in Fig. 13.12. As can be seen, the
clinical sequences only depict signals from long-T, species
such as muscle, spinal cord, disc, and marrow fat (a, c, ). In
contrast, the 3D STAIR-UTE sequence shows high contrast
imaging of myelin in the brain (b), as well as cortical and
trabecular bone (d, f), with excellent suppression of long-T,
signals. Myelin loss in MS lesions was detected with excel-
lent contrast using 3D STAIR-UTE imaging (b) [29].

Numerical simulation and phantom studies demonstrate
that shorter TRs provide more effective long-T, signal sup-
pression than longer TRs. In distinction, a higher flip angle
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Fig. 13.12 Clinical and STAIR-UTE sequences in the brain of an MS
patient (a, b), the hip of a volunteer (¢, d), and the lumbar spine of a
volunteer (e, f), respectively. Myelin loss in MS lesions is well depicted

provides more T;-weighting, and this can benefit short-T,
imaging because short-T, species typically have shorter T,s
than long-T, species [25, 46, 47]. As a result, STAIR-UTE
provides more selective volumetric imaging of short-T, spe-
cies when a shorter TR with a higher SAR can be used. The
parallel transmission allows higher-power RF pulses with
less SAR constraints [48], which is an excellent approach for
STAIR-UTE imaging of myelin and other short-T, species.
Recently, Weiger et al. reported the use of a high-perfor-
mance gradient insert that provided a maximum gradient
strength of 200 mT/m and a slew rate of 600 mT/m/ms, both
of which are four to five times stronger than the typical gra-
dient strengths and slew rates available on clinical scanners
[49]. The combination of parallel transmission, gradient
inserts, and STAIR-UTE imaging is expected to significantly
improve the selective imaging of short-T, species.

on the STAIR-UTE image (arrows) (b). Cortical bone and trabecular
bone (d, f) are also depicted with excellent contrast using the STAIR-
UTE sequence

Adiabatic Inversion Recovery UTE (AIR-UTE)
and Double Adiabatic Full Passage UTE
(DAFP-UTE)

The AIR-UTE and DAFP-UTE contrast mechanisms have
been used to respectively image bound water and pore water
in cortical bone [31]. In AIR-UTE imaging (Fig. 13.13a), an
AFP pulse is added to a conventional UTE sequence, similar
to the case with the IR-UTE contrast mechanism. The AFP
pulse is used to largely invert and null pore water and to
approximately saturate bound water in cortical bone when an
appropriate TI is chosen to null pore water longitudinal mag-
netization. As a result, the final AIR-UTE signal is primarily
from bound water. Bound water concentration (Cy,,) can be
estimated by comparing the AIR-UTE signal of cortical bone
with a water calibration phantom after correction for relax-
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Fig. 13.13 Adiabatic inversion recovery (AIR) scheme. This employs
an adiabatic full-passage pulse to saturate pore water and create a pre-
dominantly bound water signal which is subsequently detected with a
conventional UTE data acquisition (a). The double adiabatic full-passage
(DAFP) scheme employs two consecutive adiabatic full-passage pulses
to saturate bound water longitudinal magnetization at the time of the
readout and thus create signal dominated by pore water (b). Bound

ation effects and coil sensitivity. In DAFP-UTE imaging
(Fig. 13.13b), a pair of sequential AFP pulses is used with a
conventional UTE sequence. The DAFP pulse rotates long-
T, pore water magnetization 360° while approximately satu-
rating bound water. As a result, after RF excitation, the final
DAFP-UTE signal is primarily from pore water. Pore water
concentration (C,,) can be estimated by comparing the
DAFP-UTE signal of cortical bone with a water calibration
phantom after correction for relaxation effects and coil
sensitivity.

AIR and DAFP measurements of bound and pore water in
cortical bone were validated on 40 fresh human cadaveric
forearms (elbow to fingertip, ages 56-97, mean age 80 £ 9.5,
20 males, 20 females) [50]. Dual-energy X-ray absorptiom-
etry (DXA) and MRI measures were first acquired on the
intact arms, and then the radii were dissected and cut from
the distal third of the bone 7.5 cm proximal to the wrist. After
dissection, pCT imaging was performed on the radii with the
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water and pore water maps were derived from AIR-UTE and DAFP-
UTE imaging of a forearm specimen (c). An excellent linear correlation
(p — 0.71) was observed between DAFP-UTE-measured C,,, and pCT-
measured cortical porosity in 40 forearm specimens (d). TR repetition
time, TI inversion time, Gy readout gradient, RF slice or volume excita-
tion). (Reproduced with permission from Refs [31, 50])

bone immersed in a phosphate-buffered saline (PBS) medium
at pH 7.4 during the scan. All imaging measurements were
performed at the distal third site of the radius. A short-T,
reference phantom (CuSO,-doped 10% H,0:90% D,O) was
used to convert intensity into absolute concentration units
(mol 'H/Lye,.) [51]. Representative bound water and pore
water maps are shown in Fig. 13.13c. The excellent correla-
tion between DAFP-UTE-measured C,,, and pCT-measured
cortical porosity shows that C,, measurement is an indirect
measure of porosity.

Conclusion

A series of adiabatic IR-based contrast mechanisms can be
combined with 3D UTE data acquisition to generate high-
contrast images of various short-T, species. Adiabatic inver-
sion pulses from the hyperbolic secant family are frequently
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employed for robust long-T, signal suppression because of
their insensitivity to inhomogeneities in the B, field. The per-
formance of adiabatic inversion pulses may be significantly
reduced at off-resonance frequencies, but this challenge can
be addressed by using nonselective adiabatic inversion pulses
with relatively broad spectral bandwidths. IR-based tech-
niques typically use a relatively long TR to allow full recov-
ery of longitudinal magnetization. This may significantly
increase the total scan time. Multiple spokes are usually
acquired after each adiabatic inversion pulse preparation to
reduce scan time.

With the basic IR-UTE sequence, only one specific T
magnetization reaches the null point for each TR and TI
combination, and this may result in significant residual long-
T, signals from species with different T;s [20]. More effec-
tive long-T, suppression of tissues with different T;s can be
achieved with more advanced adiabatic IR-based techniques,
such as IR-UTE-ES [6], IR-FS-UTE [23, 36, 37], dual-IR-
UTE [38, 39], double-IR-UTE [22], DESIRE-UTE [28], and
STAIR-UTE [15, 29, 43]. DESIRE-UTE allows complete
suppression of signals from long-T, species with widely dif-
ferent T;s by selecting the optimal TI for each voxel and
thereby providing genuinely voxel-based selective short-T,
mapping (e.g., myelin mapping) [28]. However, DESIRE-
UTE is time inefficient because many of the spokes are
acquired at nonoptimal TIs. The STAIR-UTE sequence
resolves this problem by acquiring 3D IR-UTE data with a
short TR and as high a flip angle as possible within SAR
limits, to minimize the long-T, signal and maximize the
short-T, signal [15, 29, 43]. The SNR efficiency, in this case,
is expected to be higher than other IR-based contrast mecha-
nisms, although systematic comparison of the various
IR-based contrast mechanisms remains to be done. Detailed
clinical assessment of the newer techniques in musculoskel-
etal (e.g., osteoarthritis, osteoporosis) and neurological dis-
ease (e.g., MS, Alzheimer’s disease, traumatic brain injury,
Parkinson’s disease) is awaited.
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Introduction

Fat is commonly found in the musculoskeletal (MSK) sys-
tem. For example, it is located in the marrow cavity of tra-
becular bone and accounts for ~70% of adult bone marrow
volume [1]. Healthy muscle contains about 1.5% intramyo-
cellular fat, including intramuscular fat between muscle
groups and intramuscular fat within a muscle, and this can
increase to over 5% in the obese [2]. Accumulation of fat in
bone, liver, and muscle is a common feature of aging [3]. Fat
shows a high signal with ultrashort echo time (UTE) imag-
ing due to its short T, long T,, and relatively high proton
density. The high fat signal can significantly reduce imaging
contrast for the tissue components of interest, such as mus-
cle, cartilage, and cortical bone, with T;-weighted UTE
imaging [4].

Furthermore, UTE imaging is generally based on non-
Cartesian k-space mapping, where fat produces strong off-
resonance artifacts [5]. These artifacts are different from the
chemical shift artifacts observed with conventional Cartesian
MR imaging, where a spatial shift is observed in the fre-
quency encoding direction due to misregistration of signal
from fat and water molecules. UTE sequences employ cen-
ter-out radial or spiral mapping of k-space, where chemical
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shift artifact from fat is manifested as spatial blurring due to
its ring-shaped point spread function in all directions, lead-
ing to strong off-resonance and partial volume effects [5, 6].
The high fat signal also tends to reduce UTE image contrast
and produces errors in quantitative UTE imaging [7]. Fat sig-
nal suppression is critical for high contrast morphological
and accurate quantitative UTE imaging of MSK tissues.

There are several commonly used fat suppression tech-
niques with UTE imaging, including classic chemical shift
fat saturation (FatSat), inversion recovery (IR), and water
excitation [8]. Unlike FatSat and IR techniques, no extra RF
pulse preparation is needed for water excitation, which offers
higher scan efficiency. Several comparative studies have
demonstrated that water excitation provides better fat sup-
pression than FatSat in terms of signal suppression homoge-
neity, presence of artifacts, conspicuity of lesions, and overall
image quality [9—11]. Water excitation pulses can be com-
bined with three-dimensional (3D) gradient echo sequences
for accurate quantitative assessment of thin cartilage layers,
including measurement of cartilage volume and thickness
[9-11].

Recently, water excitation pulses have been applied to
UTE imaging [12-15]. Advantages with water excitation
have been found in fat signal suppression and/or water signal
preservation in both morphological and quantitative UTE
imaging. In this chapter, we describe the mechanisms that
have been developed for water excitation pulses and their
application in UTE imaging.

Binomial Water Excitation Pulses

As can be seen in Fig. 14.1, a 1-1 binomial water excitation
pulse can be used for signal excitation with a 3D UTE
sequence [12]. The 1-1 binomial water excitation pulse
includes two identical short rectangular pulses with the same
duration Tgr but separated by T;,. Following signal excita-
tion by the first rectangular pulse, the transverse magnetiza-
tion of fat precesses with a resonant frequency difference of
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Fig. 14.1 The UTE imaging sequence. This employs a 1-1 binomial
pulse for water excitation followed by 3D radial ramp sampling. The
1-1 binomial pulse consists of two identical rectangular pulses (dura-
tion = Tgp) separated by T,,. The effective TE is calculated as
Twre + Tin/2 + d,, where d, is the time interval between the end of the
second RF pulse and the beginning of ramp sampling. (Reproduced
with permission from Ref. [12])

around —440 Hz relative to that of water at 3 T. After free
precessing for a period Tj,, where T, = T, + Tgp, the off-
resonance fat magnetization has the opposite phase (i.e.,
180°) to that of on-resonance water magnetization in the
transverse plane. Because of this, the second rectangular
pulse continues to tip the water magnetization down but tips
the fat magnetization back to its original state. Therefore,
after the second rectangular pulse, there is theoretically no
fat transverse magnetization, while the water transverse
magnetization is efficiently created. This is the basic mecha-
nism for water excitation with simultaneous fat suppression.
The 1-1 pulse allows use of a shorter TE than other binomial
pulses, such as the 1-2—1 pulse. As a result, the 1-1 pulse is
the primary choice among the different types of binomial
water excitation pulses for high-contrast UTE imaging of
MSK tissues [12].

Springer et al. were among the first to study UTE imaging
of short-T, tissues with water excitation [12]. Numerical
simulations were utilized to investigate the water excitation
efficacy and fat suppression capability of 1-1 binomial
pulses. As can be seen in Fig. 14.2a, the signal yield of the
water excitation sequence is generally lower than that of the
regular hard pulse excitation sequence when comparable
imaging parameters are used. In addition, the Ernst angle is
slightly increased with water excitation because the water

excitation efficiency of the water excitation pulse is gener-
ally lower than that with a regular hard pulse due to its rela-
tively narrow excitation bandwidth. The water excitation
efficiency is significantly reduced when the tissue T, is
shorter than 2 ms (Fig. 14.2b). This is not surprising since
the effective TE of this 1-1 type water excitation sequence is
around 0.7 ms, which is about ten times longer than that of a
regular UTE sequence. The FatSat module has a broader fat
signal suppression band than the water excitation pulse
(Fig. 14.2c), which means that the FatSat module used for fat
suppression is less sensitive to the B, inhomogeneity than the
water excitation pulse. On the other hand, the water excita-
tion pulse shows better water signal preservation than the
FatSat module, especially for short-T, tissues with T,s of
around 1 ms or less (Fig. 14.2d). This is because the FatSat
module may directly saturate short-T, tissues with broad
spectra. Figure 14.3 shows representative 3D UTE water
excitation images of a finger and a knee joint. Fat signals are
efficiently suppressed, and tendons and ligaments are clearly
depicted with positive contrast in these images [12].

Deligianni et al. performed a similar study of water-
selective excitation with binomial pulses in UTE imaging of
short-T, species at 3 T and 7 T [13]. They also utilized the
1-1 binomial pulse for water excitation. This study aimed to
compare and explore a series of short water excitation pulse
schemes for efficient short-T, imaging. Figure 14.4a shows
the RF pulse diagrams. The interval between the two rectan-
gular pulses with the 1-1 water excitation pulse is deter-
mined by the precessional phase difference between the
water and fat transverse magnetizations. Three different
phases were considered in this study, namely, 45°, 90°, and
180°. Figure 14.4b shows the simulated signal loss ratio
curves between water excitation and hard pulse excitation at
3 T and 7 T, respectively. For all the water excitation pulses,
signal loss increases dramatically with decreasing T,, espe-
cially when T, is shorter than 2 ms. The signal loss from
water excitation is lowest with a 90° phase difference and
highest with a 45° phase difference. This means that the 90°
phase difference provides a good balance between the effect
of increasing TE in reducing signal level and the effect of
improving water signal excitation efficiency with the 1-1
binomial pulse. Figure 14.5 shows UTE water excitation
images of a knee joint. The water excitation pulses with
phase differences suppress fat signal effectively. Consistent
with the simulation results in Fig. 14.4b, the water excitation
pulse with a 90° phase difference performs best for water
signal excitation and fat signal suppression.
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Fig. 14.2 Numerical simulations of water excitation efficiency and fat
suppression capability of the 1-1 binomial pulse with TR = 10 ms;
Tre = 0.1 ms; d; = 0.02 ms; T, = 500 ms. The UTE with 1-1 water
excitation (1-1 WE-UTE) sequence (blue line) has a lower signal yield
than the regular UTE sequence (red line) for three different transverse
relaxation times of 0.5, 2, and 10 ms (from lower to upper), respectively
(a). The ratio of maximal achievable signal yield of WE-UTE and

Fig. 14.3 Representative
UTE images of a finger in the
sagittal (a) and axial (b)
planes, as well as a knee joint
shown in the sagittal plane (c)
using a 1-1 binomial water
excitation pulse. Flexor
tendons of the fingers and the
posterior cruciate ligament of
the knee joint are clearly
depicted with positive
contrast. (Reproduced with
permission from Ref. [12])
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regular UTE sequences over a broad range of T, and T, values suggests
that the signal excitation efficiency of the 1-1 binomial pulse is
significantly reduced when the tissue T, is shorter than 2 ms (b). The
FatSat module has a broader fat signal suppression band than the water
excitation pulse (c), but it also attenuates more water signal from
short-T, tissues (e.g., with T, = 1 ms used in this simulation) (d).
(Reproduced with permission from Ref. [12])
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Fig. 14.4 RF pulse diagrams (a) and signal loss ratio curves (b). Four
RF pulse diagrams are shown, including a single hard pulse (first row in
a) and three 1-1 binomial water excitation pulses with different
precessional phases (i.e., 45°, 90°, and 180°) (second to fourth rows in

a). The signal loss ratio curves between water excitation and hard pulse
excitation are simulated for field strengths of 3 T (right top) and 7 T
(right bottom), respectively (b). (Reproduced with permission from
Ref. [13])
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Fig. 14.5 Representative
UTE images of a knee joint
with four different excitation
schemes (a): (I) single hard
pulse, (IT) 1-1 water
excitation with a phase of 45°,
(IIT) 1-1 water excitation with
a phase of 90°, and (IV) 1-1
water excitation with a phase
of 180°. This is followed by
the measured average signal
with the different excitation
schemes, normalized to the
signal of the hard pulse
excitation for each ROI for
the respective regions (circles
in a) (b). (Reproduced with
permission from Ref. [13])
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Soft-Hard Water Excitation Pulses

As seen in the above two studies by Springer et al. [12] and
Deligianni et al. [13], the binomial water excitation pulse is
very effective for fat suppression in UTE imaging of short-T,
tissues. However, the water signal also suffers from attenua-
tion due to the relatively long effective TE and the limited
water excitation efficiency, especially when the tissue T, is
very short. Thus, conventional binomial pulses may not be
ideal for short-T, imaging.

Ma et al. have recently designed a new soft-hard water exci-
tation pulse specifically for high contrast short-T, water imag-
ing with simultaneous fat suppression [14]. Figure 14.6a shows
the RF pulse diagrams. The new soft-hard excitation pulse con-
sists of a low-power soft pulse and a high-power short rectan-
gular pulse (first column in Fig. 14.6a). The two RF pulses have
the same flip angles but opposite excitation phases. The excita-
tion frequencies of the soft and hard pulses are centered on the
fat and water peaks, respectively. A minimum-phase Shinnar—
Le Roux (SLR) algorithm is used to design the soft pulse which
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Fig. 14.6 RF pulse diagrams for soft-hard water excitation (first col-
umn) and a FatSat module (second column) (a) and numerical simula-
tions of UTE imaging signal intensities for different tissues (T,s of 20,
5,2, 1, 0.5, and 0.3 ms) with three different excitation schemes: single

Flip angle (degree)

Flip angle (degree)

hard pulse excitation, soft-hard water excitation, and single hard pulse
excitation with FatSat preparation (b). A constant T, of 800 ms was
used in all simulations. (Reproduced with permission from Ref. [14])
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has a relatively narrow spectral bandwidth of around 500 Hz
and a relatively long duration of around 4.4 ms to reduce signal
saturation of short-T, tissues during excitation. With this soft-
hard pulse design, the fat magnetization is first excited by the
off-resonance soft pulse and then tipped back by the hard pulse.
Thus, theoretically, no fat signals result. The water magnetiza-
tion is almost entirely unaffected by the soft pulse excitation
and efficiently excited by the following short hard pulse. The
commonly used FatSat module is also shown in the second col-
umn of Fig. 14.6a for comparison.

Figure 14.6b shows numerical simulation results for UTE
imaging with a single hard pulse excitation, a soft-hard pulse

Fig. 14.7 Representative knee joint UTE imaging using excitations
with a single hard pulse (a—c), the soft-hard water excitation pulse (d—
f), and the FatSat module (g-i). Fat signal is well suppressed by both the
soft-hard pulse and the FatSat module. The short-T, signals (yellow

excitation, and a FatSat preparation for tissues with different
T,s. The signal intensity with soft-hard excitation is slightly
reduced compared with single hard pulse excitation when T,
is less than 2 ms. In comparison, the short-T, water signal is
much lower in FatSat-prepared UTE imaging compared to
UTE imaging with either a single hard pulse excitation or
soft-hard pulse excitation. Due to the strong direct saturation
of short-T, tissues, this water signal attenuation becomes
more dramatic with FatSat-prepared UTE imaging of shorter
T, tissues.

Figure 14.7 shows representative in vivo knee images
using UTE imaging with a single hard pulse excitation, a soft-

500
400
300
200

100

500
400
300
200

100

200

150

100

50

arrows) are much better preserved in UTE images with the soft-hard
excitation pulse (d-f) than with the FatSat module (g-i). UTE images
with the soft-hard water excitation show the best image contrast.
(Reproduced with permission from Ref. [14])
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Fig. 14.8 Representative tibia UTE imaging using excitations with a
single hard pulse (a—c), the soft-hard water excitation pulse (d—f), and
the FatSat module (g—i). Fat signal is well suppressed by both the soft-
hard pulse and the FatSat module. The short-T, signals (yellow arrows)

hard pulse excitation, and a FatSat preparation, respectively.
Fat signals are well suppressed with both the soft-hard pulse
and the FatSat module. However, water signals, especially
those of short-T), tissues such as tendons and ligaments, are
much lower with FatSat preparation than with soft-hard water
excitation. Significantly better short-T, contrast is achieved in
UTE images with soft-hard pulse excitation.

Figure 14.8 shows representative in vivo tibial midshaft
UTE images with single hard pulse excitation, soft-hard
pulse excitation, and FatSat preparation. Both subcutaneous
and bone marrow fat are well suppressed on UTE images
with soft-hard water excitation, and cortical bone is depicted

Y. Ma et al.
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are much better preserved on UTE images with the soft-hard excitation
pulse (d—f) than with the FatSat module (g-i). UTE images with soft-
hard water excitation show the best bone contrast. (Reproduced with
permission from Ref. [14])

with excellent contrast. In comparison, the bone signal with
FatSat-prepared UTE images is almost completely saturated
by the FatSat module. In addition, short-T, coil elements can
only be seen on UTE images with single hard pulse excita-
tion and soft-hard pulse excitation. This further demonstrates
that the FatSat module saturates short-T, species (e.g., corti-
cal bone and coil elements), while the soft-hard water excita-
tion pulse preserves short-T, signals very well.

The soft-hard water excitation pulse has also been applied
to quantitative bicomponent imaging of cortical bone [15].
As shown in Fig. 14.9, excellent bicomponent curve fitting
can be achieved using multi-echo UTE images with soft-
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Fig. 14.9 Bicomponent analysis results of a bovine bone sample with
marrow fat removed (the first row) and the tibial midshaft of a healthy
volunteer (second to fourth rows) acquired using UTE sequences with
the soft-hard excitation pulse (first column), the single hard pulse
without (second column), and with the FatSat module (third column),
respectively. When bone marrow fat is removed from the bovine bone

hard water excitation for cortical bone measurements in both
ex vivo and in vivo studies at 3 T. In comparison, fat con-
tamination produces signal oscillation on UTE images with
single hard excitation when TEs are close to 2 ms. This leads
to a substantially reduced bound water fraction. The signal
oscillation pattern is also found with FatSat-prepared UTE

4 6 4 6
TE (ms) TE (ms)

sample, all three excitation schemes work equally well with little
difference (first row). For the in vivo case, the signal oscillation due to
fat contamination (as indicated by the red ellipses) is eliminated with
the soft-hard pulse but is seen with the regular pulse which shows more
marked oscillation in the inner layer (second row) than in the outer
layer (the third row). (Reproduced with permission from Ref. [15])

images. In this case, the FatSat module significantly attenu-
ates the bone signal and thus reduces it to a level comparable
to the residual fat signal. The inner layer of the tibial cortex
is subject to significant partial volume and off-resonance
artifacts. As a result, the water and fat spins go in and out of
phase as a function of TE, leading to signal oscillation and
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this causes further quantification errors. This study demon-
strates that the soft-hard pulse can sufficiently suppress fat
signal and preserve bone signal for more accurate bicompo-
nent fitting than the regular short rectangular pulse without,
or with, a FatSat module [15].

Conclusion

Water excitation RF pulses provide effective fat suppression
and preserve short-T, signals much better than the regular
FatSat module in UTE imaging. Theoretically, the soft-hard
pulse provides better preservation of short-T, signals than
the 1-1 binomial water excitation pulse. The water excitation
pulse minimizes errors in UTE bicomponent analysis of
bound and pore water in cortical bone. It may also improve
the accuracy of UTE-based quantitative magnetization trans-
fer imaging [16], T, mapping [4], T,p mapping [17], and
quantitative susceptibility mapping [18].
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Introduction

Fat is abundant throughout the human body, including loca-
tions within and between organs. It produces an important
magnetic resonance (MR) signal component in diagnostic
imaging that often needs to be either suppressed or separated
from water-containing species when quantifying the MR
properties of mixtures of different chemically shift species.
An MRI of short-T, tissues often requires the suppression of
signals from other long-T, water-containing tissues to
improve the contrast in the depiction of the short-T, tissues.
Suppression of long-T, fat signals is often also required. In
addition, fat needs to be included in the assessment of tissue
water properties such as proton density, particularly in the
presence of partial volume effects.

Nowadays, fat—water imaging is a state-of-the-art imag-
ing methodology, which is used to separate fat and water sig-
nals. It is performed either qualitatively, typically to suppress
the fat signal, or quantitatively to derive biomarkers of tissue
fat concentration. Fat—water imaging relies on encoding the
chemical shift difference between fat and water using multi-
echo acquisitions and is formally referred to as chemical
shift encoded (CSE) water—fat separation or more frequently
as Dixon imaging.

Fat—-water imaging is combined with techniques for imag-
ing short-T, tissues, especially ultrashort echo time (UTE)
techniques. Techniques combining both UTE and Dixon
imaging are described as UTE-Dixon imaging and are used
both to suppress the fat signal with UTE acquisitions and to
determine tissue proton density and other properties. This
chapter aims to highlight the advantages of UTE-Dixon
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imaging. Here, the most important technical aspects of
UTE-Dixon imaging are reviewed, including the most fre-
quently employed data acquisition techniques and appropri-
ate water—fat separation algorithms. Current applications of
UTE-Dixon imaging are also described.

Dixon Imaging for Fat Suppression with UTE
Acquisitions

Magnetization preparation techniques are most commonly
used for fat suppression in clinical protocols due to the sim-
plicity of their implementation and their compatibility with
the majority of MR imaging sequences. Common magneti-
zation preparation techniques are fat saturation, water excita-
tion, short tau inversion recovery (STIR), spectral
presaturation with inversion recovery (SPIR), and spectral
adiabatic inversion recovery (SPAIR). Even though fat sup-
pression techniques based on magnetization preparation are
extremely useful for morphological and quantitative imag-
ing, the use of conventional fat suppression methods is chal-
lenging with UTE imaging. Chemical shift-based fat
saturation techniques lead to undesired loss of signal from
short-T, tissues in addition to the loss of signal from fat.
Compared to magnetization preparation techniques, CSE
methods are more robust to By and B, field inhomogeneities
and have lower specific absorption rate (SAR) values. The
major limitations of CSE-based methods are the increased
scan time required for them and the need for post-processing
methods to separate the detected signal into fat and water
components.

Data Acquisition Techniques for UTE-Dixon
Imaging

Dixon techniques utilize the phase evolution of the different
chemical species during multiple echo times (TEs) for water-
and fat-separated image reconstruction. The acquisition of
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Fig. 15.1 Schematics of multi-TE UTE-Dixon acquisitions. (a) UTE~
Dixon multi-acquisition for a dual-echo sequence: multiple TEs are
acquired in consecutive repetitions. Although this allows high flexibility
in choosing TEs, it comes at the cost of reduced scan time efficiency.
(b) Multi-echo UTE-Dixon acquisition for a dual-echo sequence:
multiple gradient echoes are acquired in each repetition. This approach
has greater scan time efficiency compared to that of multi-acquisition
UTE-Dixon. However, the need for optimal TEs for Dixon processing

multiple TEs is necessary for UTE-Dixon imaging. Different
approaches have been developed to allow multi-TE UTE-
Dixon imaging [1]. The most straightforward method to
acquire multi-TE UTE-Dixon data is by separate acquisition
of multiple images, each with a different TE (multi-
acquisition UTE-Dixon, Fig. 15.1a). Although this approach
allows high flexibility in selecting individual TEs, it is asso-
ciated with low scan time efficiency due to the need to repeat
the sequence at each TE. Because of the sequential mode of
acquiring data with multi-acquisition approaches, physiolog-
ical variations and motion can impact the various TEs differ-
ently and may influence the quality of water—fat image
reconstructions. Temporal interleaving of the different
acquired TEs within one scan can alleviate the impact of
physiological variations and motion; however, low scan time
efficiency remains a limitation with the multi-acquisition
approach.

