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ABSTRACT OF THE DISSERTATION

Molecular Imaging for Breast Cancer Using Magnetic Resonance-guided Positron Emission
Mammography and Excitation-resolved Near-infrared Fluorescence Imaging

By
Jaedu Cho
Doctor of Philosophy in Biomedical Engineering
University of California, Irvine, 2017

Professor Gultekin Gulsen, Chair

The aim of this work is to develop novel breast-specific molecular imaging techniques for
management of breast cancer. In this dissertation, we describe two novel molecular imaging
approaches for breast cancer management.

In Part I, we introduce our multimodal molecular imaging approach for breast cancer
therapy monitoring using magnetic resonance imaging and positron emission mammography
(MR/PEM). We have focused on the therapy monitoring technique for aggressive cancer molecular
subtypes, which is challenging due to time constraint. Breast cancer therapy planning relies on a
fast and accurate monitoring of functional and anatomical change. We demonstrate a proof-of-
concept of sequential dual-modal magnetic resonance and positron emission mammography
(MR/PEM) for the cancer therapy monitoring. We have developed dedicated breast coils with
breast compression mechanism equipped with MR-compatible PEM detector heads. We have
designed a fiducial marker that allows straightforward image registration of data obtained from

MRI and PEM. We propose an optimal multimodal imaging procedure for MR/PEM.

Xii



In Part 11, we have focused on the development of a novel intraoperative near-infrared
fluorescence imaging system (NIRF) for image-guided breast cancer surgery. Conventional
spectrally-resolved NIRF systems are unable to resolve various NIR fluorescence dyes for the
following reasons. First, the fluorescence spectra of viable NIR fluorescence dyes are heavily
overlapping. Second, conventional emission-resolved NIRF suffers from a trade-off between the
fluence rate and the spectral resolution. Third, the multiple scattering in tissue degrades not only
the spatial information but also the spectral contents by the red-shift. We develop a wavelength-
swept laser-based NIRF system that can resolve the excitation shift of various NIR fluorescence
dyes without substantial loss of the fluence rate. A linear ratiometric model is employed to measure

the relative shift of the excitation spectrum of a fluorescence dye.
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Chapter 1: Introduction

1.1. Breast cancer imaging

Breast cancer has been one of the most frequently diagnosed cancers and the leading cause
of deaths in women worldwide. (1) The American Cancer Society estimates about 321,120 new
cases of breast cancer will be diagnosed and about 40,610 women will die from breast cancer in
2017 in the United States alone. (2) Fortunately, the mortality of breast cancer is gradually
declining due to new development in advanced techniques in early diagnosis and therapy. (3-5)
However, many technical challenges remain to be resolved. Breast cancer is a family of diseases
including different presentation, biology, and response to therapy. (6) Conventional anatomy-
based imaging techniques for breast cancer, such as mammography and ultrasound, cannot deliver
an ideal diagnostic yield due to numerous individual effects including ages, breast density, and
hormonal status. (7, 8) Also, optimal breast cancer treatment with personalized medicines often
requires knowledge about the molecular behavior of various subtypes of tumors. (9, 10)
Furthermore, incomplete resection of the tumor during surgical treatment causes a high rate of
unwanted recurrent of the lesion. (11) Therefore, knowledge of tumor identification, growth,
progression, and other important biomolecular pathways can be critical value in the management
of breast cancer patients. Recently, molecular imaging has emerged to provide knowledge of tumor
biology and applied to daily practice. (12) Molecular imaging is defined as the visualization,
characterization, and measurement of biological process at the molecular and cellular levels in
humans and other living systems including two- or three-dimensional imaging as well as
quantification over time. (13) Molecular imaging can be used for various stages of cancer

management such as screening, staging, therapy response monitoring, and image-guided surgery.



(14) Molecular imaging instrumentation comprised tools that enable visualization and
quantification in space and over time of signals from molecular imaging agents. Molecular
imaging instrumentation includes magnetic resonance imaging, positron emission tomography
(PET), single photon emission computed tomography (SPECT), optical imaging, and others. Table.
1.1 shows the summary of various molecular imaging instrumentation.

Table 1.1 Summary of various molecular imaging instrumentation.

TECHNIQUES ENERGY SPATIAL DEPTH TEMPORAL SENSITIVITY
SOURCE RESOLUTION RESOLUTION (MOLE/L)
MRI Radio wave 25-100 um No limit min - hour 10 - 107

PET(15) High energy 6-8 mm No limit sec-min 101 — 1012
y-rays

SPECT(16) Low energy 10 mm No limit min 1010 — 101
y-rays

Fluorescence  Visible/near- 2-3 mm <l cm sec ~10° - 10712

infrared

1.2.  Magnetic resonance imaging for breast cancer

Magnetic resonance imaging (MRI) is a three-dimensional imaging technique that uses a
strong magnetic field and radiofrequency (RF) pulses to image relevant anatomical structures and
functional information. MRI produces excellent soft tissue contrast and functional information
with a relatively high spatial resolution such that it is used for screening, therapy monitoring,
preoperative staging, and guided biopsy for breast cancer. (17) Breast MRI is the most reliable
imaging technique in preoperative staging of local extent of breast cancer (18), and the sensitivity
is the best of all imaging techniques. (19) Breast MRI requires the administration of a gadolinium-
based contrast agent during the study; early study shows that breast MRI does not have a diagnostic
value without the contrast agent. (20) The contrast agent, for example, gadolinium-

diethylenetriaminepentacetatic acid, GADTPA, wash-in through the leakiness of microcapillaries



of a tumor and then wash-out via reverse diffusion from the extracellular compartment into the
blood stream. (21) Multiple data sets are acquired before and after the administration of the contrast
agent to track the dynamic curve of the contrast agent over time. Breast MRI begins with pre-
contrast T2- or T1-weighted images. T2-weighted images of breast MRI show lesion with high
contents of water otherwise there is no evidence of added value of T2-weighted imaging in breast
MRI. (22, 23) The most widely used RF pulse sequence in breast MRI is the T1-weighted dynamic
contrast-enhanced acquisition. Breast MRI is used for cancer detection in the dense breast, which
is hardly seen in the conventional mammogram. However, the uptake of the gadolinium-based
contrast agent is dependent on the phase of the menstrual cycle such that careful imaging planning

is required for reliable diagnosis.

1.3. Nuclear imaging for breast cancer

PET is a three-dimensional nuclear medicine imaging techniques that are used to map out
the underlying biochemistry. The PET system detects pairs of high energy y-rays (511 keV), which
are emitted in directions 180° apart, generated by a positron-emitting radionuclide such as 'O,
B3N, 11C, and '8F. The high energy y-ray emitting nuclides often conjugate with biologically active
molecules for PET metabolic imaging. The most widely used PET metabolic imaging tracer is '*F-
fluodeoxyglucose (FDG), which is an analog of glucose. The uptake of the radioactive tracer
indicates the cellular metabolic activity, and imaging of FDG allows to explore the possibility of
invasive cancer. FDG uptake imaging, called FDG-PET, is the most common type of PET scan in
breast cancer imaging. FDG-PET is widely used for oncological diagnosis, staging, and treatment
monitoring for various types of cancer including breast cancer. However, FDG-PET scanner is
optimized for the whole-body scanning such that the conventional PET scanner does not provide

ideal diagnostic and monitoring yields for breast cancer imaging. Recently, positron emission



mammography (PEM) has rapidly drawn attention in molecular breast cancer diagnosis due to its
high spatial resolution (< 2 mm), excellent imaging sensitivity and specificity. PEM is a dedicated
breast imaging technique that utilizes two opposing y-ray detector heads and breast compression
paddles. PEM allows improved spatial resolution and photon detection sensitivity about whole-

body PET scanner.

1.4. Fluorescence imaging for breast cancer

1.4.1. Optical molecular imaging for image-guidance breast cancer surgery

More than a half-million of cancer patients undergo surgical treatment in the United States
alone. (24) Surgical removal of the lesion is the most effective cancer treatment and cure almost a
half of all cancer patients. (25) Every year one-fifth to one- quarter of breast cancer patients suffer
from high local recurrence rate due to incomplete removal of the targets, (26, 27) and the mortality
of post-surgery relapse is high. (28) The key to successful surgical treatment is to remove primary
tumors and metastatic pathways completely. Proper imaging tools with the ability to landmark
tumors, nerves, and blood vessels are required for the successful surgical treatment.

Intraoperative imaging is emerging technique that delineates the surgery margins and helps
surgeons to avoid unnecessary damage to vital anatomical structures. There are several
conventional intraoperative imaging techniques, such as magnetic resonance imaging, computed
tomography, positron emission tomography, and ultrasound. However, most of these conventional
radiological modalities are costly and bulky except for the ultrasound, make it impractical for use
around the surgical table such that it does not allow easy access to surgeons. Ultrasound provides
high spatial resolution and tomographic images. However, the high spatial resolution comes at the
cost of small field-of-view, and it requires physical contact of the ultrasound probe posing potential

infection-related problems.



Intraoperative fluorescence imaging has revolutionized the field of surgery-guidance
imaging by clearly delineating target lesion or structures that need to be identified using exogenous
fluorescence agents. (29, 30) Intraoperative fluorescence imaging leverages higher spatial
resolution and sensitivity than human vision and ergonomically placed around the surgical table
facilitating the surgical workflow. (31) Intraoperative fluorescence imaging is characterized by
illuminating targeted contrast agent with a shorter wavelength and taking images or videos of the
emission intensity of fluorophores with a longer wavelength. The high-contrast originates from the
difference of wavelengths between excitation and emission since the signal from the target is only
visible with a properly designed fluorescence imaging system. Particularly, near-infrared
intraoperative fluorescence imaging has greater benefits to UV-VIS spectral range. First, NIR light
penetrates deeper than UV-VIS. Second, NIR reduces background tissue fluorescence. Last, the
vision of surgeon will not be interfered by the intensive excitation lights; NIR is invisible to human

eyes.

1.4.2. Fluorescence agents for intraoperative NIRF

There are several promising NIR fluorophores under development towards clinical
approval. (29, 32-34) We summarized viable NIR fluorescence agents in Table 1. ICG is the only
fluorophore approved for clinical usage in NIR spectrum. ICG is a lipophilic cyanine dye whose
excitation spectrum depends on the nature of the solvent and the concentration, and the excitation
peak of ICG shifts from 780 nm to 807 nm as soon as free ICG binds to lipoproteins such as
albumin in plasma leading to chemical stabilization of ICG. (35, 36) Once ICG in the blood or
lymphatic stream, ICG is strongly confined in the vessels, which is why ICG is mainly used for

angiography, lymphangiography, perfusion, cardiac output, and hepatic function studies. The



lipophilicity of ICG results in the fast clearance rate. (37) Even though ICG is a non-specific NIR
agent, it is used for tumor (34) and atherosclerotic plaque targeting studies. (38) For tumor
imaging, ICG is a small molecule (775 Da) that tend to accumulate in tumor through the coarse
structure of the neovasculature, which is called the enhanced permeability and retention (EPR)
effect. For atherosclerosis imaging, macrophages in the plaque engulf ICG such that the plaque
tends to have more fluorescence contrast than the background. IRDye800CW is designed to reduce
the renal clearance rate such that the agent remains longer than ICG. Due to its hydrophilicity,
IRDye800CW is chemically stable in serum. IRDye800CW is also charged negatively such that it
bound to tissue non-specifically. However, IRDye800CW can conjugate with targeting ligands.
(39, 40) Zwitterionic dyes are newly synthesized to target specific tissue. (41) It has charge neutral
molecular structure resulting in the charge-shielding effect such that it prohibits the non-specific
molecular binding, and the quantum yield outperforms other conventional NIR fluorophores. Most
of the clinically viable NIR fluorescence dyes shares the practical limitation. The Stoke’s shift of
the fluorescence dyes are subtle, 15 nm, the maximum excitation, and full spectrum acquisition
are challenging in epi-illumination geometry, such as open surgery and endoscopic imaging due
to the excitation leakage. The leakage causes the false positive signal that severely degrades the
sensitivity of the fluorescence imaging system. The key design issues are choosing the right

excitation source and detection optics for better SNR.



Table 1.2 Summary of NIR fluorophores for intraoperative imaging.

DYES EXCITATION EMISSION QUANTUM PROPERTIES APPLICATION
PEAK PEAK YIELD
INDOCYANINE 807 nm 822 nm 9% Lipophilic Angiography,
GREEN (serum) Non-specific lymphangiography,

bile duct, Gl track,

tumor imaging

IRDYE800CW 774 nm 789 nm 12% Hydrophilic Tumour imaging and
Non-specific ICG
Ligand

conjugatable
ZWITTERIONIC 772 nm 788 nm 15% Hydrophilic Tumour imaging

DYES with targeting tissue




1.4.3. Intraoperative NIRF imaging systems

Various intraoperative NIRF systems have been developed, as summarized in Table 2.
Most of the systems are designed to image NIR fluorophores such that excitation source and
emission filters are designed from 750 nm to 806 nm excitation and 780 nm to 900 nm emission
detection. Those intraoperative NIRF systems have been heavily used in the visualization of
cardiovascular (42-44), biliary tract (45-47), tumor (48-50), diabetic ulcer (51, 52), gastrointestinal
tract, and lymph nodes (53-55). NIRF imaging has been performed in either open surgery or
minimally invasive surgery. The key design issue for high-performance NIRF system is to choose
excitation light sources and detection optics. The best strategy for fluorescence imaging is to excite
the fluorescence agent at the excitation peak and collect all the spectrum of the emission light. The
challenge for this ideal strategy is the excitation leakage at modern optics. Modern thin film
technologies perform the optical density (OD) of seven out of band rejection. However, the
transition from the passband (OD 0) and the out-of-band (OD 7) is not steep enough to match up
with the Stoke’s shift of currently available fluorescence dyes, 15 nm, such that the maximum
peaks of excitation and emissions are designed to have minimum 30-nm separations. Also, it is
intended for normal incident rays such that backscattered oblique incident light leak through the

filters and added as noise non-fluorescence signal.



Table 1.3 Review of articles for intraoperative NIR fluorescence imaging system

Instrument Excitation Emission Applications Manufacturer/Multispectral
Laser type
ArteMIS (30, 56) 793 nm NS Open surgery Quest Medical Imaging/comment
da Vinci® Si HD 803 nm 830 nm Robotic Intuitive Surgical/ single channel
platform w/ Endoscopy NIR fluorescence
FireFly (30, 57, 58)
FDPM imager (59) 785 nm 825-835 nm Lymphangiography(60) Univ. of Texas Health Science
Center
Fluobeam 800 (59, 61, 780 nm 800 nm Open surgery Fluoptics/single channel NIR
62) fluorescence
IC-View(33, 59) 780 nm 835 nm Perfusion (63) Pulsion Medical System SE/NS
Iridium (62) 785 nm, 825-850 nm Open surgery Vision Sense/ single channel NIR
805 nm Endoscopy(64) fluorescence
SPY Elite (30, 62,65, 806 nm 825-850 nm Open surgery Novadaq Technologies Inc./ single
66) Laparoscopy channel NIR fluorescence
PINPOINT (30, 67) Diabetic foot ulcers
LUNA
SurgOptix T3(30, 68) 750 nm NS Open surgery SurgOptix, Inc./
LED type
FLARE™ (30, 69) 656-678 nm  689-725 nm Open surgery Beth Israel Deaconess Medical
mini-FLARE (70) 745-779 nm  800-848 nm Center/Multispectral 2-ch
simultaneous
Lab-FLARE® Model 665 + 3 nm 685-735 nm Open surgery Curadel ResVet
R1 (62) 760 £ 3 nm >781 nm Imaging/Multispectral 2-ch
simultaneous
Goggle System (29, 770 nm 830 nm Wearable imaging Washington University at St.

71)

Louis/prototype



PDE (Handheld) (30,
72)

PDE-2 / PDE-neo™
(62, 73)

HyperEye (74)

Quest Spectrum (62)

Solaris™ Open-Air

SurgVision Explorer

Air (62, 75)

Xenon arc lamp type

Leica M720 OH5
platform w/

Leica FL800(29, 59)
PENTERO 900
platform w/
INFRARED™ 800™
and FLOW® 800 (29,

30, 33, 59)

760 nm

760-780 nm
NS, Laser

available

667 nm,

743 nm,

757 nm

760 nm

700-800 nm

700-780 nm

> 820 nm

800-850 nm

700-830 nm

830-1000 nm

692-742 nm

770-809 nm

>784 nm

NS

820-860 nm

820-900 nm

Open surgery

Laparoscopy

Open surgery
Open surgery

Laparoscopy

Open surgery

Open surgery

Intraoperative

angiography

Intraoperative

angiography

Hamamatsu Photonics K.K./Single

channel

Mizuho Medical Co.

Quest Medical Imaging/
Multispectral 2-ch (700/800 nm)
simultaneous
PerkinElmer/Multispectral 4-ch

sequential (VIS 1-ch, NIR 3-ch)

SurgVision BV

Leica Microsystems Inc.

Karl Zeiss Inc.
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1.4.4. Spectroscopic NIRF instrumentation

Various sNIRF systems are developed to separate multiple fluorescence agents to solve
complex biomedical problems. (76-80) Conventional wavelength selection methods rely on the
binary splitting of fluorescence emission techniques such as sequential single-channel or
simultaneous multi-channel spectral imaging. (62) However, conventional emission splitting
methods are not suitable for multiple agent NIRF imaging applications. Since the fluence rate of
emission is a critical factor for intraoperative imaging, most of conventional sSNIRF systems are
equipped with wideband emission filters. Therefore, the use of fluorescence agents is limited to a
few widely separate fluorescence agents including visible or far-red fluorescence agents, such as
fluorescein, methylene blue, and porphyrins.

The full potential of intraoperative spectroscopic NIRF imaging could be achieved by
utilizing the newly viable NIR fluorophores summarized in Table 1. The successful spectral
decomposition starts from the high-spectral resolution data acquisition without severe compromise
of the emission fluence rate. The conventional spectral resolving method of splitting emission
signal at detection side has been unable to resolve the viable NIR fluorophores. We introduce a

new concept in resolving currently viable NIR fluorescence agents using excitation spectroscopy.

1.4.5. Excitation spectroscopy

Measurement of fluorescence excitation spectrum is challenging in intraoperative
imaging setup. Excitation light source homogenously illuminates a surface of tissue containing
target fluorescence agents, and quantitative measurement of the excitation energy absorption by
the fluorescence agents is difficult. The fluorescence in low concentration can be approximated

by Equation. (1.1),

11



F(4)~ I77%2.3035(2)Ic. LD

where, F is the steady-state fluorescence intensity, | is the normalized excitation intensity on the
target, Q is the solid angle, ¢ is the molar extinction coefficient as a function of the excitation
wavelength 4, 7 is the quantum efficiency, | is the path length of excitation light through the
fluorescence sample. Since the quantum yield of the fluorescence is independent of the excitation
wavelength, the fluorescence intensity is proportional to the quantum yield, the concentration of
fluorophore, and absorbed energy during the excitation. Accordingly, the measurement of the
fluorescence intensity difference while examining the laser wavelength can provide spectral
information of the wavelength-dependent excitation of the fluorophores. In a mixture of two
different fluorescence agents, identification of two distinct fluorescence agents is possible by
solving linear algebra when at least two different wavelengths are used. In the case of using double
agents such as ICG and IRDye800CW or Zwitterionic dyes, the same absorption wavelength
(hence force isosbestic point) occurs between their maximum excitation peaks (775 nm — 805 nm).
It is a narrow spectral band, and a proper spectrally-resolved source is essential for the excitation
spectroscopy.

There are three major types of the spectrally-resolved source that are used for intraoperative
fluorescence imaging, namely laser, light emitting diodes, and filtered broadband source. Laser
excitation systems tend to have a small separation between the excitation and emission
wavelengths (< 30 nm) that takes advantage of exciting the fluorophores at almost maximum
excitation. Indeed, laser systems allow the most sensitive fluorescence imaging due to the high
fluence rate that is most significant for NIR fluorescence agents at low concentration in tissue. The
laser has an advantage in light coupling due to its narrow solid angle that is effective to minimally
invasive surgery with endoscopy. However, extra caution is required to protect healthcare

12



providers from the high-intensity laser beams. Light emitting diodes (LEDs) are a reasonable
compromise for cost-effectivity and performance. Combined array of LEDs emits high enough
excitation lights. However, the excitation-emission separation is greater than 50 nm due to its
relatively broad spectrum and it requires additional excitation spectral filtering to reduce the
leakage signal. Xenon arc lamp is a broadband light source that is frequently used for the
excitation. It requires post-filtering of the light due to its broadband nature such that thermal relief

on the illumination and filter system is required.

1.4.6. Wavelength-swept laser

Wavelength-swept laser is widely used for cutting-edge technological applications. (81)
The use of the wavelength-swept laser in SNIRF imaging can provide a variety of biomedical
applications in a laboratory as well as a clinical research setup. In this work, we propose a novel
method that can obtain excitation-resolved images in NIRF by employing a near-infrared
wavelength-swept laser as opposed to the previously techniques employed on the detection side of
the instrumentation. To the best of our knowledge, we demonstrate for the first time the excitation-
resolved NIRF imaging with a wavelength-swept laser and a CCD camera. Several research groups
have reported on several types of near-infrared wavelength-swept lasers for biomedical imaging.
(82-84) Meanwhile, we recently developed a wavelength-swept laser centered at 800 nm to image
microstructural and functional information of blood in-vitro (85) and high-resolution depth-
resolved retina layers (86) for swept-source optical coherence tomography. The wavelength-swept
laser that we have developed can tune the wavelength from 780 nm to 820 nm, which covers the

maximum excitation wavelength of ICG. Since a piezoelectric transducer based wavelength
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selector poses thermal instability, we have employed a holographic transmission grating and a

Galvo-scanner as a wavelength selector to avoid the heat instability.