To address the low scan time efficiency of multi-
acquisition UTE-Dixon methods, methods acquiring multi-
ple TEs with one repetition of the UTE sequence have been
developed (multi-echo UTE-Dixon, Fig. 15.1b). In this
approach, multiple gradient echoes (GREs) are acquired
after each radiofrequency (RF) pulse excitation. To avoid
problems with phase errors caused by hardware imperfec-
tions such as eddy currents or delays in the gradient chain
activation, approaches with monopolar readouts, starting at
the center of the k-space for the first echo, are often pre-
ferred. However, to achieve optimal TEs for Dixon process-
ing, multi-echo UTE-Dixon poses limitations on the
maximum achievable spatial resolution, especially at higher
magnetic fields such as 3 T.

(o=

TE2

1 =

TE1 TE2 TE3 TE4

poses restrictions on the achievable echo spacing and the spatial
resolution of the sequence. (¢) Interleaved multi-echo UTE-Dixon.
This combines the multi-echo and multi-acquisition UTE-Dixon
approaches. In each sequence repetition, multiple echoes are acquired.
Additionally, the TEs are shifted between multiple acquisitions to allow
a more flexible choice of TEs. It combines the increased scan time
efficiency of the multi-echo Dixon approach with increased flexibility
in the choice of TEs

To combine increased scan time efficiency and high spa-
tial resolution, approaches combining multi-acquisition and
multi-echo UTE-Dixon have been developed. In these
approaches, multiple gradient echoes are acquired with a
single repetition of the UTE sequence, and the UTE sequence
is repeated with a small shift in the gradient echo train. All
acquired echoes are then interleaved in the reconstruction
process. This interleaved multi-echo UTE-Dixon approach
combines high flexibility in selecting the echo spacing of the
TEs and long readout lengths for high spatial resolution
(Fig. 15.1¢).

While, in most cases, UTE-Dixon approaches are based
on spoiled gradient echo sequences with radial center-out
k-space sampling, the UTE-Dixon acquisition approaches
described above can be combined with other sequence types
and sampling strategies. For example, multi-acquisition
UTE-Dixon sampling was used in the ultrashort echo time
double echo steady-state (UTEDESS) sequence, to provide
combined quantitative mapping of T, and CSE-based water—
fat separation [2]. In another work, a UTE Cones k-space
trajectory was combined with a multi-echo UTE sequence
using bipolar sampling [3]. However, only the second TE
was used for single-TE water—fat separation. Water-separated
UTE images were then reconstructed using a weighted sub-
traction of the single-TE fat-separated images from the sec-
ond TE. Furthermore, both approaches, UTEDESS and
single-TE Dixon-UTE cones, were combined [4].

While the above approaches are based on multi-TE or
single-TE CSE-based water—fat separation, multiple echoes
still need to be acquired for water—fat separation. To this
end, a single-TE Dixon approach has been developed,
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allowing direct water—fat separation based on single-echo
UTE data [5]. No special acquisition strategies are neces-
sary with this reconstruction to provide CSE-based water—
fat separation.

Water-Fat Separation Methods

CSE algorithms are commonly used in routine clinical prac-
tice to suppress fat signals, generate water- and fat-separated
images, and perform fat quantification on data acquired with
the acquisition approaches outlined in the previous section.
CSE techniques usually require the acquisition of multiple
images at different TEs [6-9] and are generally associated
with prolonged scan times. The CSE algorithms used in UTE
imaging are described below.

Theory of Signal Models for Water-Fat
Separation

It is important to have a clear understanding of the signal
models used in the processing and interpretation of CSE
images. In general, the time evolution of the complex MR
signal s(t,) within a single voxel can be written as [10]:

L —ip, (io,~R5, )i,
=2 pe e
p=0

where 1, is the time at the nth echo, p, is the magnitude of the
pth chemical species, ¢, is the phase after the RF excitation,
w, is the resonance frequency, and R; , 18 the transverse
relaxation rate. To reduce the number of model parameters,
and thus the number of required echoes, most CSE algo-
rithms make the fundamental assumption that water and fat
are the only two chemical species contributing to the object
to be imaged. Furthermore, all peaks, including water, are
assumed to decay with the same relaxation rate R,". With
these assumptions in CSE-MRI, a multipeak single-R,"
model results as follows:

(15.1)
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where W and F denote the complex water and fat signals,
respectively, f is the real-valued field map, which accounts
for phase accumulated because of off-resonance effects due
to B, main field inhomogeneity, a,, is the pth relative fat peak

amplitude, and dw, is the chemical shift frequency difference
between water and the pth fat peak in the fat spectral model
that is used.

Water-Fat Separation in Multi-TE Dixon
Imaging: The Methodology

The first water—fat separation algorithm developed by Dixon
was based on the acquisition of two TEs and is often referred
to as the “two-point Dixon method” [6, 11]. In this chapter,
it is referred to as the two-TE Dixon method. To solve for W
and F, two TEs are acquired when the fat and water signals
are in phase (IP) (c,-; =+1) and out of phase (OP) (¢,-,=—1).
Under the assumption that f; = 0, a single fat peak model and
neglecting R," decay effects (R," - ), real-valued W and F
can be determined by adding and subtracting the IP and OP
MR images. Because the original two-TE Dixon method has
no field map terms, the water—fat separation is problematic in
regions with large B, field inhomogeneities.

The three-TE Dixon technique, which requires three TEs
acquired at [P and OP TEs, was introduced to account for B,
field variations [8]. The off-resonance-induced phase map is
computed and is used to calculate water- and fat-separated
images. Similarly, in an extended two-TE technique, the
magnitude-based method was replaced using the complex IP
and OP images, which allows calculation of the off-
resonance-induced phase map [12]. By accounting for f3, the
three-TE Dixon and the extended two-TE Dixon methods
can improve the accuracy of fat—water separation [11, 13].
Most early two- and three-TE methods have the limitation of
assuming a single fat peak, which only accounts for a portion
of the fat signal and results in an underestimation of the fat
content. Although the fat—water separation image quality
improves when the field map is estimated, a water—fat swap
can occur in areas with large phase variations due to B, field
inhomogeneities. In addition, the early methods did not
account for additional confounding factors such as T, or T,
bias, which need to be included to achieve accurate fat
quantification.

Beyond the two- and three-TE Dixon water—fat separa-
tion methods, alternative methods have been proposed to
solve the water—fat problem, which is a non-convex, nonlin-
ear problem due to the field map term. Another approach to
solving the water—fat problem is the iterative decomposition
of water and fat with echo asymmetry and the least squares
estimation (IDEAL) method [9]. The IDEAL approach uses
a matrix formulation and iteratively linearizes the nonlinear
problem to solve for the parameters in the signal model,
which includes water and fat. The IDEAL technique allows
use of arbitrary TEs and thus more flexible acquisitions,
which may potentially improve the signal-to-noise ratio
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(SNR) for signal fitting. However, the IDEAL technique
relies on good initialization of the field map. Another
approach to solving the water—fat problem relates to refor-
mulating the problem to decouple estimation of the water
and fat signals from the estimation of the field map using the
variable projection (VARPRO) method [14]. For fat quantifi-
cation, the IDEAL and VARPRO methods can be extended to
account for confounding factors such as the multipeak fat
spectrum and T," bias [15]. A generalized formulation for
multi-echo, gradient echo-based chemical species separation
for all MR signal models described by a weighted sum of
complex exponentials with linear phases with TEs has also
been recently introduced [10].

To improve fat—water separation in the presence of B,
field inhomogeneities, Dixon water—fat separation methods
are combined with commonly used phase unwrapping tech-
niques such as region-growing [16, 17], polynomial fitting
[18], and solving Poisson’s equations [19]. All phase unwrap-
ping methods assume that the B, field varies smoothly across
the image [11]. Specifically, because the fitting problem has
multiple local minima, the solution for the field map in the
water—fat separation problem depends on the initial guess
[11, 20]. Region-growing algorithms [21] or advanced com-
plex fitting algorithms, such as graph-cut approaches [22—
25], are required to improve field map estimation, particularly
in regions with low SNRs or rapid, spatially varying fields
where water—fat swaps might occur.

Water-Fat Separation in Multi-TE UTE-Dixon
Imaging of Tissues with Short T s

Different approaches to separate fat signal from water signal
in the imaging of short-T, tissues have been investigated.
One approach is to combine UTE with spectroscopic imag-
ing (UTESI) [26, 27], which has been successful in separat-
ing different chemical species (primarily water and fat).
However, the UTESI approach suffers from distortion of the
slice profile and errors in radial k-space trajectories, includ-
ing chemical shift and off-resonance artifacts.

Another approach extends the IDEAL algorithm with cor-
rection for the effects of R," decay, using a k-space formula-
tion and accurate multipeak spectral modeling [1]. The
combined UTE-IDEAL method provided high contrast
imaging of the short-T, tissues with robust fat—water separa-
tion. A major limitation of the UTE-Dixon methods is the
assumption that water is present in a single-T, compartment
in the imaged voxel, which may not be true, for example, in
cartilage, tendon, or meniscus where long- and short-T,"
water species are present. One possible approach to this
includes incorporating prior knowledge of the multiple water
compartments in the signal model, similar to multifrequency
modeling of the fat spectrum; however, this requires a large

number of echoes and a high SNR. The above assumptions
imply that the T," obtained by the proposed model is an aver-
age value of all the species and all the compartments within
a voxel. Beyond water—fat imaging, the UTE-Dixon tech-
nique has been used to suppress long-T, components, which
is beneficial for pseudo-CT imaging and attenuation map
generation [28-32].

Water-Fat Separation in Single-TE Dixon
Imaging: The Methodology

Single-TE Dixon methods directly decompose fat and water
components from a single complex MR image [33]. Because
only one complex TE image is required, single-TE Dixon
methods have shorter acquisition times than multi-TE meth-
ods and were thus first investigated for dynamic imaging
[33]. In the original single-echo Dixon method [33], data are
acquired with fat in the imaginary channel and water in the
real channel by choosing a TE when the phase between water
and fat components is 0(f) = z/2. It should be noted that 0(r)
is defined by

0(1)=£(c(,)) (15.5)
Neglecting T, decay effects, Eq. 15.4 can be rewritten as:
s(t,)=(w|+|F|c(s,))e (15.6)

Here, ¢ accounts for all the phase terms that water and
fat experience as a common phase term. ¢, comprises con-
tributions from spatially dependent field B, inhomogeneities
(2nfp) [20], eddy currents, signal delays in the receiver
chains, and phase contributions due to the B, transmit/receive
phase [34].

Under the assumption that ¢, is zero, which implies a
homogeneous B, field map, water and fat can be estimated by
taking the real and imaginary parts of Eq. 15.6 so that

_ s}
|F| ~sin (O(In ))

1= R{s (1)}~ Fleos(611,)

The noise performance is optimal when the relative phase
of the water and fat signals is n/2. Flexible TEs can be
achieved if phase errors are corrected using a region-growing
algorithm [34].

In practice, the assumption of a homogeneous B, field
map is not valid and pre-calibration of the field map (e.g.,
using multi-TE Dixon) is required. To remove unwanted
phase terms, different techniques have been reported . These
use additional reference scans [3, 33], a region-growing
algorithm to estimate the unwanted phase terms [34], or
solve the smoothness-constrained inverse water—fat problem
directly [5]. The acquisition of additional reference scans

(15.7)

(15.8)
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results in longer scan times and errors due to patient motion
and other sources of inconsistency.

Water-Fat Separation in Single-TE UTE-Dixon
Imaging of Tissues with Short T,s

In the context of short-T,* imaging, different single-TE
Dixon methods have been presented for fat suppression [3,
4], long-T, signal suppression [4], and water—fat imaging [4,
5]. Jang et al. [3] combined a single-TE Dixon method with
a dual-echo UTE acquisition. Phase errors were corrected
with an additional field map. A fat map was then estimated
with single-TE Dixon processing of the non-UTE image.
The fat image obtained from the non-UTE image was used to
suppress the fat signal in the UTE image. The single-TE
Dixon method demonstrated reliable fat and water separa-
tion unaffected by the short-T," signal decay. Jang et al. dem-
onstrated that the two-TE Dixon method incorrectly
estimated fat and water signals in the tendons due to short-
T,  signal decay. The advantage of their single-TE Dixon
technique with dual-UTE acquisition is the high degree of
flexibility it has in selecting the TE of the second echo. Echo
spacing with the conventional two-TE Dixon method is lim-
ited by imaging parameters such as spatial resolution and
field of view (FOV).

Recent work by Jang et al. [4] has shown UTE fat-
suppressed images of the osteochondral junction, tendons,
menisci, and ligaments in the knee joint as well as cortical
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Fig. 15.2 (a) The UTE phase that includes contrast from the B, phase,
which varies along the anterior-posterior (AP) and right-left (RL) (x—y
plane) directions of the thoracic and lumbar spine. (b) The phase error
¢oux 1s estimated after solving the smoothness-constrained inverse

bone and aponeuroses in the lower leg utilizing a UTE—
Cones-DESS sequence and single-TE Dixon processing.
The free induction decay (FID)-like S* image showed typical
UTE image contrast with T,-weighting. The echo-like S~
image showed more T,-weighting due to its longer TE. Here,
the initial ¢, was calculated from the intrinsic signal prop-
erties of the S* and S— images, before separating the water
and fat of both the S* and S~ images with single-TE Dixon
processing. The method yielded efficient fat suppression in
both the S* and S- images without requiring additional
acquisitions or preparation pulses. However, if there are
strong B, field inhomogeneities that cannot be compensated
for B, shimming, ¢, may become so large that an addi-
tional reference scan is required to avoid significant errors
with the single-TE Dixon processing.

Another approach, presented by Kronthaler et al. [5],
avoids the additional B, calibration measurement by formu-
lating the problem as a smoothness-constrained nonlinear
inverse water—fat problem. They showed that at UTE TEs
(<0.14 ms at 3 T), phase contributions due to B, inhomoge-
neities are expected to be small as a result of the ultrashort
TE. Such B, terms originate from magnetic inhomogeneity,
the shim field, object-based susceptibility, and residual terms
from background fields [20]. It should be noted that the UTE
phase contains a strong contribution from the B; phase,
which varies slowly in the axial plane (Fig. 15.2) and is the
dominant term in UTE phase maps with TE = 0.14 ms when
scanning the lumbar spine at 3 T. The B, phase is caused by
the electrical conductivity of the tissue and has an approxi-
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water—fat problem. Unwanted phase components, including the B,
phase contribution, are removed in the corrected UTE phase
(UTE jhase = Pour) shown in panel (b). UTE,,,gniwde refers to the magni-
tude UTE image
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Fig. 15.3 Sagittal UTE thoracic and lumbar spine images from two patients with acute vertebral fractures (red arrows). The fluid buildup in the
edema shows a high signal in the STIR images. The edema and fracture line are clearly visible in the single UTE-Dixon water—fat images

mately parabolic shape according to Maxwell’s equations
[35-37]. The proposed methodology assumes that the
unwanted phase terms primarily consist of the B, phase,
which varies smoothly over the FOV and is thus accounted
for with a smoothness constraint. Their study, which included
patients with lumbar spine vertebral fractures, demonstrated
that the proposed methodology removed the unwanted low-
frequency background phase and separated water—fat signals
using a single-echo UTE image. The proposed method
enabled simultaneous assessment of vertebral fractures and
edema of the thoracolumbar spine using a single MR
sequence (Fig. 15.3). In an extended study, the method was
evaluated at different anatomical locations (Figs. 15.4, 15.5,
and 15.6), on two different scanners, with various coils and

varying TEs. A good depiction of short-T, components and
good water—fat separation was achieved in all cases. In par-
ticular, in the cervical spine, large changes in B, inhomoge-
neity were successfully demodulated (Fig. 15.4). For the
knee scans (Fig. 15.5), a transmit-receive coil was used,
resulting in a different B, transmit-receive phase when com-
pared to receive-only coils. Despite this additional challenge,
the methodology provided high quality water- and fat-sepa-
rated images. The method has the advantage of removing
unwanted phase terms, whether caused by B, or By, without
the need for an additional calibration scan. The post-process-
ing is fully automated, which is superior to filtering
approaches that require the kernel size and filter type to be
defined for each subject.
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Fig. 15.4 High-resolution full spine scans of a patient. Three separate  field inhomogeneities caused by the concave/convex anatomy of the
single-TE UTE scans were performed to obtain images from the spine. The anterior subcutaneous fat region is prone to errors due to
cervical, thoracic, and lumbar spine. As a reference, T,-weighted TSE  respiratory motion. UTE™,,,niwae refers to the inverted magnitude UTE
Dixon water and in-phase images are presented. The ¢y, image of the — image

cervical spine shows significant phase contributions as a result of B,

UTE" magnitude UTEPhase UTEphase - Opuik fat
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Fig. 15.5 High-resolution coronal and sagittal single-TE UTE scans by B, inhomogeneities are seen in the ¢y, images, particularly in the
of the knee in a healthy volunteer. Thin cortical bone structures are vis-  sagittal scans. These are corrected in the UTE;. — ¢nu image.
ible on the inverted UTE magnitude images. Phase modulations caused =~ UTE™",,ouiwude refers to the inverted magnitude UTE image
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Fig. 15.6 A three-dimensional (3D) isotropic single-TE UTE scan of
the mandible of a healthy volunteer. Compared to the Cartesian multi-
echo Dixon fat-separated imaging, fat in the bone marrow of the man-

Clinical Applications

The clinical applications of water—fat UTE imaging are
widespread and are being constantly expanded.

PET Attenuation Correction

In nuclear medicine, positron emission tomography (PET)
combined with MRI is an emerging modality due to the
excellent soft tissue contrast that it provides. This allows a
detailed depiction of the anatomical structures and provides
functional and molecular information. Reliable PET attenua-
tion correction using MRI is difficult and time-consuming
due to the complex MR signal, which is determined by tissue
proton density and relaxation properties. Different methods
are used for attenuation correction, including MR image seg-
mentation for each tissue type to create attenuation maps as
well as the production of attenuation maps based on co-reg-
istration of the acquired MR images with preexisting tem-
plates generated from CT. A combined multi-echo
UTE-Dixon acquisition has been successfully implemented
to simultaneously acquire signals from fat, water, and bone

dible is well depicted (green arrows). UTE™uinae refers to the inverted
magnitude UTE image

in a single acquisition for the estimation of linear attenuation
coefficients (LACs). This method integrates a multi-echo
Dixon method for robust water—fat separation as well as
UTE imaging for tissues with short- and ultrashort-Ts (e.g.,
depiction of bone) into a single acquisition, which provides a
continuous distribution of the attenuation coefficients in
combination with a typical atlas-based segmentation. In
order to reduce quantifications errors of the atlas-based
approach, recently, a deep-learning-based convolutional neu-
ral network (CNN) together with a UTE multi-echo Dixon
method has been used, and this showed significantly lower
quantification errors than conventional atlas-based methods
[30, 38—40].

Improved Tissue Delineation of Short-T,
Tissues in Musculoskeletal Imaging

Conventional clinical MR imaging mainly relies on the
detection of normal or abnormal long-T, signals. The assess-
ment of tissues with short T,/T,"s such as the ligaments,
menisci, tendons, cartilage, and bone mainly relies on indi-
rect changes due to an increase or decrease in signals from
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tissues with longer T,s (i.e., fat and water). UTE imaging
methods are able to visualize short-T, signals and therefore
allow direct assessment of short-T»/T,* tissues. Fat satura-
tion is typically performed in conventional UTE imaging to
achieve the best possible contrast of short-T, tissues. The
broad spectral width of short-T), tissues makes conventional
chemical shift-based fat saturation problematic, and, there-
fore, different UTE-Dixon methods have been proposed. In
the clinical setting, the enhanced UTE contrast allows better
assessment and discrimination of various short-T," tissues.
Lombardi et al. [41] have been able to create high-resolution
images of the vertebral body cartilaginous endplate, which is
not possible using conventional MRI sequences due to its
short To/T,". The assessment helps with understanding inter-
vertebral disc degeneration and may allow better evaluation
of subtle abnormalities in the longitudinal ligaments and
intervertebral foramina. Jang et al. [4] showed the applica-
tion of a single-TE Dixon method for fat suppression of UTE
images in the ankle and knee. They significantly improved
the contrast-to-noise ratio for the Achilles, patella, and quad-
riceps tendons. This may help better assess degenerative
changes and acute pathologies [1-3, 41, 42].

Water-Separated Images for Assessment
of Edema in Musculoskeletal Imaging

Water—fat UTE imaging is mostly used to enhance the con-
trast of tissues with short To/T," focusing on bone, menisci,
ligaments, and cartilage. Quantification of tissue water con-
tent has been examined in several studies and has been shown
to be feasible and reliable, albeit time-consuming, when
assessing the menisci, deep radial calcified cartilage, and
bone. Recently, Kronthaler et al. [5] have proposed a method
for fat-water separation in order to assess bone marrow
edema (BME) in the vertebral bodies of patients with acute
vertebral fractures. Their method showed results comparable
to conventional MR imaging in a study of 30 patients with
spine fractures [43]. Conventional MRI relies on the acquisi-
tion of STIR and T;-weighted sequences to assess BME and
the fatty component of the bone marrow. The proposed
method is based on single-TE Dixon processing, which
solves the smoothness-constrained nonlinear inverse water—
fat problem and allows fast reconstruction using an iterative
reconstruction algorithm. The simultaneous examination of
bone marrow edema and fat content of bone marrow with a
single acquisition may help in the assessment of various
pathologies of the spine, including acute and chronic frac-
tures, bone marrow-infiltrating tumors, and osteoporotic
fractures, while using significantly reduced scan times [5,
26, 44, 45].

Proton Density Fat Fraction (PDFF)
Quantification

Osteoporosis is a systemic skeletal disease with a high socio-
economic burden, which is characterized by a loss of bone
mass and microarchitectural deterioration. It predisposes to
fragility fractures. Accurate bone marrow assessment is
needed for therapy and fracture prevention. The utilization of
quantitative MRI for assessment of the fracture risk and ther-
apy monitoring has received increasing attention in recent
years. Bone marrow PDFF is also emerging as a useful bio-
marker in the study of bone matrix health. Bone marrow
PDFF is defined as the ratio of the density of mobile protons
from fat (triglycerides) to the total density of protons from
mobile triglycerides and mobile water and can be measured
using multi-echo CSE-MRI with water—fat separation. PDFF
might prove to be a useful standardized MR-based biomarker
for quantification of fat tissue concentration and may help in
the assessment of fracture risk and monitoring therapy in
patients with osteoporosis [46-51].

To account for the presence of bone matrix susceptibility
effects, CSE-MRI relies on a water—fat model with a single
exponential R," decay and aims to simultaneously extract R,"
and PDFF. There are several confounders in PDFF mapping,
such as T,", T}, and the multispectral nature of fat as well as
noise bias, which need to be addressed. Kronthaler et al.
have recently shown that R," could be underestimated and
quantification errors can occur when using short TEs and a
water—fat model with an exponential R," decay model in
multi-echo GRE acquisitions [47]. The assessment of bone
marrow R," quantification errors was based on a UTE-Dixon
acquisition [47]. Thus, UTE-Dixon acquisitions can assist in
better understanding MR biophysical signal modeling in tis-
sues, including short-T," signal components.

Conclusion

The basic methods for UTE-Dixon imaging are described
using either single or multiple echoes. The technique has
been applied to attenuation corrections in PET-MRI and to
musculoskeletal imaging. However, UTE-Dixon imaging
remains a relatively new research topic with a limited num-
ber of methodological and application reports published to
date. The major challenge that UTE-Dixon imaging faces in
wider adoption is the acquisition of multiple echoes, which
is usually associated with increased scan times. Therefore,
further developments are needed to accelerate UTE-Dixon
imaging using efficient k-space trajectories, minimizing the
number of acquired echoes, or combining this with the
reconstruction of undersampled acquisitions. In addition,
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larger clinical studies are needed to evaluate the advantages
of UTE-Dixon imaging in clinical applications, especially in
the study of short-T, tissues in musculoskeletal disease.
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Christine B. Chung, and Jiang Du

Introduction

Chemical shift imaging (CSI) or spectroscopic imaging
combines the acquisition of spectral and spatial information
in a single scan [1]. Images at a series of resonance frequen-
cies are generated. These provide robust fat—water separation
and are tolerant to field inhomogeneity and susceptibility
effects. Eliminating fat saturation pulses helps maintain
short-T, signal intensities by avoiding direct saturation and
magnetization transfer effects. Because long-T, tissues have
narrow spectral peaks and short-T, tissues have broad peaks,
spectroscopic imaging can create high contrast between
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short- and long-T), tissues at frequencies away from the nar-
row peaks of long-T, species [2]. Spectroscopic imaging also
provides quantitative information, including T,", chemical
shift, and mobile proton density, which can be used to char-
acterize short-T), tissues.

In conventional CSI, spatial information is obtained
with phase encoding, which is followed by free induction
decay (FID) sampling to generate spectroscopic informa-
tion. This spatial encoding scheme is time-consuming and
makes it challenging to create high-resolution images in
realistic times. In addition, a relatively long echo time (TE)
(>10 ms) is usually used, which makes it impossible to
image short-T, tissues directly. To date, two approaches
have been proposed to overcome these problems. The first
approach, proposed by Gold et al., employs radiofrequency
(RF) half-pulse excitations combined with a projection
reconstruction (PR) acquisition and variable TEs to gener-
ate imaging and spectroscopic information from short-T,
tissues [2]. A minimum TE of 200 ps was used with 4-8
spectral interleaves and 511 half projections in a total scan
time of 8 min with a moderate spatial resolution (voxel
size = 1.25 x 1.25 x 5 mm?). This produced a moderate
spectral resolution of 61-120 Hz with a limited bandwidth
(BW) coverage of 1330 Hz. Another approach, proposed by
Robson et al., is based on the use of a variable TE Cartesian
acquisition [3]. The phase encoding steps near the center of
the k-space only require small gradient moments, which
allows the use of a short TE of 170 ps. The outer regions of
the k-space require larger gradient moments and increased
TEs. This technique generates spectroscopic images of
ZNa and 3P with a low spatial resolution (voxel
size = 15 x 12 x 12 mm?) and a moderate spectral resolu-
tion. Both methods provide a spatial resolution that is too
low to resolve the fine structure of the deep layers of carti-
lage or that of menisci and tendons. In addition, both the
spectral resolution and bandwidth coverage are limited.
Both techniques also have significant time penalties associ-
ated with increasing spatial and spectral resolution.
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It would be of great interest to generate spectroscopic
images of the short-T, tissues with both high spatial and
spectral resolution as well as broad spectral coverage,
since short-T, tissues show broad spectral responses.
Projection reconstruction can be more efficient at achiev-
ing high spatial resolution per unit time than Cartesian
imaging. In addition, the total scan time can be further
reduced through angular undersampling without signifi-
cant degradation of spatial resolution, as has been widely
used with contrast enhanced time-resolved magnetic reso-
nance (MR) angiography [4-6]. Spectral resolution can
also be increased by acquiring more images with longer
TE delays using multi-echo acquisitions, as is used in spi-
ral spectroscopic imaging [7]. Ultrashort echo time spec-
troscopic imaging (UTESI) is a versatile method for
achieving high-resolution spatial and spectral imaging of
short-T, tissues [8—11].

++ TE=8us
— —

half pulse : ATE :

The UTESI Pulse Sequence

UTESI uses a combination of highly undersampled inter-
leaved projection reconstruction with multi-echo UTE acqui-
sitions at progressively increasing TEs to achieve high spatial
resolution spectroscopic imaging within clinically acceptable
scan times [8]. The two-dimensional (2D) UTESI sequence is
illustrated in Fig. 16.1. It employs half-pulse excitations with
radial mapping of the k-space from the center out, followed by
another half-pulse excitation and repeated radial mapping
with the polarity of the slice-selective gradient reversed. Data
from the two half-pulse excitations are added to produce a
single slice-selective radial line of the k-space. This process is
typically repeated through 360° in multiple steps (e.g., 511
half projections). The complete set of projections is inter-
leaved into multiple groups of highly undersampled projec-
tions, with each group having a progressively increased TE to

ATE

Interleave #2

Interleave #1

TE,; = 8us

TE, = ATE + 8us
TE,3 = 2ATE + 8us

Fig. 16.1 (a) The 2D UTESI sequence. This employs a half-pulse for
slice-selective excitation followed by multi-echo variable TE radial
sampling with an echo spacing of ATE and a series of TE delays (a step
size Af). The UTESI sequence has a minimal achievable TE of 8 ps,
enabling detection of short-T, species. (b) The data acquisition scheme:
sets of half projections are interleaved into multiple groups, with each
group sparsely but uniformly covering k-space with TE successively
delayed by At while the echo spacing ATE is kept constant. Here, TE;

TE21 =ATE + BHS
TEgy = ATE + AT + 8us
TE,; = 2ATE + AT + 8us

Interleave #3

TE3z; = 2AT + 8us

TE,, = ATE + 2AT + 8us
TEy; = 2ATE + 2AT + 8us

refers to the TE for interleave i at echo j. Spectroscopic information is
generated through FT of the free induction decay (FID, called echo 1
for convenience) and multiple echo images. The highly undersampled
interleaved projection reconstruction (PR) acquisition vastly reduces
the scan time while generating streak-free water images since all streaks
are shifted to high spectral frequencies. (Reproduced with permission
from Du et al. [8])



16 Ultrashort Echo Time Spectroscopic Imaging (UTESI) of Short-T, Tissues

reduce scan time. With multi-echo acquisitions, all the echoes
are simultaneously shifted by Az while keeping the echo spac-
ing constant at ATE. The small number of projections in each
group is sparsely but uniformly covered in the sample k-space.
The interleaved groups of highly undersampled projections
are ordered in such a way that the following three interleaved
groups trisect the view angles of the first three; therefore, the
high spatial frequency projection data from neighboring inter-
leaves are uniformly spread through the k-space. Images cor-
responding to each TE are reconstructed from each group of
projections, with some high-frequency projection data shared
with the neighboring interleaved groups of projections to
reduce streak artifacts. The interleaved projections produce
oscillating streak artifacts among the multiple echo images,
which are shifted to high temporal frequencies after Fourier
transformation (FT) in the time domain, leaving streak arti-
fact-free images near the water and fat resonance peaks, which
are the regions of principal interest [8].

UTESI Image Reconstruction

In UTESI, the radial projections are highly undersampled
and interleaved for each TE. The whole set of projections is
interleaved into multiple groups (36-72), with each group

Time Domain

3.0ms +2kHz 0 Hz
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at a progressively increased TE delay (Af). Raw data from
each echo are then mapped onto a Cartesian grid using a
Kaiser—Bessel kernel and are reconstructed by 2D inverse
FT. Spectroscopic images are generated through FT of the
multi-echo images. The radial projections can be unders-
ampled to reduce the total scan time. The 2D UTESI
sequence is based on radial sampling, which tends to gener-
ate streak artifacts. Since the undersampled streaks are in
alignment with the half projections, the oscillation pattern
of the streaks can be controlled by adjusting the interleav-
ing schedule. For simplicity, let us consider 9 interleaved
groups, with each group having 45 projections sparsely but
uniformly covering the k-space. We can sample the inter-
leaved groups in the following way: 1,4, 7, 2,5, 8, 3,6, 9.
The high-frequency projection data uniformly cover the
periphery of the k-space and can be shared to reduce streak
artifacts using a tornado filter scheme. Figure 16.2 shows
the UTESI images of a rubber band, demonstrating the effi-
cacy of tornado filtering in streak artifact reduction in the
time domain. The streaks periodically oscillate between
every three groups, simulating a signal with a high tempo-
ral frequency. The FT of these multi-echo images shifts all
the streaks to high temporal frequencies, leaving streak
artifact-free images near the peak resonance frequencies.

Spectral Domain c

-2 kHz

8 us

Fig. 16.2 UTESI imaging of a rubber band in the time domain (a) and
spectral domain (b) without projection interleaving (first row), with
projection interleaving but without view sharing (second row), and with
(third row) view sharing. Streaks are reduced using the third approach
in the time domain. In the spectral domain, streaks are shifted to high
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spectral frequencies, resulting in streak-free peak spectral images for
both the second and third approaches. Similar T,* values were derived
from exponential fitting in the time domain and Lorentzian line shape
fitting in the spectral domain (c¢). (Reproduced with permission from
Du et al. [8])
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UTESI Signal Processing

Following the UTESI data acquisition, raw data are trans-
ferred to a Linux computer for offline image reconstruction.
The projection data are first re-gridded onto a 512 x 512
matrix before two-dimensional FT. These complex images
with 180-864 TEs are zero-padded to 1024 in the time
domain, and Fourier-transformed, yielding a spectroscopic
imaging series with a matrix size of 512 x 512 x 1024. A
complex image at time t can be described by the following
equation:

s(7.1) =5, (7) exp(i27rf0t)exp(—t / Tz)

where f; is the resonance frequency (for simplicity, a single
component is assumed for each pixel), r is the position in

(16.1)

1
T,

Real[ s, (7)] x[

image space, and sy(r) is the effective observable proton den-
sity distribution. Spectroscopic images can be generated
through FT in the time domain, as shown in the following
equation:

W)

IT,,—iZ(f—fo)}
[an,,TM(f—fo)z

2
2

S(7) = [5 () exp(=i2 fr) dt =

(16.2)

Typically, the real part in Eq. 16.2 is used for quantifica-

tion, which is a Lorentzian line shape expressed by the fol-
lowing equation:

j+lmag[s0 (7)]><2(f—fo)

Real[S(F,f)} =

(16.3)

Ideally, a real spectrum follows the Lorentzian line shape
with the imaginary part of sy(r) being zero. However, sy(r) is
typically complex due to eddy currents, B, field inhomoge-
neity, susceptibility, motion, and other factors. The phase
shift results in spectral distortion, which must be corrected
using algorithms such as principal component analysis or
reference deconvolution [12, 13]. However, this process may
be complicated with the UTESI sequence, which is more
susceptible to eddy currents than conventional CSI sequences.
An imperfect correction of phase errors may distort the real
spectrum and thus produce significant errors in the quantifi-
cation of T,* and proton density. Furthermore, UTESI data
contain many spectra (typically 512 x 512 = 262,144) and
may require excessively long processing times. The phase
shift resulting from complex MR images can be avoided
using a magnitude spectrum as described by Eq. 16.4, which
is immune to phase errors, and significantly simplifies the
process of quantification:

50 (7)

\/[HIT;]ZM(J’—J%)Z

A magnitude spectrum described by Eq. 16.4 is no longer
Lorentzian and has a broader line width or full width at half

(16.4)

maximum (FWHM) than a real spectrum. Magnitude spectra
offer a significant advantage over real spectra in terms of
robustness and simplicity, and the corresponding line broad-
ening is considered acceptable for short-T, (broad) spectral
processing.

Figure 16.3 shows selected UTESI images of three water
tubes at a series of resonance frequencies. The signal from
the long-T,* bottle rapidly drops away from that at the peak
resonance frequency, whereas the short-T,* bottle maintains
a higher signal over a broader spectral range. The spectrum
from a small region of interest (ROI) is drawn in each bottle.
T,* was measured with modified Lorentzian line shape fit-
ting of the magnitude UTESI spectrum and mono-exponential
signal decay fitting of images at different TEs. Both tech-
niques showed T,* values of around 0.52 ms, 2.07 ms, and
14.41 ms, respectively. Image contrast between the short-T,
(Ty* = 2.07 ms) and long-T, bottles (T,* = 14.41 ms) had a
negative value of —5.12 at the spectral peak, and this gradu-
ally increased to 11.78 at +88 Hz and then dropped away
with further increase of the off-resonance frequency. This
demonstrated that high contrast between short- and long-T,
components could be generated at off-peak resonance
frequencies.
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Fig. 16.3 UTESI images of water tubes doped with different levels of
MnCl, with T,*s of around 14.4 ms (first row), 2.07 ms (second row),
and 0.52 ms (third row) (a). The UTESI spectrum of three water tubes

UTESI Image Quantification

Information on T,*, chemical shift, mobile proton density,
and frequency shift due to susceptibility effects can be
derived from UTE-based spectroscopic images [8—11].
Details for each of these quantifications are provided below.

T,* Quantification

There are two ways to quantify T,*. The first approach is
exponential signal decay fitting of the time-domain UTESI
images at different TEs. The second approach is line shape
fitting of magnitude UTESI spectra using Eq. 16.4. We vali-
dated the accuracy of magnitude spectra for T,* quantifica-
tion through numerical simulation and a rubber band
phantom study. A phase error of 1 was introduced to an FID
curve. A significant distortion was observed in the real spec-
trum, whereas the magnitude spectrum showed no distortion.
FIDs of the rubber band can be generated on a clinical scan-
ner using a short hard pulse (4 ps) with a low flip angle of
1.4° (due to RF power limitations), and a reference standard
T,* value can be calculated for comparison.

A meniscus sample was harvested from a cadaveric
human knee specimen, and all soft tissues were removed.
The sample was placed in a plastic container filled with
phosphate-buffered saline (PBS) at the center of a 3-inch
coil. Figure 16.4 shows UTESI images of the meniscus in the
spectral domain. The imaging field of view (FOV) of 10 cm,
readout of 512, and 2-mm slice thickness resulted in a high
spatial resolution of 0.2 x 0.2 x 2.0 mm?® (acquired voxel
size) and excellent depiction of the internal meniscus struc-
ture [9]. Other acquisition parameters included: repetition
time (TR) =150 ms, minimal TE = 8 ps, flip angle = 60°,
BW = +62.5 kHz, projections = 2025 (interleaved into 45

--.--.. K
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(b). This shows that high contrast can be achieved for short-T, species
at off-resonance frequencies where long-T, species have much lower
signals

groups with a TE delay of 200 ps per interleave), and total
scan time = 10 min. The corresponding exponential signal
decay curve and spectra from a small ROI are also shown.
There are some Gibbs ringing artifacts at high spectral fre-
quencies, which can be suppressed by increasing the spectral
resolution or low-pass filtering. The latter approach is used
in conventional spectroscopy; however, this filtering leads to
line broadening and increases errors in T, quantification.
Line filtering was not used in our analysis. Excellent line
shape fitting was achieved, providing a T,* of 3.69 + 0.16 ms,
which was close to, but slightly longer than, the value of
3.58 £ 0.13 ms derived from exponential signal decay
fitting.

Chemical Shift

A chemical shift, such as that from fat, can be directly quan-
tified from UTESI images. A clinical single-voxel spectro-
scopic (point resolved spectroscopy (PRESS)) technique
was used as the gold standard for evaluating the accuracy of
UTESI spectroscopy with a uniform phantom containing
pure plant oil [14]. Our results showed that the fat peak is
typically shifted around —440 Hz away from the water peak,
as expected at 3 T. Figure 16.5 shows axial UTESI images of
the Achilles tendon with a 3-inch coil for signal reception.
The imaging FOV of 10 cm, readout of 512, and 2-mm slice
thickness produced a high spatial resolution of
0.2 x 0.2 x 2.0 mm? voxel size and provided excellent depic-
tion of the tendon structure. The fat peak was shifted 476 Hz
away from the water peak, providing robust fat-water sepa-
ration. A high signal-to-noise ratio (SNR) was achieved for
the Achilles tendon without signal degradation due to direct
saturation or magnetization transfer, which is associated
with fat saturation and preparation pulses. The water and fat
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Fig. 16.4 Selected UTESI images of a meniscus sample in the time
domain (a—f) and spectral domain (g-1). This shows excellent depiction
of the meniscus structure with a high spectral resolution of 29 Hz and a
broad spectral bandwidth overage of 5 kHz. T,* estimation of the

Fig. 16.5 Selected UTESI images of a cadaveric human ankle in the
axial plane. This shows excellent depiction of the Achilles tendon (long
arrows), including the fascicular pattern. Fat signals (short arrows)
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meniscus sample using exponential signal decay fitting of the UTE
images at variable TEs and line shape fitting of the magnitude spectrum
show comparable results of 3.58 + 0.13 ms (m) and 3.69 = 0.16 ms (n),
respectively. (Reproduced with permission from Du et al. [9])

Water Peak (0 Hz) Fat Peak (-476 Hz)

peaked at —476 Hz, and robust fat-water separation was achieved
without tendon signal degradation
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peaks of UTESI images of the tensile tendon are also shown.
The fascicular pattern within the tensile tendon is depicted
with high spatial resolution, high signal, and excellent con-
trast (robust fat—water separation).

Proton Density
Quantifying water content may provide a useful means of

assessing tissue during aging, progression of osteoarthritis,
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Fig.16.6 UTESI. This employs highly undersampled interleaved vari-
able TE acquisitions for fast high-resolution spectroscopic imaging.
Each group of projections uniformly covers k-space with TE succes-
sively delayed by a selected time (e.g., 80 ps) (a). Selected UTESI
images of a 29-year-old volunteer are displayed in the time domain with
TEs of 8 ps (b), 88 ps (c), 168 ps (d), 408 ps (e), and 968 ps (f). A slid-
ing window reconstruction algorithm is used to share high spatial fre-
quency projection data among neighbor groups to reduce streak artifacts
and in the spectrum domain with frequency offsets of 2500 Hz (g),
51 Hz (h), 0 Hz (i), =366 Hz (j), and —3200 Hz (k). Undersampling

and response to treatment. Water content can be evaluated by
comparing the UTESI spectral area of the short-T), tissue to a
known water concentration reference sample. Relative water
content and the resonance frequency shift due to bulk sus-
ceptibility can also be evaluated. Figure 16.6 shows UTESI
imaging in a 29-year-old healthy volunteer. Both fat and
muscle signals are well suppressed by the adiabatic inversion
preparation pulse [15]. The cortical bone signal is high over
a broad spectral range, consistent with its short T,*.
Oscillating streak artifacts in the time domain were shifted to

Interleave #3
TE = 168 ps

TE = 408 ps TE = 968 ps

-3200 Hz
L

Relative Proton
Density Map

streaks are shifted to high spectral frequencies, leaving streak-free
water peak (i) and fat peak (j) images. An adiabatic inversion pulse was
used to suppress long-T, water and fat signals. An UTE spectrum of a
single pixel from the cortical bone (1), relative water proton density map
(m), and T,* map (n) are also displayed. Relative water content was
calculated as the water peak area by fitting each spectrum using a modi-
fied Lorentzian line shape function, which also provides pixel-based
T,* values ranging from 300 to 500 ps. (Reproduced with permission
from Du et al. [8])
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high frequencies in the spectral domain, resulting in almost
streak artifact-free images around the bone at on-resonance
frequencies. Figure 16.61-n shows the bone spectrum from a
single pixel (1), relative water distribution (m), and T,* map
(n). T,* values were derived through line shape fitting of the
magnitude spectrum from each voxel and ranged from 300 to
500 ps. The UTESI sequence can generate spectroscopic
images for many short-T, tissues, including the Achilles ten-
don, menisci, and deep cartilage [8—11]. The technique pro-
vides short-T, images with high spatial resolution, moderate
spectral resolution, and minor streak artifacts in clinically
acceptable scan times.

Bulk Susceptibility

Resonance frequency shifts due to bulk susceptibility are
well known for bone and tendon [16, 17]. Wehrli et al.
showed that bone has a resonance frequency shift of up to
2 ppm due to bulk magnetic susceptibility [17]. These
authors’ quantification was based on a powdered bone sam-
ple study using a small-bore spectrometer with 1-hour or
longer scan time. UTESI can directly evaluate the bulk
susceptibility-induced resonance frequency shift on a clini-
cal scanner. Figure 16.7 shows an example using this
approach with the following acquisition parameters:
FOV = 16 cm, TR = 75 ms, TE = 8 ps, flip angle = 60°,
BW = +62.5 kHz, readout matrix = 128 x 128, projec-
tions = 2025 (interleaved into 45 groups with a TE delay of
80 ps per interleave), slice thickness = 8 mm, and scan
time = 5 min. The UTESI sequence provides high-resolu-
tion and high contrast images of the tibia in a total scan

Fig. 16.7 UTESI imaging of the tibia in a 35-year-old healthy volun-
teer. Long-T, water and fat signals were suppressed using a long-
duration 90° pulse followed by gradient dephasing. This shows clear

J. Athertya et al.

time of only 5 min. Bone spectra, water maps, and T,*
maps can be generated. Absolute water content maps can
also be generated by comparing the spectral area of bone
with that of a water phantom.

Fiber-Dependent Frequency Shift

Biological tissues may contain different groups of collagen
fibers with distinct microstructures. For example, the knee
joint meniscus consists of four major architectural subdivi-
sions: the main body, the surface layer, the lamellar layer,
and the cartilage-like inner portion [18-20]. The main body
includes two major structural components: circumferen-
tially oriented fascicles and radially oriented tie fibers. The
surface layer is a group of meshwork fibers that cover
meniscal surfaces. The lamellar layer has peripheral radi-
ally oriented fibers with more loosely organized collagen
fibril bundles beneath the superficial network. The inner
portion possesses similar, but not identical, traits to articu-
lar cartilage [20]. This highly organized fiber structure
leads to strong dipole—dipole interactions and, subse-
quently, a short T, [21]. The organized system also affects
the resonance frequency of each group of fibers. Figure 16.8
shows UTESI images of a cadaveric human meniscus sam-
ple in a plastic container filled with saline. UTESI depicts
the internal fiber structure of the meniscus with high spatial
and moderate spectral resolution. The radial, lamellar, and
circumferential fibers have different T,s and slightly differ-
ent resonance frequency shifts due to susceptibility effects,
which may be helpful in the evaluation of early meniscal
degeneration.

-488 Hz

-1953 Hz

definition of the cortical bone with a shift of —195 Hz relative to the
muscle peak due to its greater diamagnetic susceptibility. (Reproduced
with permission from Du et al. [8])
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Fig. 16.8 Selected magnitude (a) and phase images (b) from UTESI
imaging of a cadaveric human meniscus sample. The internal fiber
structure is depicted with a high spatial and moderate spectral resolution.

Bicomponent T,* Analysis

Biological tissues usually contain multiple water compo-
nents with distinct T, and/or T,* relaxation times and relative
fractions [22]. Multicomponent T, fitting based on data
acquired with the Carl-Purcell-Meiboom-Gill (CPMG)
sequences is an effective method for separating the different
water components [22-25]. However, multicomponent fit-
ting is sensitive to the image SNR, the number of indepen-
dent components, the minimum TE, the number of echoes,
and the separation of the T, values [23]. Furthermore, CPMG
sequences typically have initial TEs of 10 ms or longer on
whole-body clinical MR scanners. These TEs are generally
too long to image and quantify the fast-relaxing components
found in a variety of biological tissues [26-28]. The UTESI
sequence addresses these challenges by providing a large
number of different TE images in a time-efficient manner
[8—11]. It is significantly faster than the regular T,* mapping
based on UTE acquisitions at progressively increasing TEs.
The large number of different TE images can significantly
reduce fitting errors, especially in bicomponent T,* fitting of
bound and free water T,*s and relative fractions [29]. The

100 200 300 400 500

The radial, lamellar, and circumferential fibers display different FWHM
or T, values and resonance frequency shifts as shown in panel (c)

simulation results by Anastasiou and Hall suggest that the
lower bounds increase dramatically when the T, values of the
two components approach each other [30]. Our model con-
siders only two components, the bound and free water com-
ponents, with about an order of magnitude difference in their
T,* values. The UTESI bicomponent T,* fitting model com-
bines a short minimal TE, a large number of different echo
images, and only two components with distinct T,* values,
and thereby provides more reliable bound and free water
evaluation. Figure 16.9 shows UTESI images of a bovine
femur segment, which offers a relatively high SNR of 56 at a
nominal TE of 8 ps. Bicomponent fitting of the UTESI
images demonstrated an ultrashort T,* of 0.35 £ 0.01 ms and
a longer T,* of 2.25 + 0.02 ms with fractions of 75.7% and
24.3%, respectively. Most bone signal is from the ultrashort-
T,* component or bound water. The fitting confidence is
high in bicomponent T,* fitting as evidenced by the small
fitting errors, largely because of the large number of different
echo images generated by the UTESI sequence. Conventional
clinical MRI sequences cannot detect signal from bound or
free water in bovine bone because of their extremely short
T,*s.
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Fig. 16.9 UTESI images of a bovine femur segment (a—f) and bicom-
ponent fitting of the UTESI images (g). The fitting shows an ultrashort
T,* of 0.35 £ 0.01 ms and a long T,* of 2.25 + 0.02 ms with fractions

Conclusions

Spectroscopic imaging of short-T, tissues in the musculo-
skeletal (MSK) system can be performed with the UTESI
sequence, which employs a multi-slice, multi-echo UTE
acquisition combined with an interleaved variable TE acqui-
sition scheme. This technique is time-efficient and uses
undersampling without producing streak artifacts in water or
fat images. The method provides images of short-T), tissues
with a high spatial resolution and moderate spectral resolu-
tion as well as T,* estimation and robust fat—water separation
in a single scan. It also provides a way of assessing bulk
susceptibility effects in short-T), tissues in vivo using clinical
MR systems. The UTESI sequence allows quantitative mea-
surement of fiber-dependent frequency shifts in musculo-
skeletal tissues such as the meniscus and tendons. The
time-domain UTESI images can be used for bicomponent
T,* modeling of bound and free water components in ultra-
short-T, tissues such as cortical bone. The broad range of

of 75.7% and 24.3%, respectively. (Reproduced with permission from
Diaz et al. [29])

TEs and the large number of different echo images permit
robust bicomponent fitting with significantly reduced quanti-
fication errors compared to conventional multicomponent T,
or T,* analysis. Clinical applications of the UTESI technique
in musculoskeletal disease remain to be investigated in larger
studies.
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Michael Carl, Maggie Fung, Graeme M. Bydder,

and Jiang Du

Introduction

In typical clinical gradient echo (GRE) or spin echo (SE)
magnetic resonance imaging (MRI) with echo times (TEs) of
the order of several milliseconds, short-T, tissues such as the
tendons (T, ~ 2 ms), menisci (T, =~ 4-10 ms), ligaments
(T, = 4-10 ms), and cortical bone (T, = 0.5 ms) appear as
extremely low or zero signal intensity structures [1-5]. By
acquiring the free induction decay (FID) of the MR signal,
ultrashort echo time (UTE) imaging using a radial center-out
k-space trajectory can capture these short-T, signals and pro-
duce magnitude images, which are usually reconstructed
from re-gridded k-space data. In the particular case of UTE
imaging, TE is defined as the time between the end of the
radiofrequency (RF) pulse and the beginning of the readout
gradient [6]. This nominal TE can be as short as a few to tens
of milliseconds.
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Phase imaging is an important source of contrast when
studying the brain, body, and musculoskeletal systems. GRE
sequences are typically used with TEs of 10—40 ms to allow
time for appreciable phase evolution [7-9]. UTE imaging
employs much shorter TEs to detect short-T, signals, limiting
the time available to develop significant phase differences.
Still, surprisingly, high phase contrast can be achieved with
UTE sequences using TEs far shorter than those previously
used for susceptibility-weighted imaging (SWI) [7-9].

Theory

With a standard GRE sequence, TE is a well defined quan-
tity, starting at the center of the RF excitation pulse and end-
ing at the center of the data acquisition window (DAQ),
where k = 0 (see Fig. 17.1a). The phase evolution during a
GRE sequence (@) of a spin with off-resonance frequency
W,y = 27f,yis simply given by

@, =, TE (17.1)

With a nominal TE of tens of microseconds, little or no
phase evolution or phase contrast would be expected in UTE
imaging. However, with a UTE sequence (see Fig. 17.1b),
the nominal TE does not include the time available for phase
evolution during excitation and readout. The phase accrual
during the RF pulse (®gr) and data acquisition (Ppao) need
to be included. The combined phase in the final MR image,
therefore, contains contributions from all three sources [10]:

D =D + Dy, + Dy =Dpp +0,, TE+ Dy, (17.2)

The theoretical equations are derived in detail in Carl and
Jing-Tzyh [10] and Chiang et al. [11] and are summarized
for three-dimensional (3D) UTE in Table 17.1 where, using
a hard RF pulse of duration z and amplitude B,: w; = yB,,
W, = 1/col2 +wfff , G is the readout gradient strength, T}y, is
the readout gradient ramp-up duration, and L is the size of
the structure/phantom. Although quantification is not the
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Fig.17.1 Pulse sequence a GRE b UTE
diagrams: (a) GRE and (b) TE |
UTE. The defined TE is TE=12ps
shown in both cases. RF / \/ RF
(Reproduced with permission " | ° L
from Carl and Jing-Tzyh [10]) G, _/__\—/ G,
Gy, _\— Gy, _\_ .....
DAQ |_—|_ DAQ

Table 17.1 Theoretical MR image phase accrual during the RF excitation and the data acquisition portion of UTE imaging

RF (hard pulse)

DAQ

3D

o, [1-cos(o,7)]

o, =at
e aan[ w, sin(,7)

|

3n Tmm

main objective of this chapter, Table 17.1 does highlight how
an appreciable level of phase contrast can be generated in
UTE imaging, even if the nominal TE is near zero.

Experimental Verification

Experiments were conducted on a clinical 3T MRI system on
phantoms and various anatomies. Magnitude and phase
images were obtained from the same datasets. The phantom
setup was imaged in the scanner’s coronal plane and con-
tained 12 cylindrical containers approximately 10 cm in
length with 3 groups of diameters L = 0.8 cm, 1.4 cm, and
2.6 cm. The four phantoms within each size group were filled

with different chemical species (water, oil, CH;CN, and
dimethyl sulfoxide (DMSO)) to study the phase of the UTE
images in the presence of different off-resonance frequen-
cies. UTE images were obtained at different RF durations,
readout gradient strengths, and slew rates. Figure 17.2 shows
both magnitude (upper) and phase (lower) UTE images of
the phantom setup for different readout gradient strengths
and bandwidths (BWs). The typical ring-like artifact appear-
ance around the magnitude images, especially with lower
readout gradients, should be noted. Furthermore, unlike the
situation when using GRE or spin echo (SE) sequences, the
centers of the cylinders are not physically displaced with
respect to each other.
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Fig.17.2 UTE phantom
scans. Top: magnitude
images; bottom: phase
images. G = gradient strength.
(Reproduced with permission
from Carl and Jing-Tzyh [10])

G =29.4mT/m

Specimen Study

Many connective tissues, such as the menisci, ligaments, and
tendons, are rich in collagen fibers, which are highly orga-
nized and composed of fiber bundles of varying sizes.
Petersen et al. studied the fibril texture of the human knee
meniscus using electron microscopy and found three distinct
layers: a meshwork of thin fibrils, a layer of lamella-like col-
lagen fibril bundles, and central circumferential fibers [12].
The tendon has a highly ordered extracellular matrix in
which collagen molecules assemble into filamentous colla-
gen fibrils. Its multi-hierarchical structure contains collagen
molecules arranged in fibrils, which are then grouped into
fibril bundles, fascicles, and fiber bundles that are almost
parallel to the long axis of the tendon and are named primary,
secondary, and tertiary bundles, respectively [13].
Krasnosselskaia et al. investigated the dependence of FID on
fiber orientation to B, in tendon [14]. They observed an
angle-dependent multi-exponential FID decay, which they
hypothesized was due to exchange between orientationally
restricted water structured along the length of the collagen
molecule and disordered water in cavities. Measured fre-
quency and phase shifts were orientation-dependent and
were interpreted as signatures of bulk magnetic susceptibil-
ity effects due to the geometry of cavities formed by adjacent
gaps at the ends of the collagen molecules [14]. These find-
ings suggested the potential for generating phase contrast
within musculoskeletal tissue fibral structures.