1.5. Dissertation organization

This dissertation consists of two parts. The first part, Part I, is about our new concept of
therapy monitoring for breast cancer technique using a multimodal MR/PEM system. Chapter 3
introduces MR/PEM and demonstrate the proof-of-concept including the development of MR-
compatible PEM detector heads, dual-modality imaging interface, breast compression paddles, and
single-channel breast coil for dedicated MR/PEM breast imaging. Chapter 4 describes the
development of dual-channel breast coil for improved signal-to-noise ratio and scanning speed in
our novel MR/PEM therapy monitoring application. Our prototype single-channel coil in Chapter
3 is significantly enhanced by adding a saddle coil. The SNR of MR image is 20 % better than a
commercial clinical 4-channel breast coil, and its MR scanning speed is comparable to the
commercial one.

The second part of this dissertation, Part II, focuses on the development of excitation-
resolved intraoperative fluorescence imaging system using a near-infrared swept laser for surgery-
guidance imaging. Chapter 5 gives the details of our novel excitation-resolved intraoperative
fluorescence imaging system using a near-infrared wavelength-swept laser. We describe a
straightforward spectral decomposition with a spectrum centroid method. Chapter 6 provide
introduces our novel method for quantitative excitation spectrum measurement using a linear
ratiometric model.

In Chapter 7, Conclusion and future directions that could extend and improve the work in

this dissertation are described.
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1.6.

Innovation and contributions

Several innovative contributions have been achieved in this dissertation:

1. We demonstrate the proof-of-concept of breast cancer therapy monitoring using dual-

modal MR/PEM system. We also expect to achieve high-sensitivity and high-specificity
breast cancer detection and diagnosis with further development.

Our dual-channel dedicated breast coil achieves comparable image SNR and imaging speed
to a commercial clinical breast coil. Plus, our dual-channel coil enables multimodal
imaging with customized imaging interface with breast compression paddles and PEM
detector head mounting systems.

Our excitation-resolved intraoperative fluorescence imaging technique enables multiple
near-infrared fluorescence agent imaging that conventional emission-resolved fluorescence
imaging techniques cannot achieve. The development of new intraoperative fluorescence
imaging system helps to solve complex biomedical problems.

Our excitation-resolved intraoperative fluorescence imaging technique expands the
information content of conventional fluorescence imaging by providing additional spectral
information. Phantom experiments are performed with plasma protein (bovine serum
albumin) bound ICG and ICG dissolved in Dimethyl sulfoxide (DMSO). The results show
that the HER-NIRF technique can visualize the distribution of DMSO in wide-field
imaging setting. We believe that such a system will help the development of the

penetration-enhanced drug-delivery techniques as well as new molecular imaging agents.
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Chapter 2: Theoretical basis of positron emission mammography and

fluorescence spectroscopy

2.1. Theoretical basis of positron emission mammography

2.1.1. Positron emission and decay

The unstable radio nucleus, the parent, spontaneously emits particles, photons or both
releases energy, and became more stable product nucleus, the daughter in the process of nuclear
transition from an unstable nucleus to a more stable one. It is called radioactive decay. The
radioactive decay results in the conversion of mass into energy. Mass m and energy E are related

to each other by Einstein’s equation E = mc?

, in which c is the speed of light. The energy comes
from the conversion of nucleus mass or electron mass. According to the equation, the mass of an
electron is equivalent to 511 keV of energy. The radioactive decay is associated with the nucleus
such that a radioactive nucleus does not affect the chemical behavior of its molecules.
Independence of radioactive nucleus and chemical properties of molecules is of keen interest in
molecular tracer studies with radioactive labeling. There are several modes of radioactive decay,
such as b- emission, b-, g emission, isomeric transition, internal conversion, electron capture, and
positron emission.

During radioactive decay by positron emission, a proton (p+) in the radioactive nucleus is

transformed to a neutron (7) and a positron (e+). The positron and a neutrino are ejected from the

nucleus. The positron emission process is described by
p*—>n+e" +v+E (2.1)

Since a positron is the antimatter of an electron, it annihilates with an electron and radiates the

mass-equivalent energy of 511 keV. This process involves two particles with the same mass, and
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a pair of photons are emitted with nearly 180 degrees apart each other to conserve the momentum
for a stationary positron-electron. Since both positron and electron have motion, the emitted angle

might be slightly off 180 degrees by a tenth of a degree.

@ 511 keV

511 keV

Figure 2.1 Schematic of an annihilation reaction between a positron and an electron. A pair of 511

keV photons is emitted with 180 degrees apart from each other.

The average decay rate of a sample containing the number of N radioactive atoms of a

radionuclide is given by

AN/At =—xN (2.2)
where AN is the net change in the number of radioactive atoms of a radionuclide, A4f is the time
change, xis the decay constant for the radionuclide in units of sec’!. The average decay rate
(AN / At) has the Systeme International (SI) unit of activity of the becquerel (Bq). If a sample

has an activity of 1 Bq, it is decaying at an average decay rate of 1 sec’!. Commonly used multiples
of the becquerel are the kilo becquerel (1 kBq = 10° Bq), the mega becquerels (1 MBq = 10° Bq),
and the Giga becquerel (1 GBq = 10° Bq). The traditional unit for activity is curie (Ci), which is

defined by 37 GBq.
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The number N of radioactive atoms decays exponentially. An exact mathematical
expression of N at time t can be derived from Equation 2.2 using methods of calculus. Thus,
N (t) = N (0) exp(—«t) (2.3)
The half-life of a radionuclide is the time needed for it to be 50 % of the first activity. The half-life
(tm) is given by
t,=In2/x (2.4)

The half-life of '3F is 109.7 minutes.

2.1.2. Interaction of gamma-rays with matter

The interaction between high-energy photons and matter can be modeled as simple particle
collisions. A high-energy photon can knock out electrons from the electron orbital. There are
twelve theoretically possible interactions between photons and matter. (87) The main interactions
in nuclear imaging are the photoelectric effect, Compton scattering, pair production, and Rayleigh
scattering.

The photoelectric effect is an atomic absorption process that an atom absorbs the energy of

of a

incident photons and ejects photoelectrons. The maximum kinetic energy (Ek‘max)

photoelectron is given by
E, .. =h(f—1) (2.5)

where 7 is the Plank constant, s the frequency of the incident photon, f is the threshold frequency
required to elicit the photoelectric effect on a matter. The photoelectric effect creates a vacancy in
an electron orbital shell and leads to the emission of characteristic x-rays or Auger electrons. The

probability of the photoelectric effect can be characterized by the cross section o, which is given
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oo Z"/(hf)’ (2.6)
where Z is the atomic number, 7 is a number that depends on matter and varies between 4 and 5.
In low-Z atoms, the binding energy of an electron in tissue is relatively small (~ keV) such that the
photoelectric effect in tissue is a small factor at the photon energy of 511 keV.

The Compton scattering is an inelastic collision between an incident photon and an outer-
shell electron orbital of an atom. If the energy of incident photons exceeds the binding energy of
the outer-shell electrons, the interaction seems like a collision between the photons and free
electrons. Unlike the photoelectric effect, the photon does not disappear in Compton scattering.

The Compton scattered photon deflects through a scattering angle. A portion of energy transfer

occurs in the process. The energy of the scattered photon (ES) can be described by
E.=E —-E, (2.7)

where Ej is the energy of the incident photon and E,. is the energy of the recoiled electron. The
Compton scattering does not depend on the property of the matter. It is a photon-electron
interaction. Typically, the energy change of the Compton scattered photon is not substantial at low
energy (< 100 keV) and the Compton scattered photons are detected in either the forward or
backward direction with a minimum angle of 90 degrees. At higher energies over 0.5 MeV, the
scattering angle decreases as the energy of the incident photon increases.

The pair production is the creation of an elementary particle and its antiparticles such as
creating a positron and an electron. For pair production to occur, the energy of the incident photons
must be above a threshold to create a positron-electron pair. The positron and electron have arrest
mass equivalent to 511 keV; the threshold incident photon energy must be above 1.022 MeV. The

Rayleigh scattering is a type of elastic scattering interaction that occurs between a photon and an
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atom. There is no energy change between the incident photon and the atom, and the photon is
simply deflected from its original path. It is only important at low energy, and of little practical use
in nuclear imaging.
2.1.3. Spatial resolution

The annihilation process emits two photons at a time in 180-degree opposing directions
within a few millimeter of the origin as described in Figure 2.2. Most positrons or electrons travel
in a matter in random directions and go through multiple deflections. The actual positron range is
always smaller than the real positron path. The distance of interest in the effective positron range
that is the average distance from the radionuclide to the end of the positron range and measured
perpendicular to the actual line-of-response. The estimated value of the effective positron range of
8F in water is around 1-2 mm. (88, 89) This positron range effect degrades the spatial resolution

causes image blurring in nuclear medicine imaging as shown in Figure 2.2 and Figure 2.3(a).

Radionuclide

Positron

Actual
positron path

| positron
Effective positron| range

T al’ige)/
Photon

Figure 2.2 Schematic of the positron random walk emitted from a radionuclide. The random walk

Annihilation

causes image blurring in nuclear medicine imaging. The perpendicular distance from the line-of-

response and the radionuclide are referred to as the effective positron range.
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Two opposing photons from the annihilation process does not always have an exact 180-
degree angle as shown in Figure 2.3(b). The deviation from colinearity of the emitted photons
occurs from the thermal motion of the particles and the conservation of the Fermi momentum. (90)
The distribution of the angular deviation in water or biological tissue is around 0.5 degree. The
non-colinearity effect is responsible for the spatial resolution degradation in a large diameter
detector ring in a whole-body PET scanner. The full-width-half-maximum (FWHM) of the spatial

resolution of a whole-body PET, with a detector diameter of D, can be described as:
FWHM ~ A@x D/4=0.0022x D (2.8)

where A is the deviation angle of 0.5 degrees and D is measured in meters. Typically, this means
the spatial resolution of 2.2 mm per unit meter of the detector distance.

The random coincident events from scattering contribute to the spatial resolution
degradation. The high energy photons at 511 keV have a mean free path of about 10 cm in water.
In the case of 20 cm diameter head or chest, 75% of annihilation photons undergo the Compton
scattering and photoelectric absorption. The photoelectric absorption reduces overall detection
sensitivity, while the Compton scattering causes inaccurate counting of line-of-response as shown
in Figure 2.3(c).

The parallax error or depth of interaction error also contribute to the degradation of spatial
resolution. The depth of interaction error occurs if the exact place of the annihilation is unknown
in the crystal. The line-of-response does not necessarily match with the actual line-of-response.
This spatial resolution degrading effect has more impact on the dedicated detectors such as PEM
than a whole-body PET scanner because the good spatial resolution is crucial for these applications.