G=7.3mT/m G =3.5mT/m

AR

To demonstrate UTE phase contrast in connective tissues,
a human meniscus sample was cut into a 3-mm-thick slice,
placed in a perfluorooctyl bromide (PFOB)-filled syringe,
and imaged with UTE sequences. The circumferential cross
section of the meniscus sample was oriented perpendicular
to the scanner’s B, field. Figure 17.3a shows a UTE magni-
tude image of the meniscus specimen. The corresponding
phase image is shown in Fig. 17.3b. The phase image exhib-
its higher contrast between the different fiber groups than the
magnitude image. This increased contrast can be attributed
to the inverse relationship between the size of the UTE image
phase and the object size L (see Table 17.1). Due to the mini-
mal nominal TE used in UTE imaging, this phase evolution
mainly stems from the excitation and acquisition portions of
the sequence.

UTE phase imaging was further demonstrated in periph-
eral nerve in a clinical setting. The median nerve in a cadav-
eric human arm was scanned using a two-dimensional (2D)
UTE sequence on a 3T clinical scanner. The arm specimen
was placed parallel to the B, field. A body coil was used for
signal excitation. An 1-inch loop coil was used for signal
reception. The small surface coil provided extremely high
signal-to-noise ratio (SNR) sensitivity, allowing ultrahigh
spatial resolution imaging of the peripheral nerve structure.
Figure 17.4 shows both magnitude and phase images of the
peripheral nerve in situ. The fascicular pattern, the perineu-
rium and epineurium, and the individual fascicles were
extremely well depicted. UTE phase imaging provides
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Fig. 17.3 UTE-based
magnitude (left) and phase
(right) images of a cadaveric
human meniscus specimen.
The internal fibers in the
meniscus sample exhibit
strong phase contrast.
(Reproduced with permission
from Carl and Jing-Tzyh [10])

Magnitude

Fig.17.4 UTE-based
magnitude (a) and phase (b)
images of a cadaveric human
forearm specimen. UTE phase
imaging provides higher
contrast than magnitude
imaging for the peripheral
nerve, especially for the
perineurium of individual
fascicles (arrow)

Magnitude

higher contrast for the perineurium than UTE magnitude
imaging.

Biological tissues frequently contain multiple water
components [15-17]. For example, cortical bone contains
multiple water components, including pore water, which
resides in the macroscopic pores of the Haversian and the
lacunocanalicular systems, and bound water, which is
loosely bound to the organic matrix [15]. While pore water
and bound water both have extremely short T,*s (e.g.,
~2 ms for pore water and ~0.3 ms for bound water at 3 T)
[17], pore water has higher mobility and, therefore, a lon-
ger T,* than bound water. Adiabatic inversion pulses can be
employed to partially invert and null the longitudinal mag-
netization of pore water [18]. During the inversion pulse,
the longitudinal magnetization of bound water is largely
saturated due to its extremely short T,*, which is much
shorter than the duration of the adiabatic inversion pulse.
Pore water nulling is important for accurately mapping

=50

' 140

30

20

bound water content, which correlates with cortical bone’s
organic matrix density. The degree of pore water inversion
and nulling is determined by the inversion time (TI). The
pore water magnetization is negative for a TI shorter than
the nulling point and positive for a TI longer than the null-
ing point. A phase transition (~x) is expected before and
after the nulling point [19]. Figure 17.5 shows the magni-
tude and phase images from IR-UTE imaging of a cadav-
eric human bone sample using a repetition time (TR) of
300 ms and a short TT of 20 ms. A positive phase was
observed with TEs less than 0.4 ms (i.e., ¢p = 0.27 for a TE
of 8 pus and ¢ = 0.74 for a TE of 0.4 ms) and a negative
phase was observed with longer TEs in the range of 0.8—
1.6 ms (i.e., ¢ = —2.47 for a TE of 0.6 ms and ¢ = —2.03 for
a TE of 1.4 ms) [19]. The net IR-UTE signal is initially
dominated by the positive bound water magnetization and
by the negative pore water magnetization at longer TEs
(Fig. 17.5a).
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Fig. 17.5 Normalized magnitude signal decay for IR-UTE imaging of
a human bone sample with a TR of 300 ms, a TI of 20 ms, and TEs
ranging from 8 ps to 5 ms (a) and selected magnitude and phase images
with a TE of 8 ps (b and f), 0.4 ms (c and g), 0.6 ms (d and h), and
1.4 ms (e and i). Schematic longitudinal magnetizations of bound water
(BM) and free (pore) water (FW) at different TEs are shown in panel
(a), where the positive signal from bound water dominates the IR-UTE
signal at TEs < 0.6 ms. This signal decays quickly, and the negative

UTE Phase Imaging of the Lungs

Other applications of UTE phase imaging in the lungs and
the knee joints were demonstrated by Lu et al. [20]. In their
work, 3D UTE-based magnitude and phase images were
combined in composite images (see Fig. 17.6), which aided
simultaneous visualization of magnitude and phase informa-
tion. For lung imaging, a total of 38,400 radial lines of
k-space data were acquired with respiratory gating in a total
scan time of about 7.5 min. Volumetric lung images were
generated using gridding followed by complex Fourier trans-
formation. A 3D low-pass filter was applied to the k-space
data to reconstruct a set of low-resolution complex images.
The final phase information was derived from the full resolu-
tion images multiplied by the conjugates of the low-resolu-
tion images. The magnitude images (Fig. 17.6a) depict lung
parenchyma, large fissures, and vessels nicely, owing to the
ultrashort TE used with the 3D UTE sequence. The phase
images (Fig. 17.6b) show highly different contrasts, espe-

signal from pore water slowly dominates the IR-UTE signal at longer
TEs. The IR-UTE bone signals were of opposite phase before and after
a TE of 0.5 ms (i.e., ¢ = 0.27 for a TE of 8 ps and ¢ = 0.74 for a TE of
0.4 ms, whereas ¢ = —2.47 for a TE of 0.6 ms and ¢ = —2.03 for a TE
of 1.4 ms), consistent with a transition from positive to negative net
magnetization at a TE of ~0.5 ms, the null point. (Reproduced with
permission from Li et al. [19])

cially for lung parenchyma, and provide complementary
information to the magnitude images. The vessel walls are
depicted with excellent contrast, especially in the axial phase
images, where blood signals appear dark, whereas the vessel
wall signals appear light. The airways are also depicted with
positive contrast likely due to the presence of tissues such as
the hyaline cartilage. Large fissures are visible with negative
contrast on the phase images (arrows in Fig. 17.6).

Furthermore, the corresponding UTE magnitude and
phase images can be used as inputs to different color chan-
nels (e.g., magnitude image in cyan, phase image in magenta)
to create composite color images. The dynamic range and
contrast for each individual channel can be independently
adjusted to achieve the desired composite image contrast.
The composite UTE images provide easy visualization of the
information contained within the magnitude and phase
images (Fig. 17.6c), thereby adding important additional
contrast and potentially widening the application of UTE
MR phase information in a clinical setting.
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Fig.17.6 3D images of UTE lungs: (a) magnitude, (b) phase, and (¢) composite. (Images courtesy of Aiming Lu, Department of Radiology, Mayo

Clinic, Rochester, Minnesota, USA)

UTE Phase Imaging in the Brain

Phase imaging of the brain is of considerable interest as it
can provide greater contrast than magnitude images [21-
23]. Almost all the studies to date have employed long TEs
(of ~40 ms or longer) to create enough contrast between
white and gray matter. The signal and contrast are mainly
due to mobile water protons. The majority of myelin com-
ponents have ultrashort T,s and can only be visualized using
UTE- and zero echo time (ZTE)-type techniques. The ultra-
short-T, myelin components have much broader spectral
absorption line shapes than the long-T, water components.
They can be selectively affected by appropriately placed
off-resonance radiofrequency (RF) irradiation. A high-
power saturation RF pulse placed a few kilohertz away from
the water peak can preferentially saturate signals from the
short-T, components, leaving the long-T, water components
largely unaffected. Off-resonance RF saturation can be used
to create phase contrast for the short-T, myelin components.
Recently, Wei et al. have reported the use of an off-reso-
nance saturated 3D UTE sequence to enhance phase con-
trast in the brain (Fig. 17.7) [23]. In conventional MRI, the
short-T, myelin components contribute minimally to phase
contrast. Regular UTE images also do not show much phase
contrast between gray and white matter. However, UTE
imaging combined with off-resonance RF saturation can
provide high phase contrast in the brain even at a nominal

TE of 106 ps [23]. UTE with off-resonance RF saturation
provides reversed phase contrast between the gray and white
matter. The magnitude and phase UTE images of the satu-
rated components can be calculated using complex subtrac-
tion, providing a positive phase shift for the saturated signal
component of the combined gray matter and cerebrospinal
fluid (CSF), and a negative phase shift for the white matter.
CSF has a similar positive phase shift in both UTE and GRE
phase images, but white matter shows the opposite sign.
UTE-based MRI phase images may improve the character-
ization of tissue microstructure in the brain by accessing
short-T, myelin components, thereby providing a better way
to demonstrate phase contrast [23].

Phase imaging can also be combined with other contrast
mechanisms, such as adiabatic inversion recovery UTE
(IR-UTE), for direct imaging of myelin in the brain [24-28].
Mpyelin has a much lower signal than long-T, water compo-
nents in the white and gray matter of the brain. Efficient
long-T, signal suppression is of critical importance in creat-
ing myelin contrast. Prior studies have demonstrated that the
IR-UTE sequence allows selective myelin imaging on a clin-
ical whole-body scanner [24, 26-28]. He et al. showed that
high phase contrast could be generated from the rapidly
decaying signal of the macromolecular components of
myelin after the suppression of long-T, white matter compo-
nents (Fig. 17.8) [29]. These methods can be readily trans-
lated for in vivo imaging. They concluded that the majority
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Fig. 17.7 Off-resonance saturated 3D UTE magnitude (a) and phase indicating higher ultrashort-T, components (a). The corresponding
(b) imaging in the brain of a healthy volunteer with a TE of 0.106 ms  phase images demonstrate negative phase shifts in the white matter and
and a saturation frequency of —1.2 kHz. Three representative axial — positive phase shifts in CSF (b). (Reproduced with permission from
magnitude images show high signal intensity in the white matter, Wei et al. [23])
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Fig.17.8 IR-UTE brain
imaging at a TE of 8 ps (a)
and 4.4 ms (b). Echo
subtraction provides high
contrast for myelin (c).
Adaptive phase reconstruction
of the phased array data
shows high myelin phase
contrast (d). (Reproduced
with permission from He
et al. [29])

of myelin components demonstrate short-T, relaxation times
and can be best visualized using UTE techniques. IR-UTE
phase imaging may also improve the diagnosis and therapeu-
tic monitoring of diseases that specifically target myelin
(such as multiple sclerosis).

UTE Phase Imaging in the Vasculature

Kadbi et al. have used four-dimensional (4D) UTE phase
imaging (with stack-of-stars) to study stenotic flow [30].
With conventional phase contrast (PC) imaging techniques,
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high velocities often lead to intravoxel dephasing and inac-
curate flow quantification. Shortening TE using UTE
sequences has a crucial impact on decreasing these effects.
In their work, they used a rigid phantom model of vascular
occlusion (Fig. 17.9). Their results show a good correlation
between conventional and UTE sequences for measured flow
at low and medium flow rates. However, at high flow rates of
more than 250 mL/s, the UTE sequence resulted in more
accurate flow quantification than the conventional sequences.
In addition, they found that undersampling the number of
UTE spokes by 50% still resulted in an acceptable trade-off
between accuracy and scan time.
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Magnitude Phase Velocity contour  Magnitude

Fig. 17.9 (a) Velocity
contours from conventional
4D flow MRI, showing
intravoxel dephasing and
signal loss. (b) 4D UTE flow
MRI, showing reduced
dephasing and signal loss.
(Reproduced with permission
from Kadbi et al. [30])

Phase Velocity contour

Conclusions 5. Ma Y, Jang H, Jerban S, Chang EY, Chung CB, Bydder GM,
et al. Making the invisible visible-ultrashort echo time magnetic
resonance imaging: technical developments and applications. Appl

UTE phase imaging can provide high contrast visualization Phys Rev. 2022;9(4):041303.

of short-T, tissues despite its ultrashort TE. These phase 6. Rahmer J, Bornert P, Groen J, Bos C. Three-dimensional radial
images can exhibit higher contrast for fiber structures than ultrashort echo-time imaging with T, adapted sampling. Magn
magnitude images, and highlight susceptibility differences Reson Med. 2006;55(5):1075-82.

. ’ . . 7. Haacke EM, Xu Y, Cheng YC, Reichenbach JR. Susceptibility
between different tissue groups. Phase evolution with UTE weighted imaging (SWI). Magn Reson Med. 2004;52(3):612-8.
imaging mainly occurs during RF excitation and data acqui- 8. Rauscher A, Sedlacik J, Barth M, Mentzel HJ, Reichenbach
sition. The theoretical model shown in Table 17.1 was JR. Magnetic susceptibility-weighted MR phase imaging of the
derived using an isolated object with simple geometry; there human brain. AINR Am J Neuroradiol. 2005;26(4):736-42.

- . . ’ 9. Reichenbach JR, Venkatesan R, Yablonskiy DA, Thompson MR,
equations are only approximations of more complex struc- Lai S, Haacke EM. Theory and application of static field inhomo-
tures. Other applications outside of the musculoskeletal sys- geneity effects in gradient-echo imaging. ] Magn Reson Imaging.
tem have also been explored, such as lung and myelin 1997:7(2):266-79. o o i
imaging, as well as improved accuracy of phase measure- 10. Carl M, Jlng—szh AC. Investlgatlops of the origin of phase @ffer—

K ences seen with ultrashort TE imaging of short T, meniscal tissue.
ment in high velocity flow quantification. Magn Reson Med. 2012:67(4):991-1003.

11. Chiang JT, Carl M, Bydder M, Du J, Mattrey RF, Bydder GM. Phase
accrual during excitation in ultrashort TE (UTE) imaging: an alter-
nate definition of TE for phase measurements. Proc Intl Soc Mag

References Reson Med. 2009:4546.
12. Petersen W, Tillmann B. Collagenous fibril texture of the human
1. Robson MD, Gatehouse PD, Bydder M, Bydder GM. Magnetic res- knee joint meniscus. Anat Embryol. 1998;197(4):317-24.
onance: an introduction to ultrashort TE (UTE) imaging. J Comput {3, Franchi M, Trire A, Quaranta M, Orsini E, Ottani V. Collagen struc-
Assist Tomogr. 2003;27(6):825-46. ture of tendon relates to function. Sci World J. 2007;7:404-20.
2. Bergin CJ, Pauly JM, Macovski A. Lung parenchyma: projection 14, Krasnosselskaia LV, Fullerton GD, Dodd SJ, Cameron IL. Water
reconstruction MR imaging. Radiology. 1991;179(3):777-81. in tendon: orientational analysis of the free induction decay. Magn
3. Gold GE, Pauly JM, Macovski A, Herfkens RJ. MR spectroscopic Reson Med. 2005;54(2):280-8.
imaging of collagen: tendons and knee menisci. Magn Reson Med. 15 Nyman JS, Ni Q, Nicolella DP, Wang X. Measurements of mobile
1995;34(5):647-54. and bound water by nuclear magnetic resonance correlate with
4. Gatehouse PD, Bydder GM. Magnetic resonance imaging of short mechanical properties of bone. Bone. 2008;42(1):193-9.

T, components in tissue. Clin Radiol. 2003;58(1):1-19.



224

M. Carl et al.

16.

17.

18.

19.

20.

21.

22.

23.

Reiter DA, Lin PC, Fishbein KW, Spencer RG. Multicomponent
T, relaxation analysis in cartilage. Magn Reson Med.
2009;61(4):803-9.

Biswas R, Bae W, Diaz E, et al. Ultrashort echo time (UTE) imag-
ing with bi-component analysis: bound and free water evalua-
tion of bovine cortical bone subject to sequential drying. Bone.
2012;50(3):749-55.

Afsahi AM, Ma Y, Jang H, Jerban S, Chung C, Chang EY, Du
J. Ultrashort echo time (UTE) MRI techniques: met and unmet
needs in musculoskeletal imaging. J Magn Reson Imaging.
2022;55(6):1597-612.

Li S, Ma L, Chang EY, Shao H, Chen J, Chung CB, Bydder GM,
Du J. Effects of inversion time on inversion recovery prepared ultra-
short echo time (IR-UTE) imaging of free and bound water in corti-
cal bone. NMR Biomed. 2015:28(1):70-8.

Lu A, Miyazaki M, Cheng O, Zhou X. Fusion of magnitude and
phase images and its applications in ultra-short TE MR imaging.
Proc Intl Soc Mag Reson Med. 2014:4233.

Duyn JH, van Gelderen P, Li TQ, de Zwart JA, Koretsky AP,
Fukunaga M. High-field MRI of brain cortical substructure based
on signal phase. Proc Natl Acad Sci U S A. 2007;104:11796-801.
Lee J, Hirano Y, Fukunaga M, Silva AC, Duyn JH. On the contribu-
tion of deoxy-hemoglobin to MRI gray-white matter phase contrast
at high field. Neuroimage. 2010;49(1):193-8.

Wei H, Cao P, Bischof A, Henry RG, Larson PEZ, Liu C. MRI
gradient-echo phase contrast of the brain at ultra-short TE with off-
resonance saturation. Neuroimage. 2018;175:1-11.

24.

25.

26.

217.

28.

29.

30.

Waldman A, Rees JH, Brock CS, Robson MD, Gatehouse PD,
Bydder GM. MRI of the brain with ultra-short echo time pulse
sequences. Neuroradiology. 2003;45(12):887-92.

Wilhelm MJ, Ong HH, Wehrli SL, Li C, Tsai PH, Hackney DB,
Wehrli FW. Direct magnetic resonance detection of myelin and
prospects for quantitative imaging of myelin density. Proc Natl
Acad Sci U S A. 2012;109(24):9605-10.

Du J, Ma G, Li S, Carl M, Szeverenyi N, VandenBerg S, Corey-
Bloom J, Bydder GM. Ultrashort TE echo time (UTE) magnetic
resonance imaging of the short T, components in white matter of
the brain using a clinical 3T scanner. Neuroimage. 2013;87:32—41.
Du J, Sheth V, He Q, Carl M, Chen J, Corey-Bloom J, Bydder GM,
Du J. Measurement of T, of the ultrashort T,* components in white
matter of the brain at 3T. PLoS One. 2014;9(8):e103296.

Sheth V, Shao H, Chen J, VandenBerg S, Corey-Bloom J, Bydder
GM, Du J. Magnetic resonance imaging of myelin using ultra-
short echo time (UTE) pulse sequence: phantom, specimen,
volunteers and multiple sclerosis patient studies. Neuroimage.
2016;136:37-44.

He Q, Ma Y, Fan S, Shao H, Sheth V, Bydder GM, Du J. Direct
magnitude and phase imaging of myelin using ultrashort echo time
(UTE) pulse sequences: a feasibility study. Magn Reson Imaging.
2017;39:194-9.

Kadbi M, Negahdar M, Cha JW, Traughber M, Martin P, Stoddard
MF, Amini AA. 4D UTE flow: a phase-contrast MRI technique for
assessment and visualization of stenotic flows. Magn Reson Med.
2015;73(3):939-50.



®

Check for
updates

Chemical Shift Artifacts Produced
by Center-out Radial Sampling:

18

A Potential Pitfall in Clinical Diagnosis

Mark Bydder

Introduction

With Cartesian sampling of the k-space, chemical shift arti-
facts between water and fat manifest as a displacement of fat
in the image relative to water [1]. Since the magnitude and
polarity of the gradient used for frequency encoding are
identical for all phase encoding lines, the chemical shift arti-
facts appear as a constant pixel shift of fat in the frequency
encoding direction.

However, with radial and other types of non-Cartesian
sampling of the k-space, where the frequency encoding
gradient changes in sign, direction, and/or magnitude, the
appearance of chemical shift artifacts between fat and
water is less well known. This can be a potential problem
since non-Cartesian techniques are being used more often
in clinical practice and the artifacts that arise from them
are unfamiliar to radiologists and may be mistaken for
pathology [2].

Ultrashort echo time (UTE) imaging is one example of
non-Cartesian imaging used in musculoskeletal, lung, and
neurological imaging [3, 4], which employs center-out radial
sampling of the k-space (Fig. 18.1a).

A concept that is useful in imaging systems for illustrat-
ing imperfections in the encoding and/or reconstruction is
the point spread function (PSF). Essentially, the PSF is the
image that would be obtained by encoding and reconstruct-
ing an infinitely narrow point object. Ideally, the result
should be a single bright pixel in the image; however, practi-
cal limitations mean that the image and the object always
differ. Typically, the finite resolution of the measuring appa-
ratus causes the infinitely narrow point to have a finite width
in the image (i.e., the point is spread out). The width is a
property of the measurement process.

M. Bydder (B<)

Department of Radiological Sciences, David Geffen School of
Medicine, University of California Los Angeles,

Los Angeles, CA, USA

© The Author(s), under exclusive license to Springer Nature Switzerland AG 2023

PSFs can be measured empirically or calculated numeri-
cally based on a model of the measurement system. Blurring
can result not only from finite sampling since the resolution
is obviously dependent on practical choices such as the
matrix size and field of view but also from inherent proper-
ties of the object, including its T,. As shown in Rahmer et al.
[6], the rapid loss of signal from short-T, species means that
there is only a short window of time available to spatially
encode the object, and this broadens the PSF in a manner
dependent on T, (also known as T, blurring).

In addition to blurring, other artifacts such as chemical
shift and aliasing may be characterized in terms of the
PSF. Of primary interest in this chapter is chemical shift arti-
fact. With Cartesian sampling, the PSF is a displacement of
the point from its true location, which is consistent with its
well known appearance on clinical images. In the case of
center-out radial sampling, PSFs are shown in Fig. 18.1b and
¢ for the case of on-resonance and off-resonance points,
respectively. These illustrate the effect of finite resolution
(Fig. 18.1b) and the effect of the chemical shift (Fig. 18.1c).

A chemical shift effect with radial sampling of k-space is
sometimes described as blurring or producing a horseshoe
artifact, but this does not fully capture the range of artifacts
that may be seen with this type of sampling. Although it is
known that the off-resonance effect in center-out radial sam-
pling of the k-space creates a ring-shaped PSF (Fig. 18.1c)
[7, 8], there is a practical need to show how this manifests in
clinical images.

UTE imaging is used to obtain signals from short-
(1-10 ms) and ultrashort-T), tissues (0.1—-1 ms) such as corti-
cal bone, periosteum, entheses, the calcified and deep radial
layers of the articular cartilage, and the cartilaginous end-
plates (CEPs) of intervertebral discs. Chemical shift artifacts
arising from fat may be displaced into regions that have zero
signal and be mistaken for real tissues, since it may not be
obvious whether this signal has a normal appearance or is an
artifact. Many short- and ultrashort-T), tissues are adjacent to
fat, so image interpretation at these boundaries may be par-
ticularly problematic.
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x (pixels) 10

Fig. 18.1 A schematic of (a) center-out radial sampling of k-space.
The gradient directions are indicated by arrows. (b) The point spread
function (PSF) for this sampling with on-resonance spins (water). (c¢)
The PSF for the same acquisition with the addition of off-resonance
effects due to a chemical shift (fat). Panel (b) shows a sharp central

The purpose of this chapter is to unequivocally demon-
strate chemical shift artifacts in radial center-out sampling of
the k-space in phantoms, show their appearance in normal
human images, and describe their potential for misdiagnosis.

Phantom Studies

Two phantoms were constructed using vegetable oil (to sim-
ulate in vivo triglyceride) and water doped with gadopen-
tetate dimeglumine (MultiHance, Bracco Diagnostics, NJ,
USA). The first phantom was made with a syringe containing
oil placed inside a water-filled beaker to illustrate a “point”
source of signal. The second phantom was made using three
beakers of different sizes in a “Russian-doll” arrangement,
with a large beaker containing a medium-sized beaker con-
taining a small beaker. The largest and smallest beakers con-
tained water, and the medium-sized beaker contained
vegetable oil. The purpose of this phantom was to show arti-
facts arising from structures with a thin layer of fat sur-
rounded by a water-containing tissue on either side.

Figure 18.2 shows the results from the first phantom con-
taining oil centrally within a syringe. This reveals a radially

y (pixels) X (pixels) 10

y (pixels)

peak surrounded by circular rings (Gibbs ringing). Panel (¢) shows no
central peak but complete displacement of the signal away from the
center and formation of a ring shape. (Reproduced with permission
from Bydder et al. [5])

symmetric signal from the off-resonance oil, which is mid-
gray in Fig. 18.2a. It is surrounded by a dark ring where the
syringe material produces no detectable signal. As the band-
width is decreased (Fig. 18.2b—d), a less central, mid-gray
signal is seen, and the water surrounding it increases in sig-
nal as the signal from the oil is progressively displaced out-
ward into it. At 4 kHz (Fig. 18.2e), no signal remains from
the oil in the syringe at its correct location.

Figure 18.3 shows the results from the second phantom,
which had an oil annulus surrounded by water in the two
beakers internal and external to it. In Fig. 18.3a, there is a
central ring of signal from the oil, which appears mid-gray. It
is surrounded by narrow inner and outer dark rings from the
material of the beakers. As the bandwidth decreases in
Fig. 18.3b—e, the central mid-gray ring becomes thinner and
less obvious until it is no longer seen in Fig. 18.3e. There is
an increase in signal in the surrounding internal and external
water, which becomes more extensive from Fig. 18.3b—e.
There are slight asymmetries to the artifact, which are most
evident at the lowest bandwidth, which reflect the
susceptibility-induced off-resonance effects at the interfaces
between the oil and water layers.
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Fig.18.2 An oil sample in a syringe surrounded by water imaged at different bandwidths: (a) 62.5, (b) 31, (¢) 15, (d) 8, and (e) 4 kHz. (Reproduced

with permission from Bydder et al. [5])

Fig. 18.3 An oil annulus situated between the outer and inner beakers, which contain water, imaged at bandwidths: (a) 62.5, (b) 31, (¢) 15, (d) 8,

and (e) 4 kHz. (Reproduced with permission from Bydder et al. [5])

Human Volunteer Studies

A human volunteer (male, age: 65 years) was scanned using
the same imaging sequence and range of bandwidths as for
the phantoms. Representative examples of images of the
head, pelvis, and spine are shown.

Figure 18.4a shows a transverse image of the brain of the
65-year-old volunteer using a 62.5-kHz bandwidth, and
Fig. 18.4b is the same slice imaged at a 4-kHz bandwidth.
The latter figure shows the brain with areas of increased sig-
nal adjacent to it inside the skull. These areas (arrows) simu-
late the appearance of subdural hematomas. In addition, in
Fig. 18.4b, an increased number of layers is seen in the sur-
rounding scalp. The signal from fat in the red bone marrow
(approximately 50%) between the inner and outer tables of
the skull is centrally displaced inside the skull around the
brain and peripherally outside the skull into the scalp. Unlike
Cartesian chemical shift artifacts, which are seen in one
direction only and have a single displacement polarity, radial
center-out artifacts are seen in different directions and have
two displacement polarities (i.e., both central and peripheral
displacements of the signal).

Figure 18.5a shows a transverse image of the pelvis of the
volunteer at 62.5 kHz. Figure 18.5b shows the same slice at a
4-kHz bandwidth. In this image, additional high signal is seen
between the urine in the bladder and the surrounding pelvic
tissues (arrows), giving the appearance of bladder wall thick-
ening. This simulates a bladder tumor. The artifacts are seen in
different directions and result from central displacement of the
signal from more peripheral perivesical fat.

Figure 18.6a is a sagittal image of the lumbar spine of
the volunteer obtained with a bandwidth of 62.5 kHz.
Figure 18.6b is the same slice imaged with a bandwidth of
4 kHz. In the latter image, a high signal is seen at the upper
and lower margins of the intervertebral discs (arrows)
between the vertebral bodies. The appearances simulate
those of CEPs seen with UTE subtraction imaging. The
CEP has a zero signal with conventional long-TE imaging
but shows a low signal with UTE imaging. When a short TE
zero signal image is subtracted from the low signal UTE
image, a relatively higher signal is seen in the CEPs. This
genuine finding is simulated by the chemical shift artifacts
shown in Fig. 18.6b. Unlike Cartesian chemical shift arti-
facts using sagittal frequency encoding, in which increased
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Fig. 18.4 (a) A transverse image of the brain of a 65-year-old volunteer using a bandwidth of 62.5 kHz. (b) The same slice imaged at a 4-kHz

bandwidth. (Reproduced with permission from Bydder et al. [5])

Fig. 18.5 (a) A transverse image of the pelvis using a bandwidth of 62.5 kHz. (b) The same slice at a 4-kHz bandwidth. (Reproduced with permis-

sion from Bydder et al. [5])

signal is only seen in the region of one CEP, with radial
center-out sampling, increased signal is seen in the regions
of both the upper and lower CEPs of the intervertebral
discs.

In addition to the in-plane chemical shift shown thus far,
the two-dimensional (2D) UTE sequence is vulnerable to
through-slice off-resonance effects owing to the use of half
pulses, which employ opposite polarity slice-selective gradi-
ents [9]. The degree of off-resonance required to produce a
visible artifact is rather large, since the amplitude of the

slice-selective gradient is typically high compared to that of
the readout gradient and is not manipulable by end users.
Moreover, the artifacts do not mimic pathology in a poten-
tially dangerous way like the in-plane artifacts shown in
Figs. 18.4, 18.5, and 18.6. An example of off-resonance
through-slice artifact is shown in Fig. 18, which compares a
full RF pulse excitation (Fig. 18.7a) to the sum of two half
pulses (Fig. 18.7b). These were acquired with a perturbation
of 2 kHz to the scanner frequency. The image in panel (b) is
significantly degraded.
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Fig. 18.6 Images of the lumbar spine of the volunteer. (a) A sagittal

image obtained with a bandwidth of 62.5 kHz. (b) The same slice
imaged with a bandwidth of 4 kHz. High signal artifacts are seen in the

Fig. 18.7 A sagittal image of
the brain acquired with a

2 kHz perturbation of the
frequency using (a) full RF
pulse excitation and (b) two
half-pulse excitations.
Artifacts are seen in panel (b).
The artifacts degrade the
image in a way that is
unlikely to be mistaken for
anatomy. It should be noted
that this level of off-resonance
was introduced for
demonstration purposes and is
unlikely to be seen in a
scanner that is correctly
operated

Conclusions

This chapter aims to develop an understanding of chemical
shift artifacts seen with center-out radial UTE imaging and
to demonstrate that these artifacts can simulate normal
structures and disease. Chemical shift between water and
fat may result in partial or complete loss of signal from its
original location and increases in the central and periph-
eral signal around the original site of the fatty tissue. This

region of the CEPs (yellow arrows). (Reproduced with permission from
Bydder et al. [5])

can produce a reduction in the apparent size of the fatty
tissue and additional signals that can extend beyond the
original fatty tissue in different directions. At a low band-
width, the artifact can take the form of discrete, well-
defined signals displaced away from the original site of the
fat, and these may mimic normal anatomy and/or disease.
As with Cartesian scanning, the artifacts become more
pronounced at low receiver bandwidths and high field
strengths.
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Paul Condron, Samantha J. Holdsworth,
Graeme M. Bydder, and Daniel M. Cornfeld

Introduction

The most important advantage of magnetic resonance imag-
ing (MRI) over X-ray computed tomography (CT) is its
higher soft tissue contrast. This was first demonstrated in
1981 in 10 cases of multiple sclerosis (MS) in which 19
lesions were seen with CT and 112 lesions were seen with
MRI [1]. This was a major clinical advance in an important
disease of the central nervous system (CNS), where imaging
previously had little to contribute. The lesion contrast was
produced by an increase in T, in abnormal areas in the white
matter of the brain and by the use of a highly T)-sensitive
inversion recovery (IR) pulse sequence.

In the following year, high soft tissue contrast was also
demonstrated as a consequence of increased T, in lesions,
and the use of long echo time (TE) spin echo (SE) pulse
sequences. This was not only in MS but in many other dis-
eases of the brain as well [2, 3].

The most common change in disease seen with MRI is
concurrent increases in T, and T, relative to normal. With
SE sequences, an increase in T, leads to negative contrast
(i.e., a lower signal in the lesion relative to normal) and an
increase in T, leads to positive contrast (i.e., a higher signal
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in the lesion). These two effects can can cancel each other
out, leading to little or no lesion contrast. To avoid this prob-
lem, SE sequences are usually designed to maximize T,
contrast and minimize opposed T, contrast (repetition time,
TR about the T, of the lesion and a short TE) or to maximize
T, contrast and minimize opposed T; contrast (long TR and
TE about the T, of the lesion). This gives two principal types
of SE images, i.e., T;-weighted and T,-weighted, with the
names describing the single tissue property (TP), i.e., either
T, or T,, that is the dominant source of contrast.

There are difficulties with just designating a single TP as
a source of contrast because a single image can be T;-
weighted for one tissue and T,-weighted for another tissue
shown in the same image, and this can lead to incorrect
image interpretation. In 1986, this problem led to the
American College of Radiology (ACR) Subcommittee on
Nomenclature and Phantoms refusing to list the terms “T)-
weighted” and “T,-weighted” in their Glossary of Terms and
recommending that the terms be abandoned [4]. However,
the ACR subcommittee did not provide an alternative, and
the terms “T,-weighted” and “T,-weighted” have continued
to be used in clinical practice to the present day.

The difficulties with the concept of weighting have been
compounded by the use of additional TPs such as diffusion
and susceptibility as well as newer pulse sequences, includ-
ing the pulsed gradient spin echo (PGSE) sequence and the
T,-fluid-attenuated inversion recovery (T,-FLAIR) sequence.

This has led to a new approach to understanding contrast
that accommodates contrast arising from more than one TP,
provides a basis for understanding more complex sequences,
and facilitates using TPs synergistically to improve lesion
contrast [5-8]. The approach uses the Bloch and Torrey
equations with mathematical definitions of contrast and
weighting as well as differential calculus to link changes in
TPs to changes in signal (or contrast) and forms the subject
of this chapter.
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Normal Tissue Properties (TPs), Changes
of TPs in Disease, and the Effects of Contrast
Agents

There are 20 or more TPs that affect MR images, and a criti-
cal part of MRI is relating differences or changes in TPs in
disease to contrast seen on MR images. This is described as
the central contrast problem in MRI. It requires a knowledge
of pulse sequences and their pulse sequence parameters to
link differences or changes in TPs to differences or changes
in signal, i.e., contrast (Table 19.1).

It is useful to display the full extent of the values of TPs
encountered in clinical practice along X-axes. Differences
or changes in a TP can then be represented as horizontal
green arrows (Fig. 19.1). Subsequent understanding of
image signal and contrast includes all tissues and fluids
visualized in the images. The TP X-axis can be either linear

or logarithmic. The domain can be chosen to include par-
ticular tissues and fluids of clinical interest when, for exam-
ple, with susceptibility, the values for metal are far outside
those of the tissues. (In the subsequent text, the term “tis-
sues” is assumed to include fluids unless otherwise stated.)

In many diseases (e.g., inflammation, demyelination,
tumors, etc.) T, and T, are increased, but, in other conditions,
including, for example, hemorrhage and iron deposition, T,
T,, and T, are often decreased. Diffusion is frequently
decreased in acute diseases of the brain (infarction, infec-
tion) and in some tumors but is increased in other tumors and
many chronic diseases.

Gadolinium-based contrast agents (GBCAs) can decrease
the T, T,, and T," of tissues and can thus create image con-
trast when appropriate sequences are used. However, the
decrease in T, T,, and T," is opposite to the increase in T,

ATP
Table 19.1 The central contrast problem. Tissue properties (TPs) and their differences or changes (ATP, Ty ); pulse sequences and their pulse

sequence parameters; signal (S) and phase (0), signal contrast (absolute contrast C,, = AS, fractional contrast C;, = ? ), and phase contrast

(AB = absolute phase contrast). The central contrast problem is to relate differences or changes in TPs (left column) to differences or changes in
signal and phase, i.e. contrast (right column) through knowledge of the pulse sequences and their pulse sequence parameters (central column).
Conventionally, this is performed using the concept of qualitative weighting and designates a sequence by the single TP considered to be most
responsible for the contrast. Frequently, more than one TP is responsible for contrast between the different tissues imaged, and pulse sequences
have different sensitivities to different TPs. This complexity leads to inconsistencies when using qualitative weighting with a single TP to interpret

MR images
Tissue properties (TPs) Pulse sequences and their pulse sequence parameters Signal (S), phase (0)
aTp ATP Co=ASC, = A8
TP S
AO
Ap Spin echo (SE) (TR, TE, etc.) AS
Ap, — Inversion recovery (IR) (TR, TI, TE, etc.) Cap=AS Gy = ?
P 1 i
Pulsed gradient spin echo (PGSE) (TR, TE, b, etc.) A0 = absolute phase contrast
AT, AT
Tl
AT, AT
TZ
AD* AD
D
Ay susceptibility Spoiled gradient echo (SGE)
A8 chemical shift (TR, TE, a etc.)
T Balanced steady-state free precession (TR, TE, «, etc.)
A2
AL
T T
Tl
AUltrashortT, Ultrashort TE (UTE)

A ultrashort T, (TR, TE, «a, etc.)

TZ

A flow, Av PGSE (TR, TE, §, A, etc.)

A GBCA concentration ¢, Ac SE, IR, SGE, UTE, etc.
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Fig. 19.1 Normal tissue properties (TPs) of p,, T}, T,, and D ordered from zero to their maximum values along the X-axis using a linear X scale.
Differences or changes in TPs are shown as green arrows along the horizontal X-axis

T,, and T," produced by a disease, and there is a risk that the
two opposite effects may cancel each other out.

The signs and magnitudes of the changes in TPs as shown
in Fig. 19.1 are also important for synergistic contrast MRI
(scMRI). If concurrent changes in different TPs are present
(which is usually the case), then there is an opportunity to
use appropriate sequences and image processing to make
each of the changes in TP synergistically contribute to the
overall contrast of the images, irrespective of the sign of
those changes.

Fluid properties are important in imaging the brain, for
example, and often establish the upper or lower points of the
image display dynamic range. Partial volume effects between
extremely long T; and T, cerebrospinal fluid (CSF) and nor-
mal tissues may simulate increases in T; and T, in the tissue
and thus in lesions. For this reason, it is often useful to selec-
tively reduce CSF signals when heavily T,-weighted
sequences are used. This can be performed with techniques
such as CSF nulling (T,-FLAIR sequence). Ideally, these
techniques should not reduce contrast between the tissues of
primary clinical interest.

The Central Contrast Problem

The central contrast problem in clinical MRI is to relate dif-
ferences or changes in TPs such as Ap,,, AT}, and AT, (or

A AT
fractional changes in these TPs, such as 2P , —~,and
pm 1

AT

—2, respectively) (Table 19.1, left column) to differences
2

or changes in the signal S, i.e., contrast C,, = AS (or fractional

contrast C, = %) as well as phase 0 and differences in

phase (A0) (Table 19.1, right column). This is performed via
knowledge of the relevant pulse sequences and their pulse
sequence parameters (Table 19.1, central column). Although
the Bloch equations describing MRI relate TPs to S, the pri-
mary interest in clinical practice is actually to relate differ-
ences or changes in TPs to differences or changes in S (i.e.,
contrast).

The conventional way of doing this is to use qualitative
weighting. This designates a single TP as the one believed to
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Normal Brain

Abnormal Achilles Tendon

Fig. 19.2 A normal brain showing white and gray matter (a), and
Achilles tendon showing normal and abnormal (white arrow) areas (b)
examined with the same T,-weighted SE (T,-wSE) sequence. The
sequence is T,-weighted for white and gray matter in panel (a) where
the increase in T, from normal white matter (white color) to normal
gray matter (gray color) results in negative contrast. However, the same
“T;-wSE” sequence is T,-weighted for the Achilles tendon in panel (b).
The increase in T, from normal (black, low signal) to abnormal tissues

be most responsible for the contrast of interest and describes
sequences and images accordingly as, for example, “T;-
weighted”, “T,-weighted,” and “diffusion-weighted.”
However, contrast is often dependent on differences or
changes in more than one of the ten TPs shown in Table 19.1.
In addition, there are also at least six classes of pulse
sequences, and these display varying sensitivities to differ-
ences or changes in TPs. There are also differences within
pulse sequence classes, which depend on sequence parame-
ters. This complexity leads to inconsistencies with qualita-
tive weighting where only a single TP is used to describe the
relationship between differences or changes in several TPs
and the contrast they produce.

Problems with Qualitative Weighting

Examples of the problems encountered with the use of quali-
tative weighting include the following:

(a) A sequence that is T;-weighted in one application, for
example, showing contrast between the white and gray
matter in the brain, can be T,-weighted in other applica-
tions (such as showing contrast between the normal and
diseased tissue in the Achilles tendon) even though the
sequence is still usually described as T,-weighted
(Fig. 19.2).

(white, high signal) in the tendon results in high positive contrast (white
arrow) (b). If the sequence is regarded as T;-weighted in the Achilles
tendon, then the high signal abnormality could be attributed to a
decrease in T, and therefore be due to hemorrhage, fat, and/or GBCA
enhancement. In fact, the abnormality is due to an increase in T, and is
likely to be due to completely different pathology, e.g., degeneration,
trauma, and/or edema

(b) T,-FLAIR sequences are highly T,-weighted for the
brain but are simultaneously highly T,-weighted for
CSE.

(c) “Diffusion-weighted” sequences may be more T,-
weighted than diffusion-weighted.

(d) Although reducing TE is said to reduce T,-weighting,
subtracted ultrashort TE (UTE) sequences with ultra-
short TEs (e.g., 8 ps) can be highly T,-weighted.

(e) “Fluid-sensitive” sequences used in the musculoskeletal
system are insensitive to fluids such as pore water and
matrix-bound water in cortical bone. On the other hand,
subtracted UTE sequences that are sensitive to pore and

matrix-bound water are insensitive to joint and bursal
fluid.

These and other inconsistencies complicate the use of
qualitative weighting for image interpretation and limit its
usefulness for understanding more complex sequences as
well as developing new applications of these sequences in
clinical MRI.

In order to resolve these problems, it is necessary to rec-
ognize the fact that several different TPs often determine
contrast with most pulse sequences and provide specific rela-
tionships between differences or changes in TPs and differ-
ences or changes in signal (i.e., contrast) with these
sequences. This is outlined in the next sections.
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Pulse Sequences as Tissue Property (TP) Filters
The Spin Echo (SE) Sequence (Univariate Model)

The usual explanation of image signal and contrast with the
SE sequence utilizes the Bloch equations. First, it follows
longitudinal magnetization (M) over time TR, and, second,
it follows transverse magnetization (Myy) after the applica-
tion of a 90° pulse (Fig. 19.3) for a further time TE. Contrast
between two tissues, such as P with a shorter T, and T, and
Q with a longer T, and T,, is shown by the difference in Mxy
at the time of data collection (dc) at TE, as shown in Fig. 19.3.

The voxel signal S for an SE sequence is derived from the
simplified Bloch equations so that

S =Kp, (1-e")e "™ (19.1)

where K is a scaling function, p,, is the mobile proton den-
sity, and t” as well as t” are variable times. T, and T, are time
constants. Equation 19.1 describes p,, in the first segment,
recovery of longitudinal magnetization (M) over time t’ in
the second segment (which is in parentheses), and decay of
transverse magnetization (Myy) over time in the third seg-
ment. The equations in the second and third segments are of
the forms y = l—e ™ and y = e, respectively.

It is useful to replace the variables t” and t” in Eq. 19.1 by
the constant times of the SE sequence TR and TE and to treat
the two time constants T; and T, in Eq. 19.1 as variables.
This changes Eq. 19.1 to

S=Kp, (1-¢ ™" )e ™" (19.2)
or
S = KSp,S; S, (19.3)

where the signals for the three segments Sp,,, St;, and S+, are
given by

SPy = Pu Sy =17, S = (194)
90° Pulse
M, /My,
............................... Q
S
b P
TE ~—TE— time

Fig. 19.3 A plot of M;/Mxy vs. times TR and TE for the SE sequence
for two tissues, P (with a shorter T, and T,) and Q (with a longer T, and
T,). T,-dependent contrast (the first negative blue arrow on the left) and
the overall T, and T, contrast (the second and third positive blue arrows
in the center and on the right, respectively) are shown

The second and third segments in Eq. 19.2 are of the
formsy =1 —e " and y = e'%, respectively, since T, and T,
are now variables. These forms are quite different from the
forms y =1 — e™and y = e™* shown in the second and third
segments of the Bloch equations, respectively, in Eq. 19.1.

The three segments of Eqs. 19.2-19.4 have the features of
a linear or exponential filter for p,, (depending on whether the
X-axis is linear or natural logarithmic (In)), a low-pass filter
for T}, and a high-pass filter for T, (Figs. 19.4, 19.5, and 19.6).

The signal levels on images are given by Egs. 19.2-19.4
for py, St1, and St, and correspond to the signal or brightness
of tissues seen on images.

Equations 19.2-19.4 can be plotted using linear or loga-
rithmic X-axes. When using a linear axis, changes in x (i.e.,
changes in p,, T, or T,) represent the absolute differences in
TPs. When using a logarithmic X-axis as in Figs. 19.4, 19.5,
and 19.6, small changes in x (i.e., Aln p,,, Aln T, and Aln T,)
represent the fractional changes in TPs because of small dif-
ferences Aln x = Ax/x.

In Fig. 19.4, which shows a p,-filter, the absolute contrast
C. (vertical blue arrow) is produced by an increase in p,,
(horizontal green arrow) multiplied by the positive slope of
the p,-filter (red line). The difference in signal ASp,, equals
C, (vertical blue arrow).

The absolute contrast (C,,) or difference in signal ASy,

AT,
produced by the positive increase Aln T, (=—) between
1

the T;s of two tissues P and Q is shown in Fig. 19.5 using a
In X-axis. The positive change from P to Q of Aln T, along
the X-axis (horizontal green arrow) produces a negative
change from P to Q along the Y-axis (vertical blue arrow) or
a negative change in signal ASy;, i.e., negative contrast
Cup = ASqy.

The equation for C,, for small changes in AT, and ASy,
using a linear X-axis is

oS
C, =AS, :a—TT‘xATl (19.5)
1
Spm
Q
ASpmt P
0 b a T
Inp,
—)
Alnp,,

Fig.19.4 An SE sequence. A p,-filter with a In p,, X-axis. The positive
increase in p,, from P to Q Aln p,, (positive horizontal green arrow) is
multiplied by the positive slope of the filter (red line) to produce posi-
tive contrast (positive vertical blue arrow) AS,,, = Cy,
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Fig. 19.5 An SE sequence. The T,-filter with a In T, X-axis. The posi-
tive increase in T, from P to Q Aln T, (positive horizontal green arrow)
is multiplied by the negative slope of the filter (red line) to produce
negative contrast (negative vertical blue arrow) ASy; = Cy,. ASt; may be
positive or negative. Aln T, may also be positive or negative

oS
where — is the first partial derivative of the T,-filter with

1
respect to T, or the slope of the T -filter, x = multiplied, and

AT, is the change in T, using a linear X-axis.

Using a In X-axis, noting that Aln T, = ﬂ for small
1

changes in T, and that dy =X d_y , where x is a variable,
d(lnx) dx
Eq. 19.5 becomes
oS AT,
C, =AS; = —1—x—1 (19.6)
" olnT, T

oS
T is the slope of the filter, or the first partial
olnT,

derivative with respect to In T; (when using a In X-axis),

where

AT

x = multiplied in this and subsequence equations, and —~
1

is the fractional change in T}, as shown in Fig. 19.5. For the

T,-filter, a positive change from P to Q along the X-axis
results in a negative change from P to Q along the Y-axis,
i.e., negative contrast C,,. The slope of the curve (red line),
which is the sequence weighting for the T, segment, is
negative.

For the T, filter (Fig. 19.6), the positive change Aln

AT

T, = —2 from P to Q along the X-axis results in positive
2

change ASy, = C,, from P to Q along the Y-axis, i.e., positive

contrast. The slope of the T,-filter (red line), which is the
sequence weighting for the T, segment, is positive.

AS aSPm Apm

= +S
Olnp_

STl ST2 X

m

2S,

P 9InT, » T, ™ "olnT, T,

Fig. 19.6 An SE sequence. The T,-filter with a In T, X-axis. The posi-
tive increase in T, from P to Q Aln T, (positive horizontal green arrow)
is multiplied by the positive slope of the filter (red line) to produce posi-
tive contrast (positive vertical blue arrow) ASt, = C,,

Putting the second derivative of the TP-filter to zero yields
the TP value where the slope of the TP-filter, and therefore
the contrast, is the highest. For the T, and T,-filters, the slope
is at TR = T| and TE = T,, when using a In X-axis, and at
TR =2 T, and TE =2 T,, when using a linear X-axis.

For the fractional contrast C;, = AS/S (rather than
C., = AS), Egs. 19.5 and 19.6 are divided by S, and Sy, for
the nonzero values of St and St, respectively.

So, for T, using a In X-axis,

1 0S; AT,
X

C. =— — 19.7
TS, 0T, T, (157
and for T, using a In X-axis,
oS AT
1 P AL (19.8)

"T8, 0T, T,

The Spin Echo (SE) Sequence (Multivariate
Model) and the Central Contrast Theorem (CCT)

The TP-filters can be either considered separately (i.e., a uni-
variate model for each TP alone, as above) or combined in a
multivariate model. This shows the contributions of the
sequence weightings and changes in each TP to the overall
contrast for each of p,,, T}, and T, in the SE sequence and is
illustrated in Fig. 19.7.

From Egs. 19.3 and 19.4, for a small change in Ap,,, AT,
and AT,, and using a In X-axis, the product rule from dif-
ferential calculus gives

%S, AT,

S ><£+S S

(19.9)
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Fig. 19.7 An SE sequence with combination of p,,, T}, and T,-filters.
Increases in Ap,/p,, AT/T), and AT,/T, (positive horizontal green
arrows) are multiplied by the slopes of their respective TP-filters (red
lines) to produce positive, negative, and positive p,, T, and T, contrasts

With linear X-axis, i.e. TP Ctr =
il =
i 1 S
Cfr = 78 7TTPP . ATP Stp =
TP TP s,
TP
With logarithmic X-axis, i.e. INTP St
InTP
n
1 STP ATP ATP =
= 25, T T
TP TP ATP
TP

Fig. 19.8 The central contrast theorem (CCT) for MRI and a corollary.
The signal equations for Cy, are shown with a linear X-axis (TP) (upper)
and with a logarithmic X-axis (In TP) (lower). The theorem relates the
fractional contrast Cy, to differences or changes in TPs and provides

Normalizing Eq. 19.9 by dividing it by S and using
Eq. 19.3 for the nonzero values of S, S, Sti, and Sr,, Cy; is
given by

Cfr:§:
S

asRn Apm 1

1
Spm Olnp, p,

Sr

with their respective TP-filters (vertical blue arrows with each TP-filter).
The overall positive contrast (positive blue arrow on the right) is the
algebraic sum of the TP contrasts produced by each of the three
TP-filters (blue arrows with each TP-filter)

AS/S, fractional contrast
Py T15 Ty To% D TofTy
TP-filter for each pulse sequence SE, IR, PGSE, SGE, bSSFP...

first partial derivative of Stp with respect ot TP for linear X-
axis; is sequence weighting and slope of filter

first partial derivative of Stp with respect ot TP for
logarithmic X-axis; is sequence weighting and slope of filter

difference or change in TP

fractional difference or change in TP

solutions to the central contrast problem outlined in Table 19.1, i.e., the
relationship between the differences or changes in TPs shown in the
first column in Table 19.1 and the differences or changes in signal or
contrast shown in the third column of Table 19.1

AT,

1

oS,
olnT, T,

as
1 % AL (19.10)
S, 0InT, T,

Thus, the contributions of the TPs to the overall contrast
Cy; are, for each TP, its sequence weighting multiplied by the
fractional change in the TP. The relative contributions of
each TP to sequence and image weighting can be calculated
and expressed as ratios.

From Eq. 19.10, the overall fractional contrast Cy, using a
In X-axis is given by

3y  ATP

1
Cp= — T 19.11
r ZTPSTP dlnTP TP (1910

where 1/Stp Stp/dln TP is the sequence weighting for the tis-
sue property and ATP/TP is the fractional change in the
TP. This is one form of the central contrast theorem (CCT)
for MRI and its corollaries, which are shown in Fig. 19.8.
Using a In X-axis, the contrast for each TP is the normalized
first partial derivative with respect to In TP multiplied by the
fractional change in TP. The total fractional contrast Cy is the
algebraic sum of the contributions to contrast from each
TP. For T, and T,, if both fractional contrasts are positive or,
if both are negative, then a synergistic contribution to overall
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Fig. 19.9 IR T, -filters with phase-sensitive (ps) (a) and magnitude (m)
reconstruction (b) using In T X-axes. Panel (a) shows both positive and
negative values for St;, whereas in panel (b), negative values are

“reflected” across the X-axis and become positive. The maximum
slopes of the T -filters are shown as red lines and are negative in both
cases

a Short Tlg b Intermediate TI, c Long T;
M- M-
St St St
1.0 1.0 1 §10
0 0 0
WG InT1 WG InT1 WG InT1
- - -

Fig. 19.10 The long-TR IR sequence. T\-filters for short TI (a, left),
intermediate TI; (b, center), and long-TI, (¢, right) values. The positions
of the white (W) and gray (G) matter are the same for each of the three
TIs. TI is increased from TI (left) to TI; (center) and then further to TI,

C;, results. If one TP contrast is negative and the other is
positive, then there is a reduction in the overall Cj, results.
Thus, to achieve synergistic contrast, contributions to con-
trast of the same sign are sought from each of the relevant
TPs to make their effects complementary.