The high spatial resolution is crucial for molecular imaging to estimate the apparent

molecular activity in small targets or region-of-interests. The intensity of each pixel in molecular
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imaging should be proportional to the amount of molecular activity within the equal volume of
tissue. One can define the partial volume effect as the loss of ability to correctly recover the actual
amount of activity due to the limited resolution of the imaging system. If the target or region-of-
interest to be acquired is less than twice the FWHM resolution of the imaging system, the imaging
system underestimates the outcome activity in the target or region-of-interest. (91) The loss of
apparent activity occurs when the background activity is zero. (92) The loss of activity involves
an increase in activity in surrounding pixels, which reduces the tumor-to-background ratio. The
ratio of apparent activity to true activity is called the recovery coefficient. The recovery coefficient
can be applied to correct for the underestimated activities by the partial volume effect by using a

priori anatomical information from high spatial resolution imaging systems.(93-96)
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Figure 2.3 Schematic drawings of fundamental limitations in the spatial resolution in annihilation

I

4
/ Assumed
" line-of-response

coincidence detection. (a) The annihilation point does not match with the actual radionuclide
emitting positrons due to the positron range effect. (b) Acolinearity effect: the measured line-of-
response is not the same with the real line-of-response due to the motion of particles. (¢) Two
different annihilations can cause random detection of the line-of-response. (d) The depth of

interaction: it occurs when the crystal depth at which the photon interaction takes place is unknown.
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2.1.4. Backprojection

Backprojection is widely used image reconstruction algorithm in X-ray computed
tomography and nuclear medicine imaging. Backprojection employs on the direct inversion of the
Radon transform such that it is fast, linear, predictable, and the properties are very well known. In
general practice, a set of multiple projection images is acquired at different angles. The image is
reconstructed on a 2D matrix of pixels in the Cartesian coordinate system. The annihilation event
counts are assigned uniformly throughout all pixels that fall within the path of projection. When
the backprojections for multiple angle profiles are added to a dataset, one can obtain an
approximated image of annihilation activity in the scanned area. The backprojection of N profiles

can be described by:

I'(x, y):%%} p(xcosg, +ysing.,¢.) (2.9

where, I’(x,y) is an assumed image to the actual annihilation event distribution of /(x,y), ¢ denotes
the i™ projection angle. In PEM imaging, most of the breast is compressed, and the effective
thickness is less than a few centimeter, while the mean free path of the annihilation photon is over
10 cm. In other words, most of the photons are detected with minimal attenuation by tissue.
Multiple angle sampling of 2D projection data comprises a data set for 3D tomographic
reconstruction. However, most PEM systems utilize a limited number of views such that the spatial
resolution of the off-plane is not high (~ 8 mm) enough to be used for the clinical purpose. The
anisotropic nature of PEM images can be improved by using other high-spatial resolution imaging

modalities such as X-ray computed tomography or magnetic resonance imaging.
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2.2. Theoretical basis of fluorescence spectroscopy

Fluorescence spectroscopy is a powerful tool for solving a broad range of problems in the
biomedical, chemical, biological sciences. The fluorescence spectrum measurement provides
valuable information on molecular processes such as the interaction of solvent molecules with
fluorescent molecules, the distance between biomolecules, conformational molecular changes, and
molecule-molecule binding interactions. The use of fluorescence is increasingly expanded by
advances in molecular imaging techniques. Following is the fundamentals of fluorescence process

that is required to understand Chapter 5 and Chapter 6.

2.2.1. Excitation and emission process of fluorescence

In most cases, fluorescence is the reemission of photons having lower energy (longer
wavelength) than absorbed photons. Fluorescence molecules have two characteristic spectra: the
excitation spectrum and the emission spectrum. The Jablonski diagram usually describes the
processes between the excitation and emission of light as shown in Figure 2.4. Following light
absorption, several fluorescence processes occur. A fluorescence molecule is excited to higher
vibrational levels at S; or S2. The excited electrons quickly relax to the lowest vibrational level of
the excited state at S;, which is called the internal conversion and occurs within 107> sec or less.
Collisions cause this process with solvent molecules and with phonon modes in the fluorescent
molecule. Vibrational relaxation is faster and photon emission. The fluorescence lifetime is
typically 10® sec such that the internal conversion is complete before emission. Since the
vibrational energy bands of the excited and ground states are similar, the emission and excitation
spectrum of a fluorescence molecule is typically a mirror image of each other. Also, the spectrum

of the emission is independent of excitation wavelength.
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Figure 2.4 A Jablonski diagram.

Energy losses between excitation and emission are called Stokes shift, and they are
observed for fluorescent molecules in solution. Also, fluorescent molecules display further Stokes
shifts due to solvent effects, excited-state reactions, complex formation, and energy transfer.

The quantum efficiency 77 describes the ratio of the total energy emitted by a molecule per

quantum of energy absorbed:

hv k
LAY 2.10
T, Tk +k. (2.10)

ex

where £ is the Plank constant, V, and V, are the frequency of the emission and excitation light,

respectively. k- and k- are the radiative decay rate and non-radiative decay rate, respectively. The
higher the value of 7, the greater the measured fluorescence of a fluorescent molecule. For
example, a non-fluorescent molecule has zero quantum efficiency.

The average time of the molecule stays in the excited state before returning to the ground

state defines the lifetime of the excited state. General fluorescence lifetimes are around 10 nsec.
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The fluorescence lifetime t can be described as:

1

== 2.11
kK +K_ (211)

T

The equation relating the fluorescence intensity F and the lifetime 7 is:

F(t)=F, exp(—ij (2.12)
T

Where F) is the initial intensity of fluorescence.t is the time after removal of the excitation source.

2.2.2. Photon interactions with biological tissue

Light propagation through tissue is characterized by the absorption and scattering of light
by tissue. The optical properties of tissue alter the final measurement of fluorescence spectra. To
correctly recover molecular information, we need to understand how light interacts with the
biological tissue. During the propagation through the tissue, light can be either absorbed or
scattered by particles in the tissue. (97) The absorption coefficient u, represents the probability of
a traveling photon in tissue to be absorbed. The inverse of u, refers to the mean free path of a
photon in a purely absorbing media.

The Beer-Lambert law describes the light absorption by media:

A=-log, g =—log,, T =&cb (2.13)

0
where A is the absorbance, Py is the incident radiant power, 7T is the transmittance, P is the
outcoming radiant power, ¢ is the extinction coefficient, ¢ is the concentration, and b is the light

path length. When two or more types of solution are mixed, the total absorbance of the solution is

the sum of its components:
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A=Y A=bYsc (2.14)

where A4;, &, and ¢; is the absorbance, extinction coefficient, and concentration contribution from
the ith solution. For example, when two types of the solution with unknown concentration are
mixed, the wavelength dependent absorbance at two different wavelengths A, and A5 can be

described as:

A(L)=¢(4)ch+e,(4,)ch

a

2.15
AL) =z (A4)ch+e (A)ch &)

Thus, the concentration of two molecules in the mixed solution can be recovered by solving the

simple linear equation.

The absorption coefficient 1. can be rewritten as:
T =exp(—ub) (2.16)

alternatively, the absorption coefficient is proportional to the concentration and the extinction

coefficient:

1 =ecIn10 = 2.303¢c (2.17)

To estimate the absorbance of a particular solution, then one can use Equation (2.15) to identify N

number of molecules with N number of wavelengths to solve the linear equation.
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scattered light

hv

Incident light

Figure 2.5 Schematic drawing of an elastic scattering event that deflects the original path of the

incident light

While absorbing particles in tissue absorb light, scattering particles dispersed photons into
a different direction from the original light path. Scattering is usually introduced by scatterers that
have different refractive indices from the background tissue. The particle deflects a photon incident
of a scatterer and the direction of photon propagation. Scattered photons retain its initial energy,
keeping the same wavelength before and after the scattering event, which is called elastic scattering.
Typical scatteres in tissue include cells, nuclei, mitochondria, collagen fibers, and membranes. In
fluorescence imaging, elastic scattering dominates over inelastic scattering in most tissues, and
therefore we focus on elastic scattering.

Photons traveling through in tissue are diffused and lose their original direction in a very
short distance depending on the density of scatterers. Thus, the Beer-Lambert law cannot
accurately describe the optical properties of tissue unless the actual path lengths of photons are

precisely determined. If absorption is negligible, the scattering coefficient g5 describes the
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probability of a photon being scattered. As a highly scattering medium, tissue scatters incident
photon in the forward direction. The parameter related to the forward scattering is known as the
anisotropic factor g, which is the expectation value of the cosine of the scattering angle & when a
photon goes through the scattering events as shown in Figure 2.5. The definition of the anisotropic

factor g is described by:
g =(cosd) (2.18)

The anisotropy factor is a measure of forward scattering retained after a single scattering
event. If g is 1, the scattering is absolute forward scattering, while g equals to -1 means complete

backward scattering. The isotropic scattering makes the anisotropic factor g zero.
The reduced scattering coefficient can be used to describe the diffusion of photons in turbid
media with a step size of ]7/ ,usl where each step involves isotropic scattering events. The reduced

scattering occurs if there are many scattering events before an absorption event. This situation of
scattering-dominated light transportation is called the diffusion regime. The reduced scattering

coefficient is employed to deal with visible and NIR light propagation in tissue, and it is described

by:

H =1, (1-9) (2.19)

Biological tissue has the anisotropic factors between 0.8 and 1. The inverse of the reduced
scattering coefficient, called the transport mean free path, describes the distance a photon will

travel before becoming isotropic, and the incident photon completely loses its original direction.
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2.2.3. Fluorescence intensity and concentration
The number of excited fluorescent molecules is proportional to the absorption is light
intensity during the passage of the excitation light through the fluorescent sample with a path

length of sample b. By applying the Beer-Lambert law, we obtain:
F =nl,[1-exp(—2.303ch) | (2.20)

where Iy is the incident light intensity.
If the fluorescent solution has a low concentration of a fluorescent molecule, Equation

(2.20) becomes (2.21) by expanding the exponential term in the McLaurin series:
F =71,(2.3032ch) (2.21)

Thus, a plot of fluorescence versus concentration can be linear at low concentrations. The linearity
of fluorescence as a function of concentration holds over a wide range with linearity extending

over four to six decades. (98)
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Chapter 3: Development of magnetic resonance/positron emission

mammography system

3.1. Introduction

Breast cancer is one of the commonly diagnosed cancer among American women and has
the second highest death rates besides lung cancer. (1) However, because cancer affects everyone
differently, and different treatment strategies are needed for different people. (10, 99, 100) There
are four major molecular subtypes of breast cancer, namely luminal A, luminal B, triple
negative/basal-like, and HER2 type. Triple negative/basal-like tumors represent 20 percent of all
breast cancers. It tends to occur more often in younger women, which has a practical difficulty in
early diagnosis, and is associated with faster tumor growth rate, and a poorer prognosis. (101-103)

For the aggressive subtypes of breast cancer, a physician must plan several treatment
options for a short period before the quickly growing tumor advances further. Therefore, successful
breast cancer therapy for young women relies on fast and accurate monitoring of individual
responses to the treatments. Dynamic contrast enhanced-magnetic resonance imaging (DCE-MRI)
is the leading and most commonly used functional imaging technology to image breast cancer and
monitor treatment response. (104-106) Breast DCE-MRI (henceforth breast MRI) requires the use
of dedicated breast coils to monitor the temporal variation characteristics of an MRI contrast agent
through the neovasculature of the breast by rapid acquisition of multiple MRI images. However,
standalone breast MRI has the traditionally high false-positive rate. (107) Furthermore, the
immediate response to cancer therapy cannot be measured by the change of permeability surface
area. Consequently, molecular response monitoring is crucial for planning the cancer therapies to

the patients who suffer from aggressive subtypes of breast cancers.
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Recently, combining positron emission tomography (PET) with MRI has been emerged to
solve this problem by providing immediate physiological responses to cancer therapies. (108-111)
PET provides functional information that can be used to differentiate recurrent cancer from scar
tissue and has proven its ability to depict the extent of disease for surgical planning. (112, 113)
However, the relatively low spatial resolution (~ 5 mm) due to the large diameter of the PET
detector ring results in an inaccurate estimation of the functional information. (114)

Positron emission mammography (PEM) is an emerging nuclear medicine imaging
technique that is characterized by two opposing annihilation photon detectors and breast
compression paddles. (115-118) Like X-ray mammography, the gently compressed breast reduces
the effective thickness of the breast tissue and takes one or multiple 2D images. Unlike the
mammography projection images, the images from PEM is anisotropic tomosynthesis emission
images that result in the high-resolution in-plane images. The short distance between the two
opposing detectors allows high-resolution nuclear medicine imaging up to <2 mm at the in-plane.
This high-spatial resolution can lead to the correct tumor-to-background ratio of '®F-FDG that was
traditionally hard to achieve with the whole-body PET scanner. (119) Indeed, for every 2 mm
improvement in the spatial resolution, the total number of counts can be reduced by a factor of
three to four for equal subjective image quality. (120) The ability to provide high spatial resolution
in functional imaging overcomes the partial volume effects. The increased tumor-to-background
ratio in the functional imaging results in a more accurate diagnosis, reduces dosage, and allows
monitoring of the physiological response of a tumor to the therapy. However, the excellent spatial
resolution of PEM comes at the cost of the limited field-of-view (FOV). Consequently, more
images must be taken which increasing the scanning time.

Combining PEM and MRI in a single system can yield highly sensitive and specific breast
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cancer therapy monitoring as well as breast cancer examinations while at the same time
compensating for the shortcomings that exist when using only standalone PEM and MRI. Breast
MRI provides the full-scale anatomical information of the tumor with supplementary functional
information, while PEM provides the functional information with the high spatial resolution in the
cancer therapy monitoring.

The combination of PEM and MRI system is challenging due to the physical constraints.
Clinical MRI systems have an inner bore diameter of 60 cm, and the breast coil only allows an
area of 10 cm by 15 cm area for the PEM imaging systems. The integration of both PEM and MRI
modalities for breast imaging requires the significant reduction in the size of the PEM imaging
system and necessitates a new design and development of the MRI breast coil housing. In addition,
a well-designed multimodal fiducial marker that facilitates the imaging data registration is crucial.

In this chapter, to the best of our knowledge, we develop the first integrated MR/PEM
system and demonstrate its capabilities to for dual cancer therapy monitoring with a proof-of-
concept study. This revolutionary one-of-a-kind MR/PEM system can provide valuable insight on
how and whether a tumor is responding to treatment much faster than traditional MRI without

significantly compromising specificity and sensitivity.
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3.2. Methods

3.2.1. Pixelated silicon photomultiplier-based MR-compatible PEM system

Two opposing MR-compatible PEM detector heads are used to capture the radioactivity
images as shown in Figure 2.1(a). The PEM detector head is based on a 20 x 20 pixelated Cerium-
doped lutetium (LYSO) scintillator crystal. The total area of the crystal face and each pixel size
are 42 x 42 mm? and 2 x 2 mm?, respectively. Processing of the LYSO crystal (cutting, polishing,
and assembling) was done by Agile Technologies Inc. Thin reflection coatings (Enhanced Specular
Reflector, 3M) between pixels are glued on the septa to prevent the photon leakage to adjacent
compartments. This gluing process on the septa requires an extra space of 0.1 mm between pixels
resulting in the pitch of array 2.1 x 2.1 mm?. The LYSO crystal has the density of 7.1 g/cm® and
the emission peak wavelength of 420 nm. The decay time of LYSO is 41 ns, and the light yield is
32 photons/keV. The photoelectric yield for Gamma-ray is 75%, and the energy resolution is 7.1 %.
The attenuation length of LYSO is 12 mm at 511 keV which allows a compact design with the
crystal depth of 13 mm including a I mm marginal thickness.

Position-sensitive SiPMs with an active area of 3 x 3 mm? comprises a 6 x 6 sparse array,
and the SiPM array is coupled with the LYSO crystal to read out the scintillated photons. The
photon detection efficiency of SiPM is 35 %, and the gain is 1.25 x 10°. Any signals from the two
opposing PEM detector heads within the coincidence window (< 16 ns) are digitized as one decay
event, and the energy and position data are listed sequentially in the computer memory. The event
signals are digitized with data acquisition system, and a custom software package is developed to
collect and visualize the event data. The XY position and non-uniformity calibration of crystal
maps with a *’Na flood-field source are performed. The measured energy resolution at 511 keV is

about 15 %.
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A simple back-projection technique is employed to reconstruct a finite number of
projections of radioactive sources. The reconstructed 3D images are equidistantly divided into 15
perpendicular planes between the two opposing LYSO crystal detector surfaces as shown in

Figures 3.1(b) and (c).

(a) .~ (b) . c _
[Configuration] [Top view] [back-projection]
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Figure 3.1 (a) Configuration of the two opposing MR-compatible PEM detector heads for imaging
a coin-shaped ?’Na source. (b) Schematic top view of the PEM detector heads with a
tissue-like phantom bearing a point source. (c) A 3D tomosynthetic image with 15

equidistant image slices is reconstructed from a simple back-projection method.
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3.2.2. Dedicated breast coil with compression paddles

Previously, we have developed a dedicated breast coil for MR/scintimammography
application. (121) The previous design is modified to insert our MR-compatible PEM detector
heads and breast compression paddle assemblies. As seen in Figure 3.2(a), the solenoid quadrature
breast coil consists of two parallel loops with a diameter of 150 mm. The copper trace pattern
(width 5 mm, thickness 34 um) pattern is fabricated on FR4 boards. The coil is tuned to the Larmor
frequency of proton in the 3T magnetic field (127.7 MHz), and the impedance is matched to 50
Ohm with phantom loading using a network analyzer. Since the RF breast coil operates in a
receive-only mode, the passive and active detuning circuits are controlled by PIN (positive-
intrinsic-negative) diodes integrated into PCB to decouple the RF breast coils from the high-power
RF transmission. (122) The MR signal is fed through a capacitive matching circuit and a balun
circuit. A low-noise amplifier with 25 dB gain, 0.4 dB noise figure, and <5 Ohm input impedance
is also mounted in the coil interface box. To avoid physical contact with the breast and impedance
with the breast compression mechanism, all the passive electronic components are covered by an
acetal resin housing. [Figure 3.2(b)]

A major update to our dedicated breast coil is to utilize MR-compatible breast compression
paddles for MR/PEM. [Figure 3.2(c)] In clinical practice, breast compression spreads overlaying
tissues out such that it reduces the required dose while increasing image quality. (123) Our MR-
compatible compression paddle screen (150 mm X% 100 mm, thickness 3.2 mm) is made of
Polycarbonate plastic plates that transparent to the 511 keV gamma-ray and visible light. These
transparent paddle screens are supported by acetal resin frames that also allows mounting of our
MR-compatible PEM detector heads. The compression paddles are installed in the space between

the upper and bottom plates of our dedicated breast coil and no sharp edges are in contact with
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breast tissue. [Figure 3.2(c)] The direction of the breast compression is designed to form the
Cranial-Caudal (CC) view, as this view is commonly used in X-ray mammogram and emission
mammograms such as Scintimammography and PEM. As seen in Figure 3.2(d), the custom-made
housing of the imaging system is designed to support the chest allowing the breast to hang naturally.
The upper plate with the two breast insertion holes is backed up by four distributed 1.5-inch
diameter acetal resin pillars. The top loop of the breast coil is embedded into the acetal resin upper
plate of the patient interface to minimize dead space between the chest wall and the FOV of PEM.

The symmetric features allow installation of the PEM detector heads on both sides of the breast.
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Figure 3.2 Pictures of our modified breast coil and mechanical housing. (a) A top view of our
breast coil shows electronic components soldered on a coil frame and 150-mm diameter
opening for breast insertion. (b) A side view shows a capacitively coupled output and a
balun circuit. No electric component is mounted inner surfaces of the breast coil frame.
(c) The compression paddles are designed to tightly fit in the inner space of the breast
coil frame. The PEM detector heads are sitting behind the compression paddle screens.

(d) A bird-eye view of our breast coil housing and compression paddles.
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3.2.3. Fiducial marker for MR/PEM image registration

In multimodal imaging, a fiducial marker plays a major role in image data registration.
(124-126) The MR/PEM system requires precise positioning of the PEM detector heads which is
needed to measure the cancer therapy response. We design a fiducial marker that is visible in MR
images to provide relative tumor locations. The fiducial marker is made of three layers of
Polycarbonate plates. Two 3.2-mm thick plates sandwich a 6.4-mm thick plate with a 3x5 dot-
patterned cavity with epoxy adhesives and plastic screws as shown in Figure 3.3(a). The 3x5 dot-
patterned cavity is filled with a mixture of 10 mM CuSO4, 70 mM NaCl, and distilled water. Two
fiducial markers are placed behind the compression paddles as seen in Figure 3.3(b) and
mechanically aligned with our PEM detector heads. This alignment provides the relative position

information of the PEM detector heads and allows straightforward image data registration.

Fiducial marker installed on the

(a) Front view of our fiducial marker (b)  cact compression system

140 mm

Compression
paddle

80 mm

Fiducial marker

Scréw hole

Figure 3.3 (a) A front view of the multimodal fiducial marker with 3x5 dot-pattern grid. (b) The

two multimodal fiducial markers are installed behind the compression paddle screen.
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3.2.4. Patient positioning and hardware configuration

Patient positioning is key to successfully perform breast MRI (17) and as well as PEM.
(127) The patient lies face down in a prone position atop the MR/PEM system with their forehead
resting on the head support and arms comfortably stretched above their head. The breast is
carefully positioned and gently compressed in the MR/PEM system. Cables stemming from PEM
detector heads and MR breast coils are run below an opening on the bottom part of the leg support.
The data acquisition system of PEM sits on the patient table with a CAT 5 ethernet cable to connect
to the control computer in the MRI console room. The patient positioning and hardware

configuration is illustrated in Figure 3.4.