The Inversion Recovery (IR) Sequence

The IR sequence has an additional T filter (segment) to those
of the SE sequence, which is shown in Fig. 19.12, where

S, =(1—2e*T"Tl) (19.12)

This T,-filter is shown in the phase-sensitive (ps) recon-
structed form in Fig. 19.9a and in magnitude (m) recon-
structed form in Fig. 19.9b.

When the inversion time (TI) is increased, the T,-filter
shifts to the right as shown for the m form in Fig. 19.10.

(right). The increase in T from W to G along the X axis (green arrows)
is multiplied by the relevant slopes of the T -filters (red lines) and pro-
duces strongly positive, strongly negative, and mildly negative contrast,
respectively (blue arrows), as TI is increased from left to right

Figure 19.10a (left) shows the IR T -filter with a short T1; (e.g.,
the short TI IR or STIR sequence) for the brain where gray
matter (G) has a higher signal than white matter (W). The
slope of the filter between W and G is strongly positive. When
TI is increased to an intermediate T, as in Fig. 19.10b (center)
with W and G fixed in the same position on the In X-axis, W
has a higher signal than G. The slope of the T-filter between
them is strongly negative. When TI is increased further to a
long TI; as in Fig. 19.10c (right), W has a slightly higher signal
than does G and the slope of the T;-filter between them is neg-
ative but of smaller size than in Fig. 19.10b. The sequence T;-
weighting, which is the slope or first partial derivative of the
T;-filter, is highly positive in panel (a), highly negative in
panel (b), and slightly negative in panel (c) using a short TI
(a), an intermediate TT; (b), and a long TI, (c), respectively.

When the IR sequence repetition time (TR) is much
greater than T, the other T filter (1 — ¢”™T!) becomes ~1,
and the main determinant of contrast is the (1 — 2e~TVT")
T,-filter.
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Fig. 19.11 PGSE sequence
T, and D*-filters. Increases in
both T, and D" from P to Q
(positive horizontal green
arrows) result in positive and
negative T, and D" contrast,
respectively, and low opposite
negative overall contrast
(negative short vertical blue
arrow, right)

T2

In T2

Fig. 19.12 PGSE sequence
T, and D*filters. Increase in
T, and decrease in D* from P
to Q (positive and negative
horizontal green arrows,
respectively) both produce
positive contrast and, as a
consequence, high positive
overall synergistic contrast
(positive long vertical blue
arrow, right)

ST,

P InT,

The Pulsed Gradient Spin Echo (PGSE)
Sequence

For diffusion using the PGSE sequence, an additional seg-
ment is added to those shown in Fig. 19.7 for the SE sequence
and is illustrated in Fig. 19.11 under the D" heading. The
extra segment is the D" filter, which has the form of an expo-
nential decay with its signal Sp- given by

__-bD*
SD‘ =e

(19.13)

b is the diffusion sensitivity parameter and D" is the
apparent diffusion coefficient. Significant D’-weighting
requires a long TE with the PGSE sequence using present-
day clinical scanners. This is to provide time for the two
pulsed diffusion gradients to be applied before and after the
inversion pulse of the SE sequence. The long TE necessary
for this creates T,-weighting, and, so, the sequence
simultaneously has both positive T,-weighting (i.e. the pos-
itive slope of the T,-filter shown in Fig. 19.11 under the T,
heading) and negative D*-weighting (i.e. the negative slope
of the D*-filter shown in Fig. 19.11 under the D* heading).
The positive change AT, from P to Q along the X-axis (hor-
izontal green arrow) produces positive T, contrast (the pos-
itive vertical blue arrow). The positive change AD" from P
to Q along the X-axis produces negative D" contrast (nega-
tive vertical blue arrow). The overall result of the opposed
T, and D" contrasts produced in this way is low negative
contrast (negative short vertical blue arrow on the right in
Fig. 19.11). This is the case in many tissues where disease

D*

0T

G

In D*

D*

SD* ¢ Q

P InD*

causes an increase in both T, and D" and the resulting oppo-
site diffusion and T, contrasts produce low overall
contrast.

Figure 19.12 shows a situation in which T, is increased
from P to Q under the heading T, and D" is decreased from P
to Q under the heading D" (rather than increased as in
Fig. 19.11). The changes in T, and D" both result in positive
contrast (blue arrows), and the algebraic sum of these is syn-
ergistic and produces high positive contrast (vertical long
blue arrow on the right). In this situation, the PGSE T, and
diffusion weightings work together with the changes in T,
and D" to produce synergistic contrast.

The Spoiled Gradient Echo (SGE) Sequence

(a) The SGE sequence has a T,-filter, which is affected by
two pulse sequence parameters TR and the flip angle o
(Eq. 19.14). The T,-filter, appears the same as the T)-
filter SE sequence for flip angle a = 90°, but, as o is
reduced, the curve flattens and there is less T; sequence
weighting for a given value of TR (Fig. 19.13).

_IR

sina T
_ 1
™ I-e

T

S:

1—cosae

(19.14)

S is the signal, a is the flip angle, and TR is the repetition
time. The flip angle to maximize the signal oy is determined
by setting the first derivative of Eq. 19.14 to zero. The flip
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A0=90°

In T1

Fig.19.13 An SGE sequence T)-filter. For a given TR as « is decreased
from 90° to 10°, the negative slope of the curve (which is its T, sequence
weighting) generally decreases in size

angle to maximize the contrast o is determined by setting
the second derivative of Eq. 19.14 to zero.

With the SGE sequence, the T,-filter of the SE sequence
becomes a T, -filter and includes additional susceptibility
effects, which make T,"-less than T,. Chemical shift effects
are modeled by including phase differences for water and fat
and taking the vector sum and difference of these as with the
Dixon technique.

Ultrashort Echo Time (UTE) and Zero Echo
Time (ZTE) Sequences

The UTE and ZTE sequences are the subjects of much of
this book. They both decrease the effective TE of acquisi-
tions so that it is possible to detect signals from tissues with
short and ultrashort T,s. Their general behavior parallels
that of the SGE sequence with a T;-dependent segment in
which both the signal and contrast depend on TR and o as
well as a T,-dependent segment in which contrast depends
on T," and TE.

Use of an inversion pulse as preparation introduces an
additional T,-filter for tissues with T,s comparable to, or less
than, the duration of the inversion pulse. This pulse is typi-
cally used with a TI chosen to null the long-T, components,
which are fully inverted. Short- and ultrashort-T, compo-
nents are typically not fully inverted and are instead partially
or fully saturated.

These two effects have the result of producing low-pass
T, and T,-filters in which short- and ultrashort-T, signals are
detectable (with a UTE or ZTE acquisition), but long-T, and
long-T) tissues and fluids are not detectable.

Lesions that increase T, in the short- and ultrashort-T,
domains produce a reduction in signal with nulled inversion
pulse preparations (negative contrast) and thus are synergis-
tic with negative T, contrast produced by echo subtraction
(ES), as explained in previous chapters.

Features of TP-Filters
Features of the TP-filter approach include the following:

(a) Placement of TPs along the X-axis, and the use of both
linear and In scales along this axis.

(b) Placement of signal S along the Y-axis and the use of
both linear and logarithmic scales for this.

(c) Use of both the absolute contrast C,, and the fractional
contrast C,.

(d) Designation of the slope or first derivative of the TP-filter
(or normalized slope of the TP-filter) as sequence
weighting and calculation of this slope both for linear
and In X-axes.

(e) The use of the second derivatives of the TP-filter and
points of inflection to calculate the values of sequence
parameters (e.g., TR = T,, TE = T, with In X-axes) to
maximize Cy,.

(f) Allocation of signs (positive or negative) to each of sig-

nal, contrast, image weighting, sequence weighting, and

TP differences or changes. This helps make it possible to

understand contrast and weighting in both semiquantita-

tive and quantitative terms.

Separation of sequence and image weighting and calcu-

lation of sequence and image weighting ratios to deter-

mine the relative contributions of different TPs to
sequence weighting and image weighting.

(h) Ability to deal with the situation in which a single TP
(e.g., T)) is affected by two pulse sequence parameters
(TR and o) or a single pulse sequence parameter (e.g.,
TE) has effects on two TPs (e.g., T, and D).

(i) TP values cover the full extent experienced in clinical
practice so the graphics provide a complete representa-
tion of the contrast and weighting of images.

(j) The same approach can be used for sequence prepara-
tions and complete pulse sequences.

(k) Although developed here primarily for p,, T,, T,, D7,
and T,", the TP-filter approach is also applicable to other
TPs.

(€9)

Features of the Central Contrast Theorem
(CCT) and Its Corollaries

Unlike conventional qualitative weighting, which only uti-
lizes a single TP to explain contrast, the CCT makes it pos-
sible to deal with two or more TPs and to understand both
their separate and combined contributions to contrast. As a
result, use of the CCT resolves many of the inconsistencies
associated with the use of conventional qualitative weight-
ing. Resolution of one of these inconsistencies is shown in
Fig. 19.14, which explains the fact that an SE sequence that
is T,-weighted for the brain can be T,-weighted for disease in
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Brain normal white matter (W) and gray matter (G): T4-wSE sequence (upper)

Pm Ty Ty
—Tl=
Spm St Stz S
S l o Wy
X l X = ® WA
1t
W\Wa  Inpp, Wy Wa InT, Wy Wa InT, o
Achilles tendon normal (Ty) and abnormal (T,): “ T{-wSE” sequence (lower)
Pm Ty T,
—Tl=
Spm St Stz s
-«
o T
X X - A
W [ N I o Ty
TnTa  Inpy Tn Ta InT, TNTA InT, o
—) —p —)

Fig. 19.14 Normal white matter (W) and gray matter (G) in the brain
(upper) as well as normal (Ty) and abnormal (T,) Achilles tendon
(lower) imaged with the same T;-wSE sequence. The T;-wSE sequence
pm» T1, and To-filters are the same in the upper and lower figures. In the
upper figure, p,,, T}, and T, are increased from W to G. The TP sequence
weightings are the slopes of the TP-filters (red lines), which are positive
for p,, negative for T,, and positive for T,. The contrast produced by
each filter is the increase in each TP (positive horizontal green arrows)
multiplied by the slope of the relevant TP-filter (red lines), and these are
shown as vertical blue arrows for each TP-filter. They are slightly posi-
tive for p,,, markedly negative for T;, and slightly positive for T, (upper).
The overall fractional contrast is the algebraic sum of the fractional
contrasts for each TP. This is shown as the negative vertical blue arrow
(on the upper right side). In the lower part of the figure, the normal T,
of the Achilles tendon is shorter than that of W (upper) and corresponds
to a flatter negative part of the T;-filter (lower). The normal T, of the
Achilles tendon (lower) is shorter than that of W (upper) and corre-
sponds with a steeply positive sloping part of the T,-filter (lower). The
abnormality in the Achilles tendon shows an increase in p,, T}, and T,
(positive green arrows) (lower). These changes are multiplied by the

positive p,, slightly negative T, and highly positive slopes of the p,, T},
and T, filters, respectively (red lines). These produce positive, slightly
negative, and strongly positive TP contrasts, respectively (vertical blue
arrows for each TP-filter). The overall fractional contrast, which is the
algebraic sum of the fractional TP contrasts, is highly positive (blue
vertical arrow) (lower right side). Because of the shorter T, and T, of the
Achilles tendon relative to the T, and T, of W and G, there is a shift
from the dominant negative T;-weighting and contrast for W relative to
G (i.e., steeper T, and flatter T, in the corresponding parts of the T; and
T,-filters) (upper), to the dominant positive T,-weighting and contrast
for the change from normal (Ty) to abnormal (T,) in the Achilles tendon
(flatter T, and steeper T, in the corresponding parts of the T, and T»-
filters) (lower). The designation “T;-weighted” is usually applied to the
“T,-wSE” sequence when it is used for the Achilles tendon even though
the sequence and contrast are both actually T,-weighted. This may be
because there is already a long TR, long TE T,-weighted SE sequence
in regular use in the musculoskeletal system, and redesignating the “T}-
wSE” sequence as T)-weighted as well could cause a different type of
confusion
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the Achilles tendon, as illustrated in Fig. 19.2. It also makes
it possible to understand how T, and D" contrast behave indi-
vidually and how they interact with each other with the
PGSE sequence (Figs. 19.11 and 19.12).

The CCT formalizes the relationship between differences/
changes in TPs and the fractional contrast Cy, (Fig. 19.8). Itis
in two parts. First, for each TP, the fractional contrast gener-
ated is the normalized product of sequence weighting (the
partial derivative of the TP-filter either with respect to the TP
or In TP) multiplied by the change in TP or the fractional
change in TP. The second part is the algebraic sum of the
fractional contrasts generated by each TP, which is the over-
all fractional contrast C;;. For signal S, the CCT and its corol-

laries are derived from the Bloch equations for p,,, T; and T,
and the Torrey equations, which add diffusion D*. The CCT
is used in graphical form in this chapter.

The CCT can be used in qualitative form to determine
which single TP among several is the most responsible for
contrast for given changes in the TPs and a specific pulse
sequence. It is the TP with the largest C. It can also be used
in semiquantitative or graphical form where the sign of differ-
ences or changes in TP and their relative magnitudes are con-
sidered. It can also be used in quantitative form where
sequence and image weighting ratios are expressed in per-
centages with the relative contributions of each TP to sequence
weighting and to image weighting using the equations:

sWi(p, : T, :T2)=(

iW'’ T :T,)=| — .
1 (Pm 1 2) [Spm olnp.  p.

1 aSPm Apm

188, 105 1 88 (19.15)
S, 0lnp, 'S; oInT, 'S, aInT, '
1 08y AT, 1 88, AT,
'S, 0InT, T, 'S, élnT, T, (19.16)

The sequence weighting ratio sW* describes the relative
weighting of the TPs within a sequence. The image weight-
ing ratio (iW") uses the sequence weighting ratio and com-
bines it with differences/changes in each TP to describe their
relative effects on the contrast of the image. This is an impor-
tant difference. The sequence T-filter may be steeper than
the T,-filter, meaning that it is more T,-weighted than it is
T,-weighted for particular values of T, and T,. However, if
disease results in a larger change in T, than in T), contrast on
the image can be dominated by the T, change and not the T,
change so that the image has a dominant T,-weighting in
spite of the fact that the sequence has a dominant
T,-weighting.

The CCT and its corollaries employ the small change
approximation of differential calculus. This is applicable, in
particular, to the detection of effects due to small changes in
TPs, which is appropriate for demonstration of subtle dis-
ease. When larger changes are present, the small change
approximation may lead to larger errors, but this is a known
issue and is usually not a problem in clinical practice since
larger changes are usually easy to detect.

The use of fractional contrast involves normalization by
the TP-filter signals Stp and the overall signal S. If one or
more of these is zero, or close to zero, when the image noise
is taken into account, then the values may take the form 1/0
and be uninterpretable. It means that fractional contrast is
only valid between certain limits.

It is also not obvious which of the absolute contrast C,, or
the fractional contrast Cy; best represents what is visually
perceived by human observers and therefore provides the
more appropriate model for understanding contrast. In this
chapter, consideration is given to both forms of contrast.

The signal and contrast produced by sequences are sub-
ject to changes in window width and level performed by the
observer. This has an effect on the perception of contrast and
also needs consideration.

Conclusions

The use of TP-filters and the CCT resolves many of the prob-
lems associated with the use of conventional quantitative
weighting to describe MR image contrast. They also provide
a basis for understanding more complex sequences and for
using synergistic contrast. Their use is somewhat counterin-
tuitive. Instead of the basic diagrams used to explain T, and
T, contrast being exponential recoveries and decays respec-
tively, they are low and high-pass filters with slopes opposite
to those commonly used. Sequence and image weighting are
distinguished, and each of the quantities, namely, signal,
contrast, sequence and image weighting, and TP changes,
have positive or negative signs associated with them.

A particularly helpful way to understand and integrate the
concepts is through the use of interactive applications (apps)
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for each segment of a pulse sequence as well as for the pulse
sequence as a whole. This shows the dependence of contrast
on TP changes of different types and the effects of varying
pulse sequence parameters such as TR, TE, and TI.

The focus on TP-filters and CCT is on sequence prepara-
tions with smaller but important contributions from the
acquisition, basic image processing, and quantitation.

The use of UTE and ZTE acquisitions allows signals to be
obtained from tissues and/or tissue components that provide
little or no signal with conventional SE, SGE, and other
acquisitions. Basic image processing using multiplication,
addition, subtraction, and/or division of sequences makes it
possible to produce synergistic contrast and to amplify con-
trast. In addition, long inversion pulses may act as T, and
T,-filters for ultrashort- and short-T, tissues and produce
additional contrast which can also be used synergistically.

References

1. Young IR, Hall AS, Pallis CA, Legg NJ, Bydder GM, Steiner
RE. Nuclear magnetic resonance imaging of the brain in multiple
sclerosis. Lancet. 1981;2(8255):1063—-6.

2.

Bailes DR, Young IR, Thomas D, Straughan K, Bydder GM, Steiner
RE. NMR imaging of the brain using spin-echo sequences. Clin
Radiol. 1982;33(4):395-414.

Bydder GM, Steiner RE, Young IR, Hall AS, Thomas D, Marshall J,
Pallis CA, Legg NJ. Clinical NMR imaging of the brain: 140 cases.
AJR Am J Roentgenol. 1982;139(2):215-36.

Axel L. Revised glossary of MR terms. Radiology. 1987;162(3):874.
Young IR, Szeverenyi NM, Du J, Bydder GM. Pulse sequences as
tissue property filters (TP-filters): a way of understanding the sig-
nal, contrast and weighting of magnetic resonance images. Quant
Imaging Med Surg. 2020;10(5):1080-120.

Ma Y-J, Fan S, Shao H, Du J, Szeverenyi NM, Young IR, Bydder
GM. Clinical use of multiplied, added, subtracted and/or fiTted
inversion recovery (MASTIR) pulse sequences. Quant Imaging
Med Surg. 2020;10(6):1334-69.

Ma Y-J, Shao H, Fan S, Lu X, Du J, Young IR, Bydder GM. New
options for increasing the sensitivity, specificity and scope of syn-
ergistic contrast magnetic resonance imaging (scMRI) using multi-
plied, added, subtracted and/or FiTted (MASTIR) pulse sequences.
Quant Imaging Med Surg. 2020;10(10):2030-65.

Ma Y-J, Moazamian D, Cornfeld DM, Condron P, Holdsworth
SJ, Bydder M, Du J, Bydder GM. Improving the understand-
ing and performance of clinical MRI using tissue property filters
and the central contrast theorem. MASDIR pulse sequences and
synergistic contrast MRI. Quant Imaging Med Surg. 2022;12(9):
4658-90.



®

Check for
updates

MASDIR (Multiplied, Added, Subtracted,
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Pulse Sequences and Synergistic
Contrast MRI (scMRI)

Nivedita Agarwal, Letizia Losa, Denis Peruzzo,
John D. Port, and Graeme M. Bydder

Introduction

This book is divided into four parts: (1) acquisition, (2) con-
trast mechanisms, (3) quantitation, and (4) applications. In
the first part, acquisitions are broadly divided into two cate-
gories, namely, those using ultrashort echo time (UTE)
approaches, in which the radiofrequency (RF) pulse is
applied initially after which gradients are activated and data
are collected, and those using zero echo time (ZTE)
approaches, in which the gradients are initially activated,
after which the RF pulses are applied and data are collected.

The second part of this book on contrast mechanisms
describes sequence preparations such as inversion pulses,
which are applied prior to data acquisition, different data
acquisitions, and basic image processing processes, such as
subtraction of images with different echo times (TEs). These
techniques are used to increase image contrast and/or
specificity.

In the preceding chapter of this book, it was explained
that the conventional approach to understanding image con-
trast using qualitative weighting leads to contradictions and
inconsistencies. The conventional approach is also poorly
suited to understanding more complex sequences. To deal
with this problem, an alternative approach using tissue prop-
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erty (TP) filters and the central contrast theorem (CCT) was
described and illustrated for commonly used pulse sequences.

This chapter employs this alternative approach to under-
stand combinations of inversion recovery (IR) sequences in
which two or more IR sequences are multiplied, added, sub-
tracted, and/or divided, i.e., MASDIR sequences. These pro-
vide more options for manipulating contrast than single IR
sequences.

In particular, they provide options to develop synergistic
contrast in which a single tissue property (TP) is used twice
or more in the same sequence to increase contrast and/or two
or more different TPs are used in the same sequence for the
same purpose. The synergistic contrast developed by the TPs
may be supplemented by suppression of unwanted high sig-
nals or use of opposed contrast for the same purpose.
Synergistic contrast can be used to increase sensitivity and/
or specificity.

This chapter describes MASDIR sequences and synergis-
tic contrast MRI (scMRI) in more detail, including their uses
with short- and ultrashort-T, tissues.

Development of MASDIR Sequences

The first combination of two IR sequences to form a single
sequence was described in 1985 [1]. This was the use of two
inversion pulses to suppress the signal from both fluid and
fat. It was applied in the brain and body as a double IR (DIR)
sequence, which is a multiplied IR (MIR) sequence. In 1994,
its use was extended to suppress either white or gray matter
signals as well as cerebrospinal fluid (CSF) [2]. Subtracted
IR (SIR) sequences were used to show effects due to contrast
enhancement [3], inhalation of O, [4], and to selectively
show short- or ultrashort-T, components [5]. In 2010, the
MP2RAGE (magnetization-prepared 2 rapid acquisition gra-
dient echo) sequence was described [6]. It multiplies two IR
sequences together and normalizes them. This was extended
in the form of magnetization-prepared n rapid acquisition
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gradient echo (MPnRAGE) [7]. The fluid and white matter
suppression (FLAWS) sequence was initially described to
produce separate images: one with fluid (i.e., CSF)
suppression and the other with white matter suppression
using IR sequences, but variants have been developed in
which these two acquired images are multiplied, added, sub-
tracted, and divided as the FLAWSdiv, FLAWShc, and
FLAWShco (where div = divided, hc = high contrast, and
hco = high contrast opposite) sequences [8, 9]. The MASTIR
(multiplied, added, subtracted, and/or fitted IR (FIR)) group
of sequences was described in 2020 [10] with the inclusion
of division in 2022 to produce MASDIR sequences [11].

Classification of MASDIR Sequences

The classification of MASDIR sequences is shown in
Table 20.1. They are divided into: (1) multiplied, (2) added,
(3) subtracted, and (4) divided. Fitted IR sequences [7, 12—
14] are treated as a separate category. Subsequent sections
describe some of these sequences in more detail.

1. Multiplied IR (MIR) Sequences
MIR sequences include DIR and MP2RAGE as men-
tioned above.
2. Added IR (AIR and A'IR) Sequences
One group of added IR (AIR) sequences adds two magni-
tude (m) reconstructed sequences with different inversion
times (TIs) and is used with subtraction and division (see
below). Another group of sequences (A'IR) uses a single TI
with images reconstructed in phase-sensitive (ps) and magni-
tude (m) forms. Addition of these two sequences shows
shorter-T, tissues and suppresses the signal from longer-T;
tissues and fluids. The A'IRES sequence supplements this by
echo subtraction (ES; see later) and so adds a T,-filter, thus
reducing the signal from longer-T, tissues and fluids to pro-
vide a combined T, and short T,-filter. The subtracted AIR
(S'AIR) sequence subtracts a longer-TI image from a shorter
one to selectively show a specific range of short-T) tissues.
3. Subtracted IR (SIR) Sequences
Eight subgroups of SIR sequences are included in
Table 20.1. The first five groups use subtraction of a lon-
ger TI image from a shorter TI one (or vice versa as the
reversed or r form). They start with the basic sequence
(SIR), add T,-weighting to it as the subtracted IR echo
subtraction (SIRES) sequence, and then add D*-weighting
to this as the subtracted IR echo diffusion subtraction
(SIREDS) sequence. The spin echo (SE) segment of the
SIRES sequence is substituted by a gradient echo to pro-
duce the subtraction IR gradient echo subtraction
(SIRGES) sequence. This can have added to it diffusion
weighting as the subtraction IR diffusion and gradient
echo subtraction (SIRDGES) sequence.

Table 20.1 MASDIR sequences

Groups of MASDIR
sequences Expansion of MASDIR sequence acronyms
MIR Multiplied IR

DIR Double IR (mTI, x mTI;)

MP2RAGE Magnetization-prepared 2 rapid acquisition
gradient echo (psTI, x psTI;) (also
normalized)

AIR Added IR

AIR Added IR (mTI;, + mTI,)

A'IR Added IR (psTI;; + mTI;,)

A'IRES AIR added IR echo subtraction

S'AIR Subtracted, added IR

SIR Subtracted IR

SIR, rSIR Subtracted IR (mTI,;; — mTI;,), reverse SIR

SIRES, rSIRES Subtracted IR echo subtraction, reverse
SIRES

SIREDS, Subtracted IR echo diffusion subtraction,

rSIRDES reverse SIREDS

SIRGES, Subtraction IR gradient echo subtraction,

rSIRGES reverse SIRGES

SIRDGES, Subtraction IR diffusion and gradient echo

rSIRDGES subtraction, reverse SIRDGES

DESIRE, Double echo sliding IR, short TR adiabatic

STAIRES® pulse prepared IR (TR x mTI;) echo
subtraction

shMOLLI* Shortened modified Look—Locker inversion
recovery

SR Subtracted IR (psTLy;; — mTl,)

S’IR Subtracted SIR

IRES IR echo subtraction

STIRES Short TI IR echo subtraction

dIR Divided IR

dSIR, drSIR Divided SIR, divided reverse SIR

dSIRES, drSIRES | Divided SIRES, divided reverse SIRES

dSIREDS, Divided SIREDS, divided reverse SIREDS

drSIREDS

dSIRGES, Divided SIRGES, divided reverse SIRGES

drSIRGES

dSIRDGES, Divided SIRDGES, divided reverse

drSIRDGES SIRDGES

FIR Fitted IR (multiple TIs)

MPnRAGE Magnetization-prepared rapid acquisition
gradient echo

shMOLLI* Shortened modified Look—Locker inversion
recovery

DESIRE? Double echo sliding IR

“Included in both the subtracted and fitted categories

The sixth group includes the shortened modified

Look—Locker IR (shMOLLI) [12] sequence, the DESIRE
(double echo sliding IR) [13, 14] sequence, which uses a
sliding TI window to obtain many IR images with differ-
ent TIs followed by a UTE data collection (dc) and ES,
and the STAIRES (short repetition time (TR) adiabatic IR
echo subtraction) [15, 16] sequence. This sequence mul-
tiplies an extremely short TR segment by a short TI; seg-
ment to reduce to zero, or nearly zero, long-T, and long-T,
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signals from tissues, with a wide range of T;s above a  a 1.0
certain minimum. It is used with UTE data collection (dc) 08
to provide selective imaging of ultrashort-T), tissues. This Sty
is followed by ES to reduce to zero the signal from any ' 0.6
long-T, tissues, which are not completely nulled. Both 0.4
the DESIRE and STAIRES sequences can be selectively
used to image myelin and other ultrashort-T, tissues. 0-2
. The seventh group uses the same TI anq subtracts aps 500 1000 1500 2000 2500 8000 Ty
image from an m image once (S'IR), or twice (S’IR) with
different TIs, for example, to selectively show fluid or
tissue. b 0.3}
The eighth group of subtracted IR sequences is a basic 0ol
IR echo subtraction (IRES), and the STIRES (short TIIR ~ Subtraction ol
echo subtraction; STIR and ES) sequence, which nulls Stis - S - A
the shorter-T; white adipose tissue (WAT) and uses Dixon 500 1000 1500 2000 1
subtraction of out-of-phase images from in-phase images 01r
to selectively show lipids present in brown adipose tissue 0.2
(BAT) as a result of its longer T, compared to the T, of -0.3F
lipids in WAT.
4. Divided IR (dIR) Sequences c 20
A central issue with division of IR sequences is the
behavior of the TP-filter if, or when, the denominator takes Addition 150
a value of zero. This potentially leads to infinite values of  srs+ Sy,
the TP-filter. Even if zero values are avoided, there are val- 1.0f
ues when the denominator approaches zero and division
becomes unreliable as a result of noise and artifacts. 0.5¢
This problem can be largely avoided with two IR . . . LT,
images by making the denominator the addition of the sig- 500 1000 1500 2000

nals in the two images. The TP-filters have different TIs
and, using magnitude reconstruction, the sum of them in
the denominator is nonzero. If the numerator is two sub-
tracted IR images, then division normalizes the sequence
so that the effects of p,, and T, are reduced or eliminated,
as are those due to receiver coil inhomogeneity.
5. Fitted IR (FIR) Sequences

These obtain multiple IR images primarily for quanti-
fication of Ty, e.g., MPnRAGE [7] and shMOLLI [12].
The DESIRE sequence can be used in this way but can
also be used for selecting the best TI to null long-T, com-
ponents in tissue or tissues with different T;s. The
DESIRE sequence is included in both the subtraction and
fitted categories.