MR scanner

DAQ

PEM MR breast coil

Leg PEM  Head

support cameras support
+ paddles

Figure 3.4 Patient positioning and hardware configuration of our sequential MR/PEM dual-

modality imaging system.
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3.2.5. The procedure of therapy monitoring using MR/PEM

For optimal MR/PEM breast cancer therapy monitoring, a dual-modal imaging procedure
is proposed. First, the patient receives an intravenous (IV) '*F-FDG injection. Since the uptake
time of '®F-FDG is around 30 to 60 min, MR imaging competes during this uptake time. For the
breast MRI, the patient is scanned breast MRI during the '®F-FDG uptake time. For breast MRI,
the patient is positioned on the patient table, with the breast immobilized by the compression
paddles. An MRI fiducial marker is placed behind the compression paddles. Then the patient is
brought inside the MR magnet and scanned with a fiducial MR scan that can localize the fiducial
marker and the breast. After that, one pre-contrast MR image and two post-contrast MR images
are acquired. The patient is then brought out from the magnet, and the lesion can be targeted by
comparing the fiducial scan and dynamic scan images. The technician locates the PEM detector

heads at the hot spot. The block diagram of our MR/PEM imaging procedure is illustrated in Figure

3.5.
- Intravenous
8F-FDG
@ Preparation
Breast E> Install fiducial |:> Put patient in
compression marker the magnet
MRI scan
MRI tumor <:] . <] :
localization Pull out patient Breast MRI ~ 30 mim,
MRI room
v Remove E> Put PEM IZ> PEM imaging Pl;l(\)/l scan
fiducial marker detector heads v ~ mim,
13131-1;D$} MRI room
uptake ime
(30-60 min) G

Image
registration

Figure 3.5 Our MR/PEM dual-modality imaging procedure for breast cancer therapy monitoring.
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3.2.6. Compressible gelatin phantom

A cylindrical compressible breast phantom (diameter 90 mm, height 100 mm) is fabricated
using porcine gelatin powder (175-bloom, Sigma-Aldrich Corp., St. Louis, MO, USA). The
porcine skin powder (30 grams) is added to ~40 °C of distilled water (300 mL) and cooled down
for 10 hours at 4 °C in a cylindrical phantom mold. A vertical hollow slot is made to insert a >*Na
point-like source as shown in Figure 3.6(a). The experiments are performed using a Philips 3T
Achieva MRI scanner. The reported T1 relaxation time for fat and glandular tissue are 366.78 ms
and 1444.83, respectively and the reported T2 relaxation time for fat and glandular tissue are 52.96
and 54.36, respectively. (128) The reported T1 and T2 time for porcine gelatin phantom are 853
ms and 55 ms, respectively.(129). The gamma-ray attenuation is (-0.4 dB/mm), which is close to

the reported gamma-ray attenuation of the breast. (130)
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Figure 3.6 Pictures of the MR/PEM phantom setup with a compressible gelatin phantom bearing
a ??Na-source. The upper plate of the MR/PEM system is removed to visualize the MR
coil and compression plates. (a) Gelatin phantom sitting inside our breast coil and
immobilized by compression paddles. A plastic slab is used to make room for a coin-
shaped ??Na-source that is shown in the inset picture on the bottom right side. (b) The
22Na-source is inserted to the compressible gelatin phantom, and two fiducial markers

are installed behind the paddle screens. Stopping knobs are employed to control the

compression distance between the two paddles.
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3.3. Results

3.3.1 Point spread function of PEM images

The point-spread-function (PSF) of our PEM system is measured to assess the spatial
resolution of our PEM system in the 3T magnetic field strength. Two experiments are performed
with a single source and two sources. The point-like >*Na source is centered between the two
opposing PEM detector heads in free space as shown in Figure 3.1(a). The in-plane image slice is
chosen to evaluate the PSF of our PEM system. Note that other image slices are not intended to
view clinically. As shown in Figure 3.7(a), the point-spread-function (PSF) of reconstructed
images at the opposing detector distance of 50 mm is about 1.5 mm with a point-like **Na source,
which shows 2.5 times better spatial resolution compared to the whole-body PET scanner. The
actual radioactivity of the ?*Na source and the integration time of PEM are 1 MBq and 5 min,

respectively.

Point Spread Function of our PEM cameras
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Figure 3.7 Point spread function of our PEM system at in-plane measurement in the 3T magnetic

field.
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3.3.2. MRI compressible phantom study

MR images are collected using a cylindrical compressible phantom with our previously
developed multimodal breast coil. The breast coil and phantom are positioned at the isocenter of a
3T Philips Achieva Scanner. MR images are acquired in axial and coronal planes [Figure 3.8]. All
MR images are acquired with a standard gradient-echo sequence (TE 1.3 ms, TR 11.0 ms, flip
angle 90°, slice thickness 2 mm, matrix size 512 x 512, FOV 200 mm). For the axial MR images,
two 2D slices are acquired. An axial MR image from the fiducial marker is shown in Figure 3.8(a)
showing the distinctive 3x5 dot-patterned grid. For coronal MR images, two sets of 64 images are
acquired. The first round of images is taken from the cylindrical phantom positioned at the center
of our breast coil, while the other set of images come from the phantom positioned 30 mm off the
center of the coil to the left side. An image slice from the first set is shown in Figure 3.8(b). Two
opposing dot patterns appear on the MR images which determine a relative location of the
compressed cylindrical phantom. A space inside the phantom indicates a coin-shaped point-like
22Na source. The *’Na source is located around the middle of the dot patterns of the fiducial
markers. An image slice from the second set is shown in Figure 3.8(c). Likewise, the MR image
shows the fiducial markers and the phantom bearing the *’Na source, but the position of the
phantom is shifted 30 mm to the left on the MR image. The relative position of the Na source is

between the first and the second dots from the left.

46



(a) MRI axial slice (b) MRI coronal slice, case 1 (C) MRI coronal slice, case 2

Figure 3.8 T2-weighted gradient echo images of the fiducial markers and compressible cylindrical
phantoms in different image planes. (a) Axial 2D MR image from one of the two fiducial
markers displaying a distinctive dot pattern in MR images. (b) Coronal 2D MR image
from two fiducial markers and the compressed cylindrical phantom centered in the breast
coil. (¢c) Coronal 2D MR image from two fiducial markers and the compressed

cylindrical phantom 30 mm off the center of our breast coil.

3.3.3. Dual-modal MR/PEM imaging

Initial evaluation of our MR/PEM imaging performance is performed using a cylindrical
phantom bearing a point-like Na source with 1 MBq radioactivity. As aforementioned, MR
images are acquired and analyzed before the technician positions the PEM detector heads in the
expected hot spot. The position of the 2?Na point-like source can be seen in the first MR image set
as shown in Figure 3.8. Then, two opposing PEM detector heads are placed at the center of the
fiducial markers such that the centers of FOV of our PEM detector heads are aligned with the
center of the fiducial markers. For this dual-modality system, the MR and PEM imaging are used
sequentially in a single examination and therefore do not affect the performance of the individual
imaging system. A spatial imaging data registration is performed as shown in Figure 3.9(a)-(c).

Imagel is used for rendering 3D images and overlaying dual-modality images. (131) A 3D volume
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image comprised of 64 coronal slices is shown in Figure 3.9(a). The fiducial markers and the
slightly compressed phantom shapes are visible in the MR images. A 3D PEM image from the
point-like ?*Na source is shown in Figure 3.7(b). Since the fiducial markers indirectly display the
location of the PEM detectors, simple image translations and rotations are applied for registering

PEM image to MRI.

(a) 3D MRI

(b) 3D PEM (c) 3D MR/PEM

Figure 3.9 (a) 3D MRI image from 64 image slices of the fiducial markers and the compressible
phantom. (b) 3D PEM image from 15 image slices of the compressible phantom bearing
the point-like **Na source. (c) 3D MR/PEM overlay image from the fiducial markers

and the compressible phantom.

3.3.4. Volunteer study using the MR/PEM system.

We have performed MR/PEM using both Gd-DTPA and '"®F-FDG on a volunteer. First, the
breast is immobilized between the compression paddles and the complete set of T1-, T2- and DCE-
MRI data is collected after the injection of Gd-DTPA. Once the MR images are collected, '*F-FDG
is injected, and the volunteer takes a rest for 30 minutes. Following that the PEM detectors are
positioned, and the data is acquired. As the volunteer in this study has no lesion visible in the MRI,
the PEM detectors are placed in an arbitrary position. For breast cancer patients, PEM detectors

will be positioned based on the location of the lesion obtained from the MR images. Three sets of
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PEM data are collected each lasted 10 minutes. For this case, the compression paddles are
positioned 52 mm apart, and the detectors are 2.5 cm behind the compression paddles. In Figures

3.10 3.11, the results are presented as 15 slices equidistantly positioned.

Figure 3.10 T1-weighted MR images within the volume of interest. Note that the MR images are

down-sampled to the PEM resolution for image registration purpose.
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Figure 3.11 Backprojection imaging of PEM.

3.3.5. Comparison of MR images acquired using Philips Breast coil and our breast coil.

The MR/PEM interface is tested with several volunteers. With each volunteer, we improve
and optimize the multi-modality imaging procedure. In our final trial, we successfully inject the
volunteer with both Gd-DTPA and '8F-FDG for MR/PEM imaging and acquire a complete data
set. The images below demonstrate that the performance of our single channel breast coil is similar
to the performance of the commercial Phillips MRI breast coil. This step is necessary to continue
with the PEM imaging since the MR information is used as a priori information for the PEM
reconstruction. The figures below compare the T1- and T2- weighted images for the same
volunteer for both MR coils. Only selected slices are given here due to space limitation. Please
note that since the volunteer are repositioned for the imaging session with the commercial and our

single channel breast coils, images from the same breast are not identical one to one.
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Figure 3.12 Comparison of T1-weighted MR images acquired using Philips Breast coil (top) and

our single channel breast coil (bottom).
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3.4. Discussion

In this chapter, we demonstrate the performance of our sequential MR/PEM system for the
therapy response monitoring of breast cancer without a major modification on both sides of MRI
and PEM in this proof-of-concept study. Our novel dual modality system design allows a straight
forward imaging data registration using the first acquired MRI data before installing our MR-
compatible PEM detector heads in the known hot spot. In addition, our novel MR/PEM system
can facilitate better characterization of lesions and may have the potential to improve specificity
without compromising in sensitivity in early detection of breast cancer. For the early cancer
diagnosis, a larger FOV of the PEM system is required, and our PEM system will be upgraded to

cover whole breasts in the future.

Our PEM system has shown 2.5-fold improved spatial resolution (2 mm) compared to a
conventional whole-body PET scanner (5 mm). The limiting factor of the spatial resolution is the
actual pixel size of the crystal face (2x2 mm?). An advanced iterative image reconstruction method
can be employed to improve the image quality. (132, 133) However, this approach comes at the
cost of greater computation power for an iterative statistical image reconstruction method. Another
possible way to increase the spatial resolution is to obtain a time-of-flight information. (134-136)
However, it poses another challenge such as the susceptibility to dark counts in multi-pixel
detectors. (137, 138)

Our first MR/PEM dual-modality imaging for the breast cancer therapy monitoring has
several benefits over a conventional PET/MRI and standalone PET or MRI. First, our MR/PEM
approach can substantially reduce the required dosage of radioactive tracers. (139) Also, the
increased spatial resolution in PEM scanning from 5 mm to 2 mm can help minimizing the partial

volume effect lowering the required dose while breast MRI provides supplementary information

52



of excellent soft tissue contrast (breast tissue) and molecular behavior that PEM cannot perform.

Secondly, our MR/PEM system employs a one-of-a-kind breast compression paddle and
fiducial marker design that improves image quality in PEM but also stabilizes the breast tissue
motion during breast MRI scans. This is beneficial when it comes to sequential dual-modality
imaging because the patient might move slightly, but the breast will be stationary after two imaging
scanning of PEM and MRI. Note that gentle compressive pressure will be applied to immobilize
the breast and the effect of the paddle pressure on the breast MRI quality will be investigated in

the future.

Last, unlike combining whole-body PET and MRI scanners into a single scanner, our
approach requires minimal modification of existing MRI hardware allowing translation of this
technique to clinical applications where the fast and accurate multimodal imaging data is needed.
This innovative imaging system would be an economical alternative to stand-alone nuclear

medicine imaging systems as it can be seamlessly used with any existing commercial MRI systems.

3.5. Conclusion

We demonstrate in this proof-of-concept study of MR/PEM cancer therapy monitoring for
clinically aggressive molecular subtypes of breast cancer. For future work, the FOV of our PEM
system will be expanded to cover the whole breast, which simplifies the imaging procedure by
removing the PEM detector positioning and the breast MR image analysis before the PEM scan.
Our dedicated breast coil will be updated to match the scanning speed of commercial parallel
image acquiring breast coils. Ultimately, our system will be updated to operate in a simultaneous
data acquisition mode for better temporal resolution, reduced imaging time, and dynamic dual-

modality MR/PEM imaging.
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Chapter 4. Development of dual-channel breast coil for MR/PEM

multimodal imaging system

4.1. Introduction

Positron emission mammography (PEM) is an emerging molecular imaging technique for
breast cancer detection and diagnosis using downsized gamma detection heads and compression
paddles. (116, 118, 119) PEM has demonstrated high specificity and sensitivity up to 90 % with
an improved spatial resolution which is hard to be achieved by conventional whole-body PET
scanners. PEM shows a great potential in detecting early stage cancers and ductal carcinoma in
situ (DCIS), which is hard to be achieved by conventional whole-body PET scanners. (119)
However, standalone PEM has difficulty in imaging of the specific tissue uptake of the nuclear
medicine in a large FOV due to the trade-offs made between the detection efficiency and the spatial
resolution. Also, PEM suffers from high false-positive because of fibroadenomas, fibrocystic

changes, and fat necrosis. Therefore PEM requires image-guided tissue biopsy capabilities. (140)

Meanwhile, magnetic resonance imaging (MRI) is a widely used non-invasive imaging
modality that provides not only whole-body anatomical information with the high spatial
resolution but also localized physiological metabolic activities with dynamic contrast-enhanced
MRI (DCE-MRI), diffusion-weighted imaging (DWI) and MR spectroscopy (MRS) techniques.
However, MRI suffers from substantially lower sensitivity (~10° fold) compared to radiotracer-
based molecular imaging techniques such as PET, SPECT, and PEM. Thus, PEM in conjunction
with MRI (henceforth MR/PEM) may offer a robust solution to breast cancer detection, diagnosis,
and treatment monitoring with respective advantages. Additionally, MR/PEM can provide multi-
dimensional co-registration of imaging data for in-vivo characterization of cancer biology and a
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better understanding of in-vivo molecular pathways in cancer processes.

The key to a successful MR/PEM system design is to develop a dedicated MR radio-
frequency coil (henceforth breast coil) for breast imaging. This breast coil is required to be
assembled with PEM detector heads on the front-end of the imaging system, and it should provide
high-sensitivity and large field-of-view without sacrificing essential imaging qualities. Several
critical engineering concerns should be considered for designing the breast coil to maximize the
synergetic effects of combining PEM and MRI. First, electromagnetic interference (EMI) should
be carefully managed not to affect the imaging performance of each imaging modality. Next, the
presence of extremely high magnetic field should not deteriorate the PEM information. Then last,
data acquisition of each modality needs to be running fast enough and allows to capture

information within a reasonable time.

In the previous chapter, we have successfully demonstrated our novel MR/PEM system for
the therapy monitoring of breast cancer without deteriorating EMI effects. The optimal geometry,
orientation, and design of the breast coil vary with the size, anatomy, and applications. Since a
single RF coil loop of diameter d gives the highest possible SNR for a volume at depth d inside an
imaging volume of the coil loop, (141) the rapid and wide acceptance of the solenoid coils for
large volume imaging applications such as breast imaging is reasonable. However, the solenoid
coil is a volume coil in nature that is susceptible to geometrical dimensions and has a moderate
signal-to-noise ratio (SNR). Also, the limitation of the previous solenoid coil design is the lower
temporal resolution for DCE-MRI sequence and lower SNR than commercial multi-channel breast
coils due to the single channel construction of the breast coil. The elongated MR scanning time
limits patient access and increases cost. Furthermore, the longer the scanning time takes, the more

the data acquisition is susceptible to motion artifacts.
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Multiple channel RF coil has been introduced as a solution for improving the SNR and B1
field homogeneity as well as reducing the dielectric effects at high field (>3T) MRI application.
Modern 3T MRI system uses parallel imaging methods with multiple RF coil channels to
accelerate the acquisition of image data. (142-144) The MR parallel imaging is characterized by
acquiring a reduced amount of frequency bandwidth in k-space with an array of RF receiver coils.
The challenge of designing multiple channel arrayed coil is minimizing or eliminating the mutual
inductance between coil loops. If the RF coil loops tuned to the same resonance frequency are
placed close each other, the mutual inductance causes the resonance peak to split, which results in
reduced sensitivity and SNR in MR images. In this chapter, we improve the design of the dual-
channel breast coil, achieve high temporal resolution, and enhance the signal-to-noise ratio for

MR/PEM system.

4.2. Methods

4.2.1. Single Channel solenoid breast coil vs. Philips SENSE 4-channel breast coil

As described in the previous chapter, we have developed the single-channel solenoid coil
consisted of two antenna loops for our MR/PEM multimodal molecular imaging system. In this
section, we evaluate the performance of our new single channel solenoid coil with its coil housing
interface. A commercial-grade clinical breast coil for 3T MRI coil, Philips SENSE 4-channel breast
coil, is used for the comparison study. It is important to note that we only used one side of the
breast for a fair comparison. In other words, Philips SENSE 4-channel breast coil uses two
channels for each side of the breast, while our breast coil uses one channel for the one side of the

breast.
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4.2.2. Dual-channel breast coil

The saddle coil loop is oriented on the x-axis, while the solenoid loop channel is aligned
on the y-axis ss shown in Figure 4.1(a). A circular opening made of the solenoid breast coil loops
has a diameter of 15 cm and height of 10 cm, which also allows for insertion of the breast and
PEM detector heads. The saddle coil is inserted between the two opposing loops of the solenoid
coils, and the resonance frequency is tuned to the Larmor frequency of proton in 3T. The mutual
inductances between the two coils are suppressed by using low input impedance low-noise
preamplifiers. (141) Our dual-channel breast coils are the receiver only coils employing combined
passive/active detuning circuits to decouple the coils from the RF transmitter. Each coil loop was
etched on FR4 laminate board using copper strips of 0.0341 mm thickness and mounted on an
acrylic plate with the material within the loops removed to allow for insertion of the breast. The
separation space between the plates of the vertical coil loops allows for insertion of the saddle coil
loops (height, 9 cm) and PEM detector heads through the side of the vertical circular coil loops.
The newly developed transverse saddle coil loops are based on the same materials and electric
components with the vertical circular coil loops. A circular opening made of two facing saddle coil
loops has a diameter of 15 cm, which also allows for insertion of the breast, and the materials
within the saddle coil loops are removed to secure the space for insertion of breast compression
paddles. The saddle coil is designed to be removed without the patient repositioning to facilitate
the workflow of our MR/PEM cancer therapy monitoring application. As shown in Figure 4.1(b),
(c), and (d), the saddle coil is designed to be detachable not only to perform high sensitivity MR
imaging but to also secure space between the quadrature solenoid loops to accommodate PEM

detector heads for MR/PEM imaging.
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Figure 4.1 Pictures show new dual-channel breast coil design for our MR/PEM therapy monitoring
application. (a) Dual-channel breast coils consist of a one-channel solenoid coil and a
one-channel saddle coil. (b) Our new saddles coil consists of two coil loops connected
with MR-compatible circular connectors. (¢) The saddle coil is separate into two semi-
cylinder to make it detachable without patient repositioning. (d) There are space for
PEM detector head positioning and breast compression paddles between the top and

bottom plates of the solenoid coil after removing the saddle coil from the solenoid coil.
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4.2.3. MR/PEM hardware configuration

As shown in Figure 4.2(a), we have developed a prototype MR/PEM interface for our new
dual-channel MR breast coil. MR/PEM imaging with dual-channel breast coil is split into three
steps. The high sensitivity MR imaging is performed with the dual-channel breast coil including
the solenoid and saddle coils [STEP 1] as shown in Figure 4.2(b), and healthcare provider removes
the detachable saddle coil from the MR/PEM system without repositioning the patient [STEP 2].
MR/PEM imaging is performed sequentially with the solenoid coil only and the PEM detector
heads [STEP 3]. Based on the location of the tumor identified from MRI, the PEM detector heads

can be positioned to collect the imaging data at the hot spot.
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Figure 4.2 (a) A newly developed prototype for our MR/PEM cancer therapy monitoring
application. (b) Imaging procedure splits into three steps. High SNR MR breast imaging
with dual-channel breast coils [STEP 1]. Healthcare provider removes the detachable
saddle coil from the MR/PEM system without patient repositioning [STEP 2]. Moderate
SNR MR breast imaging with single-channel solenoid coil and simultaneous PEM data

acquisition [STEP 3].
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4.2.4. MRI experiments

Three sets of MR images are acquired using our dual-channel breast coil, our single-
channel solenoid coil, and Philips SENSE 4-channel breast coil with a 3T Philips Achieve MR
scanner (Philips Medical Systems). The transverse images of a breast phantom (diameter 12 cm)

are used for the SNR comparison. The SNR of the local FOV is calculated using Equation (4.1).

SNR = 2w~ Nao (4.1)
std

where, SNR is the signal-to-noise ratio, S is the average intensity of signal defined by the mean
intensity of pixels from the signal ROI. N, is the average intensity of noise measured from the
background noise pixels. Ny« is the standard deviation of the background noise.