AIR, SIR, and dSIR Sequences

Two IR filters with different TIs are shown in Fig. 20.1a. The
signal in a voxel is plotted against T; for each T,-filter. They
are subtracted to yield the SIR T;-filter in Fig. 20.1b. This
T,-filter is steep in the X-axis region between the T,s corre-
sponding to the nulling TIs, i.e., in the middle domain (mD).
The two sequences in Fig. 20.1a can also be added as the
added IR (AIR) sequence, which is shown in Fig. 20.1c, in

Fig. 20.1 SIR and AIR T-filters. Voxel signal S is shown along the
Y-axis for St and Sy, and T, is shown along the X-axis. (a) The TI
T,-filter (pink) and the TI; T,-filter (blue). (b) The subtraction
(Stis — Sti) IR or SIR T,-filter. (¢) The addition (St + Sti) IR or AIR
T-filter. In panel (b), the slope of the curve in the mD is nearly double
that of the Sy, Ti-filter (pink in panel (a)). In panel (c), the signal at
T, = 0 is doubled to 2.0, and the signal in the mD is reduced to about
0.35-0.33 in the nearly linear, slightly downward sloping central part of
the AIR filter (i.e., the middle domain, mD)

which there are higher signal and higher slope regions out-
side of the mD. The mD in Fig. 20.1c has a low signal with a
nearly linear, slightly downward, sloping curve.

Figure 20.2a shows the T;-bipolar filter for the divided
subtracted IR (dSIR) sequence in which the SIR T,-filter in
Fig. 20.1b is divided by the AIR T)-filter in Fig. 20.1c. The dSIR
T,-bipolar filter shows a very highly sloping, positive mD.

Figure 20.2b compares the contrast from the short TI T;-
filter, Sty (pink), which is that of a conventional intermediate
TI; IR sequence such as MP-RAGE (magnetization-prepared
rapid acquisition gradient echo), to that from the SIR T;-
filter (blue). The vertical pink and blue arrows on the right
show that the contrast produced by the SIR T-filter (blue) is
about double that produced by the S+, T-filter (pink) for the
same change in T, across the mD (horizontal positive green
arrow).
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a 1.0
.. 10+
Division of 0
subtraction
STI - STl' 1 1 1 1 1 1 T1
s Fh 500 100 1500 2000 2500 3000
S1is + Sii
05+
1.0k
b St 1.0
Subtraction
Stis - STii 05F
1 1 L ___T_1__..
2000 2500 3000
c Stis 1.0~ il
Division of 0.5+
subtraction
Sis - Sii . . A
Stis + STi 2000 2500 3000
_05 -
I 0

Fig. 20.2 A dSIR T)-bipolar filter (a) and comparisons of the Sy, T-filter
with the SIR T-filter (b) and of the S T-filter with the dSIR T,-bipolar
filter (¢) for an increase in T in the mD. Voxel signals Sty — Sty/Stis + St
and Sy, — Sti; are shown along the Y-axis. T, is shown along the X-axis.
Panel (a) shows division (d) of the subtraction (St — Sty;) T-filter by the
addition (Stis + Sti) Tyfilter to produce (St — Sti)/ (St + Stii) or SIR/
AIR = the dSIR T;-bipolar filter. Panel (b) shows a comparison of the Sty
T -filter (pink) and the subtraction SIR T-filter (blue). Panel (c) is a com-
parison of the Syy, T-filter (pink) with the dSIR T-bipolar filter (blue). The
dSIR T;-bipolar filter in panels (a) and (¢) has maximum and minimum

Figure 20.2c compares the contrast produced by the short
TI T,-filter, Sy, (pink), to that from the dSIR T,-bipolar filter
(blue). For the same change in T, (positive horizontal green
arrow across the mD), the dSIR T,-bipolar filter generates
about five times the contrast (vertical blue arrow) produced
by the Sty T)-filter (vertical pink arrow). As the second TI is

values of 1 and —1, respectively, and is steeply sloping. In panel (b), the
increase in signal (i.e., contrast) for the increase in T, extending from one
end of the mD to the other, for example, from white to gray matter (hori-
zontal green arrow), is about 0.35 for the S, T;-filter and about 0.75 for the
subtraction (SIR) T\-filter. This represents an increase in contrast for the
SIR T,-filter compared to the Sy, T)-filter of about two (right vertical
arrows). In panel (c), for the same change in T, (horizontal green arrow),
the change in the S T)-filter is about 0.35, as shown also in panel (b), and
that in the dSIR T)-bipolar filter is 2.0, representing an increase in contrast
of about five times (right vertical arrows)

moved closer to the first TI, the slope of the T;-bipolar filter
in the mD becomes steeper, and, so, the T;-dependent con-
trast in the mD increases. This is documented in Table 20.2.
In this table, as the difference in TI (ATI) decreases from 90
to 13%, the ratio of the contrast produced by the dSIR T-
bipolar filter to that produced by the conventional IR T-filter



20 MASDIR (Multiplied, Added, Subtracted, and/or Divided Inversion Recovery) Pulse Sequences and Synergistic Contrast MRI... 249

Table 20.2 TI,, TI, ATI, and Sy contrast at TI,, Sysr contrast at TI;, and ratio of Sugr/Sti contrast. As TI; is reduced, the mD narrows, ATI
decreases, and the signal for T at TI; (Sy;,) decreases. The ratio of the dSIR contrast to the Sty contrast increases from 5 to 20, as ATI decreases
from 90% to 13% when the mD is narrowed

TT; (ms) ATI St contrast Sasir contrast
TI, (ms) (ms) % Ratio of Sygir/Stis contrast
580 1100 520 90 0.40 2.0 5
580 840 260 45 0.25 2.0 8
580 710 130 22 0.15 2.0 13
580 655 75 13 0.10 2.0 20

increases from 5 to 20. The trade-off for this amplified con-
trast is a decreased width of the mD, which is the region
where sequence T-weighting and the contrast ratio are high.
The mathematical basis for this is described in the Appendix.

Synergistic Contrast MRI (scMRI)
Synergistic contrast arises in two main ways:

1. A single TP can be used twice or more in a sequence to
increase contrast. For example, T, can be used in the T;-
dependent TR segment of an IR sequence and in the T;-
dependent TI segment. T, is also used twice in DIR
sequences when two T)-dependent segments are multi-
plied together and in the SIR sequence when using the
subtraction: the short TI, segment minus the intermediate
TI; segment. The synergistic T, contrast from the SIR
sequence can be further increased using T, three or four
times in the form of divided SIR (dSIR) and divided
reverse SIR (drSIR) sequences.

Synergistic contrast may arise from repeated use of T,
when imaging ultrashort-T, tissues with an IR sequence
when using a long adiabatic inversion pulse to invert and
null long-T, signals while ultrashort-T, tissues that are
saturated by the inversion pulse recover. This is followed
by the 90° excitation pulse and ES. The two effects, first
from the inversion pulse and nulling and second from the
decay in transverse magnetization, produce synergistic
negative T, contrast when there is an increase in T, in
ultrashort-T, tissues.

2. Two or more different TPs can also be used to produce
synergistic contrast as was first described with the short
TI IR (STIR) sequence in 1985 [1]. Clinical pulse
sequences have a basic structure consisting of p,, T, and
T, filters as seen in SE sequences. There are additional
options, which can be added, such as those for T;-
dependent inversion pulses and D" sensitization. In many
circumstances, p,, is a minor determinant of contrast and
T, T,, and D" are the major determinants. The most com-
mon change in TPs in disease is concurrent increases in
Pms 11, To. In this situation with the SE sequence, the con-
trast developed by an increase in T, is negative, whereas

that developed by an increase in T, is positive so that
simultaneous increases in T; and T, produce opposed
contrast and the net, or overall, contrast is reduced. To
avoid this problem, T -weighted sequences use a short TE
to minimize the opposite T, contrast and T,-weighted
sequences use a long TR to minimize the opposed T, con-
trast. The dominant source of contrast in the resulting
sequences is then a single TP, i.e., T, or T,, and the
sequences are described as T,-weighted or T,-weighted,
respectively. They are not synergistic for T, and T, con-
trast but are opposed.

In particular circumstances, such as certain forms of
the STIR and the DIR sequences, the T, contrast pro-
duced by an increase in T, is positive and so is the T,
contrast produced by an increase in T,. The effects of the
concurrent increases in T, and T, are therefore synergistic
and typically result in high positive lesion contrast.

The contrast produced above from (i) a single TP and/or
(i1) two or more different TPs can be supplemented by
increasing or decreasing signals from normal tissues and/or
fluids. There may be little contrast between high signal
lesions and high signal fat, long-T, tissues, or fluids.
Reduction in the normal signal from these latter tissues or
fluids (using the same or different TPs as those used to create
the original synergistic contrast in (i) and/or (ii)) can increase
the contrast between the high signal lesions and the zero or
low signal-suppressed tissues and/or fluids. It may also result
in a more appropriate dynamic range for the image.

In tissues with a mixture of ultrashort- and long-T, tissues,
low abundance ultrashort-T, tissues may only become appar-
ent if the more abundant signals from the long-T, tissues are
reduced or suppressed. This also applies to edema in yellow
bone marrow, where suppression of the more abundant fat
signal may be necessary to show lower concentration edema.
Signals can also be increased for the same purpose.

The synergistic contrast produced in (i) and/or (ii) can
also be supplemented by opposed contrast outside the region
of interest.

Thus, one or both of mechanisms (i) and (ii) described
above may be used in any one synergistic contrast sequence
with, or without, supplementary synergistic contrast from
suppression or increase of signals from normal tissues as
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well as the use of opposed contrast. Achievement of syner-
gistic contrast requires a knowledge of the sign of sequence
weighting of the TP-filters involved as well as the sign of the
change in each TP.

Image Processing to Achieve Synergistic
Contrast

There are three situations within sequences in which the abil-
ity to reverse the sign of the weighting of a TP-filter of the
sequence is important for achieving synergistic contrast.
These are first the reversal of the sign of the T, contrast pro-
duced by a change in T, with IR sequences using different
TIs (together with m reconstruction). The second is the
reversal of the sign of T, contrast produced by a change in T,
with an SE T,-filter by the subtraction: shorter TE filter
minus longer TE T,-filter, i.e., ES. The third is the reversal of
the sign of diffusion contrast produced by the pulsed gradi-
ent spin echo (PGSE) D"-filter using the subtraction: low
b-value (e.g., 0-20 s/mm?) filter minus high b-value (e.g.,
500-1500 s/mm?) filter, i.e., diffusion subtraction (DS). This
ability to change the sign of the sequence TP-filter and the
resulting contrast for T, T,, and D" is crucial for creating
synergistic contrast from either positive or negative changes
in each of T,, T,, and D" in disease.

In addition to changing the sign of the sequence weight-
ing of a TP-filter within a sequence as above, it is also pos-
sible to reverse the order of subtraction of two sequences and
so reverse the contrast produced by the sequences. This is
reverse (r) subtraction.

Using the same change in a TP twice or more in the same
sequence may result in higher synergistic contrast than just
using it once. Using changes in different TPs may also be
effective in increasing the overall contrast. This is because
T,, T,, and D" often change concurrently in disease, and
using synergistic contrast developed by each of these TPs
may result in higher overall contrast than using just a single
TP. These are approaches targeted at increasing sequence
sensitivity.

Image processing also includes late (extremely long TE)
echo acquisition of signal from long-T, fluids such as

CSF. This can be helpful when CSF is at the top or bottom of
the display dynamic range and white or gray matter would be
preferred in this location. It is also of value in avoiding prob-
lems with partial volume effects simulating lesions.

It is also possible to specifically include image acquisi-
tions for their use in image processing. This includes, for
example, short TE sequences for subtraction from them of
longer TE sequences.

Synergistic contrast can also be used to improve sequence
specificity, for example, using the reductions in both T; and
T," produced by organic iron to provide high-contrast visual-
ization of its effects.

The Subtracted IR Echo Subtraction (SIRES)
Sequence

As explained above, in order to create sequences with syner-
gistic contrast, it is sometimes necessary to reverse the
weighting of a conventional TP-filter. ES is used to reverse
the T,-weighting of the T,-filter. This is accomplished by the
subtraction: short TE T,-filter minus long-TE T,-filter, as
shown in Fig. 20.3. Increases in T, in the chosen sloping
region of the T,-filter result in increased signal (Fig. 20.3a
and b). For the ES filter, increase in T, results in a decreased
signal in the sloping region shown in Fig. 20.3c. Thus, the
T,-filter weighting has changed from positive in Fig. 20.3a
and b to negative in Fig. 20.3c.

Row I of Fig. 20.4 describes a TP-filter with a short TI
and a long TE, resulting in positive contrast from the T,
and T,-filters (middle and right columns in Fig. 20.4b and
c, respectively). Row II of Fig. 20.4 shows an intermediate
TI T,-filter with negative contrast from both the T, and T,-
filters in Fig. 20.4b and c respectively. Row II includes in
the right column (Fig. 20.4¢) the subtraction: intermediate
TIL; short TE sequence minus intermediate TI; long-TE
sequence. Thus, ES reverses the sign of the conventional
T,-filter and produces synergistic contrast with T;. In row
III, the SIRES filter is created by the subtraction: row I
minus row II, which produces the overall synergistic posi-
tive T, and T, contrast. Row IV shows the reverse SIRES
(rSIRES), which produces overall negative contrast. Row

Fig. 20.3 Echo subtraction a TE, b TE, c (TE, -TE,)
(ES). Short TE, (a), long TE,

(b), and subtracted

(TE, — TE,) T»-filters (c). The Sto(tE,) Sto(TEy) S'|'2('|'Ez) - S'|'2('|'Ez)

positive slope of the TE,
T,-filter (red line) becomes
negative with the (TE; — TE,)
T,-filter (red line)

InT,

InTz\

InT,
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Fig.20.4 The SIRES

sequence. Row I shows that

increases in py,, Tj, and T,

(green arrows) produce i
synergistic positive contrast

(blue arrows). Row II (which

s
5w I Q
x b - P

includes ES) shows that
increases in T and T, produce »
synergistic negative contrast.
In row III, the subtraction
(row I minus row II) results in
synergistic positive contrast.
In row 1V, the reverse
subtraction rSIRES produces

STE|_STE2

-
O T

negative synergistic contrast.
Row V shows the divided
forms of the sequences
dSIRES and rdSIRES, which S
have increased positive and iii
negative T, contrast,

respectively

s , Rowll

v Row | — Row Il

Row | + Row I

V shows the divided SIRES (dSIRES) and divided reverse
SIRES (drSIRES) TP-filters, which result in further
increases in positive and negative T; contrast,
respectively.

The Subtracted IR Echo and Diffusion
Subtracted (SIREDS) Sequence

Diffusion subtraction (DS) is used to reverse the weighting
of the D*-filter. This is accomplished by the subtraction: D*-
filter with b = “0” minus D"-filter with a high b-value as
shown in Fig. 20.5. For the short TE and b = “0” filter in
Fig. 20.5a, an increase in D" results in no change. For the
diffusion D*-filter in Fig. 20.5b, an increase in D" results in
negative contrast. For the subtracted D"-filter, an increase in
D" produces positive contrast.

PQ InT, PQ InT,
- -
S Row I s Row | — Row I
P _ Q
1 Q - l 0
P

S Row | s Row Il — Row |
P
1. - °
Q

Row Il — Row |

Row | + Row I

A SIREDS TP-filter that adds D" to the SIRES TP-filter
and includes DS to create synergistic T,, T», and D" contrast
is shown in Fig. 20.6. Row I is a TP-filter with a short TI, a
long TE, and a high b-value, resulting in positive synergis-
tic contrast for increases in T, and T, and a decrease in D"
as seen in some acute diseases and many tumors. This
results in positive synergistic D" contrast. Row II is a
TP-filter with negative synergistic contrast for increases in
T, and T, and a decrease in D*. Row 1l includes the subtrac-
tion: intermediate TI;, short TE, b = “0” D’-filter minus
intermediate TT;, short TE, high b-value (i.e., ES and diffu-
sion subtraction (EDS)). Row III shows the subtraction:
row I minus row II to yield the SIREDS TP-filter. Row IV
shows the reverse SIREDS (rSIREDS) TP-filter. The
divided SIREDS (dSIREDS) and divided reverse SIREDS
(drSIREDS) TP-filters are shown in row V and increase the
positive and negative T, weighting.
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Fig. 20.5 Diffusion b = “0” s/mm? b = 500 s/mm?2 bb = 0" — (b 2
= = = — (b =500 s/
subtraction (DS). b =“0" s/ I« )= ( s/mm)]
mm? (a), b = 500 s/mm? (b), a b c
and subtracted (b = “0" - _
b =500 s/mm?) (¢) filters. The S Sor SD'O SD'm
negative sequence weighting _
shown in panel (b) becomes - -
positive in panel (c) (red
lines)
InD* InD* InD*
s S
S 2 I Q
x M X 1 ]\ =
InT, P Q InT, Q P no
» h
S
SterSreo Sp=Spw 1 P
X Q
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-
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iv 1 P P
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Q T = 0
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Fig. 20.6 A SIREDS filter. The p,, T, and T,, and D" contrasts are
synergistic and positive in row I and the T, T,, and D" contrasts are
synergistic and negative in row IL. In row III, the subtraction (row I

Contrast at Tissue Boundaries

In the previous sections of this chapter, contrast between two
voxels was considered, but there was no reference to the
location of voxels or contrast at the boundaries between two
voxels.

In general terms, contrast detectability at boundaries
between two voxels with different values of S can be related

minus row II) results in overall synergistic positive contrast. Row IV
shows the reverse subtraction. Row V shows the divided forms of the
filters, dSIREDS, and drSIREDS, which have increased T, contrast

to C,, = AS or Cy, = AS/S divided by the distance Ax between
the voxels. Boundaries are more detectable when contrast is
high and Ax is low, rather than in the opposite situation in
which contrast is low and Ax is high.

At a boundary between two pure tissues P and Q, it is use-
ful to define the tissue fraction f, which is the proportion of
the second tissue Q in a voxel containing a mixture of both
tissues. The proportion of the other tissue P is then (1 — f).
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The T, of the mixture of the two tissues (P and Q) can be 1.0 Swa
expressed as a function. i '
Ty = T(Tp.Tyo.f) 0.1) o5l
where Tp is the T, of the mixture, T)pis the T, of P, and T}, Sa
istheTl OfQ P B G, T ra——
of 0 w1000 1500 2000 Ty
It is also useful to consider —, the change in tissue
ox
fraction with distance x. This may be gradual, corresponding ~ -0.5
to a low value of @, or more abrupt, in parts corresponding
10):¢ I
-1.0} Sw

to higher values of o .
1)

Using the chain rule from differential calculus, for T,

AS . . . .
— 1is the change in the fractional contrast with
X

1
where — -
T1

distance x, St is the T,-filter signal, ? is a measure of the
X

S
detectable contrast, —

is the first partial derivative of Sty
1
with respect to T, i.e., the sequence T-weighting, @ is the

change in T, with tissue fraction f, and % is the change in f

with distance x.
If the sequence weighting is high as within the mD of a

aS
dSIR sequence, then WTI is high (Fig. 20.7). In the brain,

1
aT, . . .
—L isincreased from white—gray matter to gray matter—CSF
to white matter—CSF at boundaries between tissue fluids.
of increases as the transition from one tissue changes from

ox
gradual to abrupt.

Fig. 20.7 A dSIR T,-filter with a narrow mD extending from white
matter (W) to a Ty between the TIs of white matter (W) and gray
matter (G) (blue) and a W-nulled T,-filter, e.g., MP-RAGE (pink). The
peak signal (Sy) appears between W and G along the X-axis where
there are partial volume effects producing a Ty between W and G,
which corresponds to the peak signal Sy, i.e., the high signal peak Sy,
isata T, between those of W and G matter and is higher than the signals
for W and G, i.e., Sy and Sg. This high signal boundary is shown in
Fig. 20.8 for narrow and wider mD dSIR T;-bipolar filter

At a boundary between two tissues, the actual T of the vox-
els with mixtures of tissues within them spans the range of T
values between the two tissues. This is shown in Fig. 20.7. If
the T,-filter is such that a T, value between those of the two
tissues results in a high value of S, then a high signal line results
at the boundary between the two tissues, as seen in Fig. 20.8.
The width and location of the line is dependent on the slope of
the T -filter and the gradient of T, with f as well as the gradient
of f with x. The high signal narrow boundary at the white—gray
matter boundary inside the brain in Fig. 20.8a was obtained
using a narrow mD and the wider boundary high signal was
obtained with a wider mD (Fig. 20.8b). Thus, the width of the
boundary can be changed by the choice of mD, which alters the
slope of the T)-filter. The location of the high signal boundary
can also be shifted to between cortical gray matter and CSF by
use of an even wider mD. High signal boundaries provide a
useful basis for locating lesions and segmenting tissues.
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narrow mD dSIR

wider mD dSIR

Fig. 20.8 A patient with small vessel disease of white matter with a
narrow mD dSIR image (TI = 540 ms and TI; = 640 ms, ATI = 18% at
3 T) (a) and an intermediate mD dSIR image (TI; = 540 ms and
TI; = 840 ms, ATI = 56%) (b). In panel (a), where the slope of the T;-
filter is high, the high signal boundary between white and gray matter is

Fig. 20.9 Case of MS.
Comparison of T,-wSE (a)
and narrow mD dSIR (b)
images. The T,-wSE image
appears normal. A focal lesion
not seen on the T,-wSE image
is shown on the dSIR image
(long arrow) and other
abnormalities are seen in the
corticospinal tracts (short
arrows) as well as elsewhere
in the white matter on the
dSIR image. The normal
white matter is black, and
about 80% of the white matter
on the dSIR image shows a
higher signal and is abnormal.
High signal boundaries are
seen between white matter
and cortical gray matter.
These are not seen on the
T,-wSE image (a)

T2-WS E

Examples

Application of these principles can be seen in a case of mul-
tiple sclerosis (MS) (Fig. 20.9).

In the figure, T,-weighted SE (T,-wSE) images are com-
pared with dSIR images. No abnormality is seen on the T,-
wSE image (Fig. 20.9a), but a focal lesion is seen on the
dSIR image (long arrow) (Fig. 20.9b). The corticospinal
tracts are also seen (short arrows). There are areas of
increased signal in much of the white matter (normal white

narrow (arrows). In panel (b), where the slope of the T;-filter is lower,
the high signal boundary between white and gray matter is broader
(corresponding paired white arrows in panels (a) and (b)). The same
pattern is seen at white matter—CSF boundaries around the lateral ven-
tricles (corresponding paired white arrows in panels (a) and (b))

narrow mD dSIR

A, -

matter appears black). High-signal, high-contrast boundaries
are seen between white and gray matter.

In a case of small vessel disease, abnormalities are seen
on the T,-wSE image (Fig. 20.10a), but more extensive
change is seen with the dSIR image (Fig. 20.10b).

A comparison of a T,-fluid attenuated inversion recovery
(T,-FLAIR) image (Fig. 20.11a) and a DESIRE image
(Fig. 20.11b) is shown in a case of MS. The lesions that
exhibit a high signal due to their increase in T, in Fig. 20.11a
show low signal due to myelin loss in Fig. 20.11b.
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Fig.20.10 A patient with small vessel disease of white matter T,-wSE
(a) and narrow mD dSIR (TIs 540 ms and 640 ms with ATI = 18% at
3 T) (b) images. The dSIR image shows much more abnormality than
the T,-wSE image. On the dSIR image (b), normal white matter is black
(the lowest gray-scale value) and abnormal white matter with an
increased T} is higher signal up to the highest, gray-scale display value.
Normal gray matter and CSF show intermediate signal. There is a high

Fig.20.11 T,-FLAIR (a, ¢)
and corresponding DESIRE
(b, d) images in a case of
MS. The lesions have high
signals due to increased T, on
the T,-FLAIR images (a, ¢)
and show low signals due to
loss of myelin on the DESIRE
images (b, d). (Reproduced
with permission from Ma
etal. [13])

narrow mD dSIR

signal boundary between normal white and gray matter as well as
between white matter and CSF. Abnormal white matter, which has T,
increased beyond that corresponding to the second nulled TI shows a
high signal boundary at the maximum signal and an intermediate signal
center. This appearance is seen in some lesions in the occipital white
matter
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Conclusions

This chapter describes the concepts underlying MASDIR
sequences and scMRI and explains how they can be
applied. It is somewhat counterintuitive that successively
nulling the signals from normal and abnormal tissues can
lead to high contrast T|-weighted images and that this con-
trast may be many times that produced by a single IR
sequence. Likewise, the production of high signal, high
contrast boundaries between white and gray matter with
dSIR sequences is difficult to explain without the use of
T,-bipolar filters.

The work has a mathematical basis and uses differential
calculus to understand TP-filters and the CCT as well as con-
trast at boundaries. The basic operations of arithmetic,
namely, multiplication, addition, subtraction, and division
are used to combine IR sequences. The graphics used to
understand contrast are accessible using a basic level math-
ematical app such as Wolfram Alpha.

There are also many other options with MASDIR
sequences, including perfusion, use of magnetization trans-
fer, phase imaging, and fat and bone marrow imaging, in
which synergistic contrast may be particularly useful.

Appendix: Features of the dSIR and drSIR
Sequences, Including Their Use As T, Maps

The signals S and S; for two long TR IR T;-filters with short
and intermediate TIs: T and TI;, respectively, are given by

S, =1-2¢(-TI,/T,) (20.3)

and

S, =1-2e(-TI/T,) (20.4)

Performing the subtraction: magnitude of the IR signal
IS in Eq. 20.3 minus magnitude of the IR signal IS in
Eq. 20.4 yields the signal of the SIR T-filter Sg;z, which is
equal to —S, — S;, i.e.,

Sex = 2¢(~TL /T, )+2e(-TI, /T,) 2 (20.5)

Addition of the magnitudes of the two IR signals IS | and
IS;l in Egs. 20.3 and 20.4 S,k is equal to =S, + S,, i.e.,

Sar =2e(-TL /T, )-2e(-TL /T,) (20.6)

AIR
Division of the signal of the subtraction T;-filter Sgr in
Eq. 20.5 by the signal of the addition T;-filter Sk in Eq. 20.6
yields the signal of the Sysr T-filter:
_e(-TL/T,)+e(-TL /T,)-1
SR e(~TL/T,)—e(-TL/T,)

(20.7)

Although this expression is accurate, it does not provide
an easy insight into the properties of the Sygir T;-filter. To do
this, a linear equation of the form y = mx + ¢ between the end
points of the mD can be produced by fitting a straight line to
the first and last points of the mD (i.e., first point at x = TI/
In 2 and y = 1 and last point at x = TI/In 2 and y = —1). This
can be used as an approximation for the Sysr T-filter so that

SRLLE ) |
BRATI ' ATI

where ATI = TI, — TI and XTI = TI, + TL.

The expression in Eq. 20.8 demonstrates four key features
of the dSIR T,-filter: first, it shows a linear change of signal
with T in the mD as an approximation to the T,-filter, second,
it has a slope equal to In 4/ATI, third, it shows high sensitivity
to small changes in T; when ATI is small, and, fourth, the
equation can be used to map T values directly from Sy Since

(20.8)

ATI >TI
T,

~ = 20.9
" Ind "™ In4 (20.9)

Thus, the dSIR image is also a T; map. The Sysr image/T),
map shows high contrast and high spatial resolution as for the
two source images since they are linear voxel rescaling of
these images (e.g., Fig. 20.12) with the three caveats: (i) it only
applies to Ts in the mD; (ii) the reasoning applies to long TR
IR images. If the TR is not long enough, then correction of the
T, values is needed and (iii) accurate nulling is required.
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Fig. 20.12 A narrow mD dSIR image/T, map (TL; = 540 ms and
TIL; = 640 ms, TR = 6000 ms) in a patient with small vessel disease
showing T, values within the mD on the gray scale on the right. The
figure relates dSIR signal to the T, gray scale, which covers the mD that
is within the white matter. The gray scale shows T, values over a range
of 144 ms with the dark, low signal representing shorter, normal T, val-
ues in the white matter of 780 ms (i.e., 540/In 2 ms) and above, and the
higher signal representing abnormal increased T, values in the white
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Introduction

T, relaxation is a fundamental MR property of tissue, and
quantitative T measurement offers a better understanding of
the imaging contrast mechanisms [1, 2]. Measured Ts may
be used as biomarkers of diseases such as degeneration of
cartilage and tendon [3, 4] since they have an advantage over
T, or T,* measurement because of their insensitivity to the
magic angle effect [5]. In addition, other quantitative mea-
sures, such as T;p [6, 7], magnetization transfer modeling
[8], and perfusion [9], are highly dependent on the accuracy
of T, measurements. As a result, accurate T, quantification is
essential in many MR imaging studies.

Many T, measurement techniques have been combined
with ultrashort echo time (UTE) acquisitions to provide
accurate T, measurements of short-T, species, such as
saturation recovery (SR) [10-14] and inversion recovery
(IR) [15-19], as well as gradient echo-based variable flip
angle (VFA) [11, 20-26] and variable repetition time (VTR)
[16, 27-29] methods. These techniques have been applied to
T, measurement in many short-T, tissues, such as cortical
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bone, tendons, ligaments, the osteochondral junction, and
myelin.

This chapter describes these quantitative UTE T, mea-
surement techniques and discusses their advantages and
disadvantages.

Saturation Recovery UTE (SR-UTE)

Figure 21.1 shows a diagram of the SR-UTE measurement
sequence with different saturation recovery times (TSRs). A
90° nonselective pulse is utilized to saturate short-T, tissue
magnetization, and UTE data acquisition starts after
TSR. With a series of SR-UTE scans with different TSRs, T,
can be estimated using the following equation [16, 30]:

TSR

S(TSR)=S,(1-(1-k))e " +C (LD

where S(TSR) is the acquired UTE signal and S, is the UTE
signal with full longitudinal recovery. k accounts for the
residual fraction of the longitudinal magnetization after
application of the saturation pulse. C is the constant account-
ing for background noise and image artifacts. k can be esti-
mated from the Bloch equations for a known tissue T,. If the
saturation module consists of several short 90° pulses, then
the tissue magnetization is completely saturated, and
Eq. 21.1 is simplified since k = 0. In this case, the T, mea-
surement is more accurate because of the simplicity of the
equation and the insensitivity of it to B, inhomogeneity.
Filho et al. applied the SR-UTE sequence to the measure-
ment of T in the Achilles tendon [10]. The signal intensities
of the tendon increase with longer TSRs. The estimated T, of
this tendon is around 611 ms. The SR-UTE sequence was
also utilized for T, measurement in tibial cortical bone
(Fig. 21.2), in which images were acquired with TSRs from
10 to 800 ms [14]. Excellent fitting was achieved with an
estimated T, value of around 231 ms for this cortical bone.
While the Achilles tendon shows a low signal at short TSRs,
cortical bone shows a high signal on SR-UTE images even
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Fig.21.1 A sequence Saturation pulse
diagram of the SR-UTE —
sequence. A saturation pulse,
typically a 90° nonselective
pulse, is used to saturate

-<—— TSRy ——>

Y. Ma et al.

UTE excitation pulse

tissue magnetizations,
followed by a UTE
acquisition. A series of
SR-UTE scans with different —
saturation recovery times

(TSRs) are performed for T,
quantification

A

TSR,

Y

'

A

TSRy
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TSR=10ms TSR=50ms
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¢
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Fig. 21.2 Representative normal tibial cortical bone SR-UTE images
with TSRs of 10, 50, 100, 200, 400, and 800 ms (a) and the corresponding
fitting (b). The signal intensities of the SR-UTE images increase with

with the shortest TSR of 10 ms. This is due to inefficient
saturation of the extremely short-T, magnetization of corti-
cal bone (i.e., a relatively high k value) and the fast signal
recovery during TSR due to the short T, of cortical bone. To
achieve a more reliable T, measurement using the SR-UTE
technique, the TSR should be long enough to obtain a broader
signal dynamic range and provide more reliable curve
fitting.

Zhang et al. proposed using a three-dimensional (3D)
SR-SWIFT (sweep imaging with Fourier transformation)
Look-Locker sequence for T measurement of extremely
short-T, high-concentration iron oxide nanoparticle
(IONP) suspensions [12]. Figure 21.3a shows the
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longer TSRs, and the estimated T, value of the tibial cortex is 231 ms.
(Reproduced with permission from Du et al. [14])

sequence diagram. In this sequence, an adiabatic half-
passage (AHP) pulse was utilized for signal saturation,
and multiple datasets were acquired with different TSRs
in a single TR. Fast T; measurement was achieved with
this Look—Locker scheme. A phantom was constructed
from six 5-mm nuclear magnetic resonance (NMR) tubes
containing Ferrotec EMG 308 iron oxide nanoparticles
(IONPs) of concentrations ranging from 0.0 to 53.6 mM
of Fe (equivalent to 0.0-3.0 mg Fe/mL) in 1% agar solu-
tion. Figure 21.3b shows excellent linear correlations
between measured R;s and Fe concentrations, demon-
strating the feasibility of obtaining T, measurements of
high-concentration IONP suspensions.
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Fig. 21.3 An acquisition scheme for a 3D SWIFT Look-Locker
sequence for T measurement (a) and a correlation curve between the
measured R;s (by both the proposed method and a reference spectro-
scopic IR method) and concentration of Fe (b). N, spokes are acquired
at each TR, and these N, views are equally divided into N,/N,;, groups.
Nyin 1s the total number of views in one group. The data acquired within

UTE with Variable TR (UTE-VTR)

Although the SR-UTE technique can accurately measure
T, values for short-T, tissues, the scan time is quite long,
especially when TSR is greater than 1000 ms. This long
scan time makes the current SR-UTE sequence unsuit-
able for clinical use. A faster T| measurement technique
using the variable TR (VTR) method has therefore been
proposed [16].

For UTE-VTR T, measurement, the regular steady-state
UTE sequence with radiofrequency (RF) spoiling and a gra-
dient crusher is used for data acquisition. The steady-state
signal S(TR) is provided in Ma et al. [24, 28]:

1-FE

S(TR)= Mo, (@ m ey oy

(21.2)

where M, is the equilibrium magnetization and £ = exp [— FI:F—R]

1
Jfo(a,7,T,) and f(a,7,T,) are the respective transverse and
longitudinal magnetization mapping functions generated by
the RF pulse, with f (a,7,T,)=M) /M, and
f.(a,7,T,)=M; /M. M; is the longitudinal magnetiza-
tion before RF excitation. M, and M are the transverse and
longitudinal magnetizations after the RF excitation, respec-
tively. a is the flip angle, and 7 is the duration of the rectan-
gular excitation pulse. Details of f,(a,7,T,) and fi(a,7,T,)
are as follows [24, 28]:

concentration of Fe (mM)

groups with the same TSRs are combined and reconstructed into one
image. A total of (N,/Ny,) images are produced with different TSRs
using this sequence. R;s measured by both this method and a reference
spectroscopic IR method have an excellent correlation with the concen-
tration of Fe. (Reproduced with permission from Zhang et al.[12])

Since the RF pulse duration is much shorter than the tis-
sue T, T, relaxation during the excitation can be neglected in
the mapping functions. For short-T, tissues with T, values of
the same order as the RF duration 7, both f,(a,7,T,) and
fa,7,T,) are determined not only by the flip angle a but also
by 7 and the tissue T,. For relatively long-T), tissues with Ts
>> 7, both f,(a,7,T,) and f.(a,7,T,) simplify to sin(a) and
cos(a), respectively, so that Eq. 21.2 becomes

1-FE

S(TR)=Mysin (@) —2 205

(21.5)
The UTE-VTR method acquires a series of UTE data
with different TRs for T, fitting. The UTE-VTR method uses
a fixed and relatively low flip angle for excitation (20°, for
example). This low flip angle excitation allows using a pulse
duration 7 that is significantly shorter than the T, and T, of
bone water so that the simplified Eq. 21.5 can be utilized for
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TR/TE = 15/0.03 ms

Fig.21.4 A representative tibial UTE-VTR image from a healthy vol-
unteer with a TR of 15 ms (a) and the corresponding fitting of the tibial
cortical bone (b). Excellent fitting is achieved with the UTE-VTR

T, fitting. The low flip angle excitation also allows fast lon-
gitudinal magnetization recovery for accurate T, measure-
ment. The more time-efficient UTE-VTR scan benefits from
this fast recovery (i.e., with use of a shorter TR). With the
reduced TR, volumetric T; measurement is possible using a
3D UTE-VTR method. This is unlike SR-UTE T, measure-
ment, which is typically a two-dimensional (2D) method due
to its long scan time.

Chen et al. applied the 3D UTE-VTR technique to corti-
cal bone volumetric T, measurement [16]. The representa-
tive 3D UTE-VTR image and a fitting curve of these authors
are shown in Fig. 21.4. The steady-state UTE signal
increases with longer TRs. The measured T} of cortical bone
using the UTE-VTR method is around 273 ms, which is
very similar to the value measured with the SR-UTE method
shown in Fig. 21.2. The UTE-VTR sequence with a rela-
tively long TE (e.g., 2.5 ms) was applied to pore water T,
measurement. In this case, pure pore water signals were
received and quantified after the bound water signals had
decayed to zero, which was before the UTE-VTR data
acquisition at a TE of 2.5 ms.

UTE Actual Flip Angle Imaging (UTE-AFI)

The UTE-VTR T, measurement method is sensitive to B,
inhomogeneity. The B, distribution is more inhomogeneous
when imaged with a higher magnetic field scanner, such as
3Tand 7 T. As aresult, B, correction for accurate UTE-VTR
T, measurement is critical on clinical 3T scanners.

The AFI method has been widely used for 3D B, mapping
[31], which is a perfect fit with 3D T, measurement using
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method, and the estimated T, value of the bone is 273 + 13 ms.
(Reproduced with permission from Chen et al. [16])

UTE sequences. Using the combination of UTE and AFI
techniques, it is possible to measure B; maps for short-T), tis-
sues. Recently, Ma et al. have combined the UTE-VTR and
UTE-AFI methods to provide accurate T; measurement of
short-T, tissues with B, correction [28]. The UTE-AFI
sequence is shown in Fig. 21.4a, which uses a pair of inter-
leaved TRs to produce accurate B, mapping.

The steady-state signals S; and S, acquired in TR, and
TR, of the 3D UTE-AFI sequence are expressed as follows
[24, 28]:

1-E,+(1-E)E, f.(a,7,T})

21.6
“EEf (arT) O

S, =M,f, (a,7.T,)

1-E +(1-E,)E f.(a,7.T,)
1-EE, [ (a,7,T,)

S, =M,f, (a,1.T,) (21.7)

with
E =exp(-TR,/T))
E, =exp(-TR,/T,)

where M, is the equilibrium magnetization.

Two fundamental assumptions are necessary for accurate
B; mapping with AFI: first is that complete spoiling of the
transverse magnetization occurs during TR; and TR,, and
second is that TR;s and TR,s are short compared to T,. For
short-T, imaging, the first assumption is easily fulfilled due
to the fast signal decay of the short-T), tissues. With TRs that
are short relative to T, the signal ratio r of S; to S, can be
simplified using a first-order approximation for the exponen-
tial terms [28, 31] so that
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1+nf. (a,7.T,)
n+ f.(o,7.T,)

where n = TR,/TR,. The ratio r can then be used as a T)-
independent measure of f.(a, 7, T,):

r=8,/8 ~ 21.8)

rn—1

JACENNE ;

(21.9)
—-r

For long-T, tissues, f.(a,7,T,) becomes cos(a). So, the
actual flip angle o can be estimated with the following equa-

tion [28, 31]:
(rn—lj
oL ~ arc cos

n—r

(21.10)

Then, the B, scaling factor (B),) is obtained by dividing
the measured a by the nominal flip angle a,.,, Wwhich is
expressed as follows:

Blsza/anom (2111)

B, is used to quantify RF inhomogeneity. B;; = 1 corre-
sponds to a uniform RF field.

To achieve sufficient sensitivity for B; mapping, the AFI
technique should use a relatively high flip angle (i.e., >40°).
However, with this high flip angle and the limited RF peak
power of clinical scanners, the pulse duration z (between 150
and 200 ms) is comparable to the T,s of ultrashort-T, tissues
such as cortical bone with a T, of ~0.3 ms [28]. The measure-
ment of @ or By, from Eq. 21.9 is complicated in this case. With
known values of 7 and tissue T,, a can be calculated from the
analytical expression of f.(@, 7, T,) in Eq. 21.4 or through Bloch
equation simulation. However, it is highly challenging to mea-
sure short-T, values accurately in practice.

To cope with these issues, Ma et al. proposed a new
approach that avoids the calculation of o for B; mapping [28].
Instead, the value of f.(a,7,T,) in Eq. 21.9 is directly used
as input for T, calculation using the UTE-VTR method (i.e.,
Eq. 21.2). To use this method, the RF pulse duration and flip
angle need to be identical for both the UTE-VTR and UTE-
AFI sequences (UTE-AFI-VTR). In this case, the longitudi-

nal function f.(a, 7, T,) of the UTE-AFI sequence is identical
to that of the UTE-VTR sequence. This way, f.(a, 7, T,) maps,
including information about both B, and excitation efficiency,
are measured instead of the regular B, maps.

Once f.(a,7,T,) is known and substituted into Eq. 21.2,
the regular UTE-VTR method is used for T, mapping of
short-T, tissues. This framework also works for the T,
measurement of long-T), tissues. Figure 21.5b and ¢ shows
representative UTE-AFI images of a bovine cortical bone
sample with TRs of 20 and 100 ms. Bj, and f. maps are
calculated from these dual TR images, as shown in
Fig. 21.5d and e, respectively. The B, map is calculated
from Egs. 21.10 and 21.11, which is inaccurate since the
bone T, is not sufficiently long compared to the RF pulse
duration. The opposite distribution in both B and f. maps
is seen due to the B; inhomogeneity. Figure 21.5g and h
shows T| maps obtained using the regular UTE-VTR and
the newly developed UTE-AFI-VTR methods, respec-
tively. The regular UTE-VTR method uses a short RF
pulse of 60 ps and a flip angle of 20°. The B, distribution
modulates the UTE-VTR T, map. The UTE-AFI-VTR T,
map shows a much more homogeneous T, distribution. As
shown in Fig. 21.6, much more uniform T, maps for in vivo
tibial cortical bone were also achieved with the new UTE-
AFI-VTR method compared to the B;-uncorrected UTE-
VTR method.

Furthermore, Zhao et al. proposed a faster version for
short-T, tissue T, measurement, which only acquires dual-
TR UTE-AFI data and UTE data with a single TR (UTE-
STR) (UTE-AFI-STR) (a total of three datasets) [29]. In this
approach, three equations, i.e., Eqs. 21.2, 21.6, and 21.7 are
combined into a group for data fitting, with three unknown
parameters in this group, i.e., fi(a, 7, T,), Myf.(a,7,T,), and
T;. Thus, the three acquired datasets are sufficient for fitting
and parameter estimation. This new approach takes advantage
of the identical M, and excitation parameters in both the
UTE-AFI and UTE-STR sequences. Similar T, maps of cor-
tical bone are achieved with both the faster UTE-AFI-STR
and slower UTE-AFI-VTR methods.



266

Y. Ma et al.

Fig.21.5 A UTE-AFI
sequence diagram (a) and T,
measurement results of an

ex vivo bovine cortical bone
(b-g). The UTE-AFI
sequence acquires two
datasets with two different
interleaved TRs. Examples of
two AFI images of cortical
bone are shown in panels (a)
and (c). Inhomogeneous
distribution of B;s (d) and f,
(e) maps can be seen in the
cortical bone region. A much
more uniform T; map is
generated by the UTE-AFI-
VTR method (g) compared to
that generated by the regular
UTE-VTR method (f).
(Reproduced with permission
from Ma et al. [28])
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Fig.21.6 Representative
tibial cortical bone T,
measurement with UTE-VTR
and UTE-AFI-VTR for a
healthy volunteer.
Inhomogeneous distribution
of B;s (a) and f, (b) maps can
be seen in the cortical bone
region. A much more uniform
T, map is generated by the
UTE-AFI-VTR method in
panel (d) compared to that
generated by the regular
UTE-VTR method (¢).
(Reproduced with permission
from Ma et al. [28])

UTE with Variable FA (UTE-VFA)

The fast VFA technique has been widely used for T, mea-
surement [31]. It has recently been combined with UTE
acquisition for T, measurement of the whole knee joint [24,
26]. The UTE-VFA sequence has advantages in measuring
tissues with a wide range of T;s. However, as with the UTE-
VTR method, the UTE-VFA method is susceptible to B,
inhomogeneity.

The UTE-AFI sequence has been applied to measure B,
maps for correction of UTE-VFA T, measurement (called
UTE-AFI-VFA) [24, 26]. In this technique, the B; map is
estimated from Eqgs. 21.10 and 21.11, without consider-
ation for the extremely short-T, tissues (T, < 1 ms), such as
cortical bone [24]. Ma et al. performed a numerical simula-
tion and found that the errors in T, estimation for tissues
with a T, > 1 ms are less than 1% if a 150-ps RF pulse is
utilized for signal excitation in the UTE-AFI-VFA acquisi-
tions [24]. Apart from cortical bone, most tissues in the
knee joint, such as cartilage, meniscus, ligaments, tendons,
muscles, and fat, have T,s longer than 1 ms. Thus, the UTE-
AFI-VFA technique could provide a comprehensive T,
measurement for all the soft tissues in the knee joint except
cortical bone.

1.1
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0.56

0.38

216

162

108

54

Figure 21.7 shows representative UTE images and esti-
mated B, and T; maps in a healthy knee joint. In this study,
an eight-channel transmit and receive (T/R) knee coil was
utilized for RF excitation and signal reception [24]. Apparent
B, variations can be found in estimated B; maps with this T/R
knee coil. The B,-corrected and B,-uncorrected T, maps are
shown in the second and third rows, respectively. More uni-
form T, values in the marrow fat and muscle regions can be
seen in the Bj-corrected T; maps. This demonstrates the
effectiveness of the B, correction using the UTE-AFI tech-
nique. Ma et al. also summarized the average T, values for
principal tissues from 16 healthy knee joints. The UTE-AFI-
VFA method showed a mean T, value and standard deviation
(SD) of 833 = 47 ms for the meniscus, 800 = 66 ms for the
quadriceps tendon, 656 + 43 ms for the patellar tendon,
873 + 38 ms for the anterior cruciate ligament (ACL),
832 + 49 ms for the posterior cruciate ligament (PCL),
1098 + 67 ms for the cartilage, 379 + 18 ms for the marrow,
and 1393 + 46 ms for the muscle.

Maggioni et al. further optimized the spoiling scheme for
faster UTE-AFI acquisitions with half the scan time [26].
The angle orientations of the gradient crushers in the x—y
plane are randomized within different TRs. The phantom and
in vivo knee joint experiments showed more stable T, esti-
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Fig. 21.7 Representative UTE images for three different slices (a—¢)  generated by the B,-uncorrected UTE-VFA method (g-i). The inhomo-
and the corresponding T, mapping results in a healthy knee joint. Much ~ geneous distribution of the B, maps can be seen in the coil boundary
more uniform T, values in muscles and marrow fat regions are achieved — region (j-1). (Reproduced with permission from Ma et al. [24])

using the B;-corrected UTE-AFI-VFA method (d—f) compared to those
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T, VFA-AFI TR 10 AG,=55
Zconstand X,Yrand

- e

T, VFA not corrected

Fig.21.8 Representative B, (last column) and T, mapping results from
a healthy knee joint using the B;-uncorrected UTE-VFA method (first
column) and the optimized UTE-AFI-VFA method (second column).

mations using the optimized UTE-AFI sequence than the
conventional AFI sequence. Figure 21.8 shows representa-
tive T; maps with and without B, correction for a healthy
knee joint. With B, correction, T; maps in the muscle and
marrow fat regions are spatially more uniform. The study
also summarized T, values for different tissues in a healthy
knee joint and showed a mean T, value and SD of 768 + 38 ms
for the quadriceps tendon, 640 + 56 ms for the patellar ten-
don, 337 + 8 ms for the bone marrow, and 1411 + 156 ms for
the muscle. These T, values are similar to the measurements
in Ma et al.’s study, demonstrating the accuracy of the opti-
mized protocol.

Inversion Recovery UTE (IR-UTE)

The IR sequence is the gold standard for T, measurement
for long-T, tissues [32]. However, for the T, measurement of
short-T, tissues, the relatively long IR pulse does not invert the
longitudinal magnetizations efficiently [33, 34]. This makes
the T, measurement of short-T, tissues more complicated.
Zhao et al. performed a phantom study to investigate the
feasibility of T; measurement of short-T, tissues using an
IR-UTE sequence [15]. This sequence uses an adiabatic full-
passage (AFP) pulse for signal inversion, followed by a
multispoke UTE acquisition. IR-UTE acquisitions with dif-
ferent inversion times (TIs) are acquired for curve fitting and
T, estimation. To account for the imperfect inversion, an
inversion efficiency factor Q is included in the signal equa-
tion. Q ranges from —1 (full inversion, for species with long

B, UTE AFI TR 10 AG=55
Zconstand X;Yrand

Much more uniform T, values are achieved in muscle and marrow fat
regions using the Bj-corrected UTE-AFI-VFA method. (Reproduced
with permission from Maggioni et al. [26])

Tss, e.g., T, > 100 ms) to 1 (no disturbance to the longitudi-
nal magnetization, for species with extremely short Tss, e.g.,
T, < 1 ps). Q is 0 when the magnetization is completely satu-
rated (for tissues with ultrashort Tss, e.g., T, ~ 0.1 ms). In
this study, 12 5-mL tubes were filled with MnCl, aqueous
solutions with concentrations ranging from 0 to
89.16 mM. The phantom T,* values ranged from 0.14 to
10.61 ms for the tubes with concentrations of 89.16—
1.43 mM, which covers the T,* values for the major short-T,
tissues in the body. Figure 21.9 shows the representative
IR-UTE images with different TIs for two TRs of 50 and
400 ms, respectively. Different contrasts for the IR-UTE
images were observed at different TIs. The R; values are
well-correlated with the concentrations. The IR-UTE
sequence with a longer TR (i.e., 400 ms) performs better for
the T, measurement of longer-T), tissues. In comparison, the
IR-UTE sequence with a shorter TR (i.e., 50 ms) performs
better for the T, measurement of shorter-T; tissues. This
study demonstrates the feasibility of T, measurement of
short-T, tissues using the IR-UTE sequence.

Du et al. proposed an IR-UTE technique for T; mea-
surement of short-T, components in the brain (i.e., myelin)
[19] and cortical bone (i.e., bound water) [16, 17]. In this
approach, long-T, components are suppressed by IR prep-
aration, and UTE acquisitions detect only short-T, sig-
nals. Several IR-UTE scans are performed with different
TRs, and TIs are carefully chosen at long-T, nulling
points for each TR. Then, the acquired short-T, signals
are fitted by the IR-UTE signal model for T, measure-
ment. Figure 21.10 shows representative dual-echo
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Fig. 21.9 Representative IR-UTE images with TRs of 50 and 400 ms
(a and b, respectively) and the correlation curves between measured R;s
and MnCl, concentrations (b). Different image contrasts are observed
on IR-UTE images with different TIs. Excellent correlations are

IR-UTE images and the corresponding fitting curves in a
healthy brain [19]. The dual-echo subtracted images with
different TRs offer high myelin contrast, and the myelin
signal intensities increase with longer TRs. After fitting,
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achieved between R;s and MnCl, concentrations for scans with TRs of
50 ms (the left column in panel (b), tubes 4—12) and 400 ms (the right
column in panel (b), tubes 1-10). (Reproduced with permission from
Wei et al. [15])

the estimated T, of myelin is around 234 ms. The same
technique has been applied to bound water T, measure-
ment in cortical bone, and the estimated T, value of bound
water is around 131 ms [16].
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UTEWM ROI

i

Fig. 21.10 Representative brain dual-echo IR-UTE images (a-1) and
T, fitting curves (m and n) in a healthy volunteer. Pure myelin images
(i-1) are achieved by echo subtraction between the first echo (a—d) and

Conclusions

Current state-of-the-art UTE-T| measurement techniques are
summarized in this chapter, including SR-UTE, IR-UTE,
UTE-VTR, and UTE-VFA. The SR-UTE and IR-UTE tech-
niques typically require long scan times. Utilizing the Look—
Locker method could improve scan efficiency. The more
time-efficient UTE-VTR and UTE-VFA methods are suit-
able for high-resolution volumetric T, mapping.
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Introduction

T,* relaxation, also called the apparent transverse relaxation,
describes the exponential decay in M,, following an initial
radiofrequency (RF) excitation pulse as a function of time.
T,* is an important tissue property that incorporates T, but is
additionally affected by inhomogeneities in the main mag-
netic field B, and susceptibility-induced field distortions pro-
duced by tissue, with the latter usually dominant in short-T,
tissues. Ultrashort echo time (UTE) sequences provide direct
imaging of short-T, tissues and tissue components as well as
quantitative assessment of their MR relaxation times and tis-
sue properties. As a result, T,* measurements are commonly
used to evaluate short-T, tissue degeneration [1-3], iron
deposition [4—6], temperature [7], and soft tissue calcifica-
tion [8, 9].

Biological tissues frequently contain different water com-
partments with distinct T, or T,* values [10—19]. Quantifying
different water components may be problematic with clinical
MR sequences, as conventional spin echo and gradient echo
sequences us