The integral uniformity (IU) is computed by using Equation (4.2) where the maximum and
minimum values of signals are measured from the pixels within the phantom signal.
Smax — Smin
S +S,.

IU = (4.2)

where, Spax and Smin are the maximum and the minimum signal intensities of the breast phantom,
respectively. It is important to note that for a given coil, the lower the IU, the better its MR image
uniformity. We used a T1-weighted gradient echo sequence with the parameters: FOV =120 x 120
mm, matrix size 512 x 512, echo time (TE) = 5 ms, repetition time = 100 ms, flip angle = 30° and
90°, slice thickness = 2 mm, and number of signal averages (NSA) = 1. MRI data were acquired

without PEM detector heads to allow a fair comparison study.
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4.3. Results

An MR image of the breast phantom is shown in Figure 4.3. A region-of-interest (ROI) is
defined to calculate the SNR. Almost 80 % of the pixels from the breast phantom MR images are
used for the SNR calculation. The background noise and standard deviation are measured outside
the breast phantom MR signal and avoided any ghosting signal caused by MR scanner artifacts.
The SNRs of our single-channel solenoid coil, our dual-channel breast coil, and Philips Achieva
SENSE 4-channel coils are presented in Table 4.1. For the flip angle 30°, the measured SNRs for
our single-channel solenoid coil, our dual-channel breast coil, and Philips SENSE 4-channel coils
are 90, 134, and 112, respectively. For the flip angle 90°, the SNRs for our single-channel solenoid
coil, our dual-channel breast coil, and Philips SENSE 4-channel coils are 112, 156, and 140,
respectively for the flip angle 90°. The relative SNR of our single-channel solenoid coil and dual-
channel breast coil to Philips SENSE 4-channel coil was 0.8 and 1.2, respectively. Coronal and
transverse MR image sliced from the breast phantom with different MR breast coils are presented
in Figure 4.4. Centerlines are drawn at given MR image slices to measure the maximum and
minimum signal intensities of the MR images. For the coronal plane, the calculated IU for our
single-channel solenoid coil, our dual-channel breast coil, and Philips SENSE 4-channel breast
coil are 0.16, 0.27, and 0.28. For the transverse plane, the calculated IU for our single-channel
solenoid coil, our dual-channel breast coil, and Philips SENSE 4-channel breast coil are 0.03, 0.21,
and 0.15, respectively. MR imaging of the breast phantom yields interesting findings. Our novel
dual-channel breast coil shows the best performance regarding the SNR, while our single-channel

solenoid coil has the best IU from the breast phantom MR experiments.
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Figure 4.3 A rectangular region-of-interest (ROI) is drawn over the middle 80 % of the phantom
breast images (red-dashed box) to compute the SNR of the MR images, while the
average noise intensity and the standard noise deviation are measured from the

background in the yellow dashed box.
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Figure 4.4 Coronal 2D MR images with the intensity plots along the solid yellow lines from (a)

our single-channel solenoid coil, (b) our dual-channel breast coil, and (c) Philips SENSE
4-channel breast coil. Transverse 2D MR images with the intensity plots along the solid
yellow lines from (d) our single-channel solenoid coil, () our dual-channel breast coil,

and (f) Philips SENSE 4-channel breast coil.
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Table 4.1 Comparison of the SNR and the U with our single-channel solenoid coil, dual-channel
breast coil, and Philips SENSE 4-channel breast coil. *The relative SNR is calculated

from the ratio between a given breast coil over Philips SENSE 4-channel breast coil.

Philips SENSE 4-
channel breast

Our single-channel ~ Our dual-channel
breast coil / breast coil/

(relative SNR)* (relative SNR)* COﬂS/I(E;l;lEVG
Signal-to-noise ratio (SNR)
at flip angle 30° 90/(0.80) 134/(1.20) 112/(1.00)
at flip angle 90° 112/(0.80) 156/(1.11) 140/(1.00)
Integral Uniformity (IU)
Coronal plane 0.16 0.27 0.28
Transvers plane 0.03 0.21 0.15
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4.4. Discussion

We have demonstrated a new unilateral dual-channel breast coil for our multimodal
MR/PEM cancer therapy monitoring application. The highest SNR among three different coils is
achieved with our novel dual-channel breast coil. The primary reason for the high SNR of our
dual-channel breast coil is attributed to the filling factor. Our dual-channel breast coil has the
highest filling factor compared to our single-channel solenoid coil and Philips SENSE 4-channel
coil. However, our single-channel solenoid coil shows the best IU from the MR images of the
breast phantom. The main reason for worse U of our dual-channel breast coil and Philips SENSE
4-channel coil is the dielectric effect of the breast phantom (diameter 12 cm). The phantom is too
close to the conductive loop (diameter 15 cm) of coils such that the phantom dielectric effect
contributed as a loss medium to the RF resonance loop. This image non-uniformity of our dual-
channel breast coil and Philips SENSE 4-channel breast coil disappears with the smaller size breast
phantom, which is more practical in clinical MR imaging setup. Regarding MR imaging speed,
our dual-channel coil finishes the scanning of T1-weighted gradient-echo sequence at the same
scanning time of Philips SENSE 4-channel breast coil.

Our dual-channel breast coil design and prototype MR/PEM interface are designed with
the concept of the prone positioning of a patient. The shape of our dual-channel breast coil and the
interface design of MR/PEM are formed with this configuration in mind. However, our design is
only tested using the breast phantom. An in-vivo study is crucial for further validation of our
approach that will be the subject of a future communication. Greater attention is required to the
ergonomics of the coil design and the MR/PEM hardware interface design to proceed with in-vivo
clinical pilot experiments. The coil should be designed to fit as comfortable as possible while

maintaining its MR image quality with PEM detector heads and breast compression paddles.
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Specifically, sharp edges must be removed to form smooth contours, particularly on physical
contacts to breast tissue. All electric components must be covered and electrically insulated from
the contact with the patient. Our dual-channel coil is designed for unilateral MR breast scanning,
while Philips SENSE 4-channel breast coil is designed for bilateral MR breast imaging. Our dual-
channel coil should be extended to bilateral MR breast scanning by simply replicate the coil

configuration on the other side.

4.5. Conclusion

In this chapter, a new dual-channel breast coil design for our MR/PEM cancer therapy
monitoring application is proposed. The MRI experiments have demonstrated that our dual-
channel breast coil can provide comparable MR image SNR and IU to Philips SENSE 4-channel
breast coil with similar scanning speed. This validation experiment justifies further investigation
and modification of our design concept. We plan to perform imaging on human subjects after

receiving appropriate institutional approvals.
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Chapter 5: Development of excitation-resolved NIRF system

5.1. Introduction

Optical fluorescence imaging has attracted significant attention due to non-ionizing
radiation, cost-efficiency, and high-sensitivity. Fluorescence imaging utilizes a wide-field
illumination source and image detectors such as a charge-coupled (CCD) camera to measure
fluorescence signal, which has proven to be suitable source-detector geometry for intraoperative
optical imaging. (62) Fluorescence imaging can be even more powerful when utilizing near-
infrared excitation source to minimize intrinsic tissue fluorescence and to enhance tissue
penetration depth of light because the absorption of the main tissue chromophores, such as
hemoglobin, lipid, and water is minimal around 800 nm. Most of the viable NIR fluorescence
imaging agents have an absorption or excitation maximum around 750 — 800 nm. For instance,
ICG has seven times higher absorption at 800 nm than the absorption at 690 nm, which is a
frequently used far-red wavelength. In other words, one must use seven times brighter light source
to achieve the same fluence rate of ICG fluorescence with a far-red light source, which also results
in increased background tissue fluorescence. It is no wonder that near-infrared fluorescence
imaging (NIRF) can be a promising molecular-guided surgery tool for better identification of

deeply seated fluorophores.

NIRF is a rapidly growing noninvasive and nonionizing molecular two-dimensional
projection imaging technique that can generate high-resolution, high-sensitivity, and high-contrast
images for preclinical (145) and clinical applications (146). Even though a large pool of near-
infrared NIR fluorescence agents is under development, the only one approved by the U.S Food

and Drug Administration (FDA) for human intravenous injection in the last 50-years is ICG.
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Owing to its excellent biocompatibility, ICG has been used for a variety of biomedical applications
such as intraoperative sentinel lymph node mapping in breast cancer (147), ovarian cancer
detection (148), hepatic function (149) and cardiac output (98) estimations, choroidal angiography
(150), photodynamic therapy (151), treatment of leg veins (152), and inflamed atherosclerotic
plaques (38). The maximum excitation wavelength of ICG (780 nm in aqueous media, 800 nm
when bound to plasma proteins) lies in the near-infrared ‘imaging window' in which the low tissue
absorption and scattering allow a deeper probing depth. Furthermore, the background
autofluorescence is minimized at excitation wavelengths longer than 780 nm (153). The principle
of NIRF with ICG is based on tissue illumination with excitation light sources, such as light-
emitting diodes (LED) and laser diodes (LD), and the detection of the fluorescence emission
intensity at the surface with a charge-coupled device (CCD) camera incorporated with optical

interference filters.

ICG is an amphiphilic cyanine dye whose excitation spectrum depends on the nature of the
solvent and the concentration of ICG (35). The main peak of the excitation spectrum of ICG shifts
from 780 nm to 800 nm when free ICG binds to plasma proteins. Following intravenous injection,
the competition between the binding to protein and the aggregation determines the in-vivo spectral
properties of ICG (154). Some researchers have reported that a gradual spectral peak blue shift of
9 nm after intravenous injection due to specific phospholipid binding (155). Furthermore, ICG can
be incorporated into the design of an activatable tumor imaging agent, whose spectral properties
are different before and after activation (156). Therefore, spectral investigation, in addition to the
fluorescence intensity-based imaging, can help better understand the Pharmacokinetics of ICG and
its associated biological processes in-vivo. Most importantly, the spectral investigation can

improve the image contrast of NIRF.
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The measurement of the excitation-shift of ICG in turbid media with a wide-field imaging
geometry, unfortunately, has been challenging for the many reasons. Firstly, the Stokes shift of
ICG is too small to separate the heavily overlapping excitation and emission spectra. Secondly, the
solvatochromic response of ICG is too weak to be detected by a conventional NIRF system. Finally,
the tissue optical properties aggravate both excitation and fluorescence spectra via multiple
scattering. For these reasons, a suitable excitation-resolved source is necessary. Several techniques
can be used for spectrally-resolved NIRF systems using a liquid crystal tunable filter (78) and a
spectrograph (157) to acquire accurate spectral information of ICG with a wide-field imaging setup.
However, these techniques are all employed at the detection side and have an intrinsic trade- off

between the spectral resolution and the photon flux.

Instead of scanning the emission spectrum, excitation spectrum-resolved NIRF could be a
more suitable spectroscopic approach for fluorescence-guide surgery. Since the excitation
fluorescence spectroscopy reports wavelength-dependent excitation spectra of fluorescent
molecules, it is not necessary to discard any fluorescence emission light for the spectroscopic
purpose. Therefore, the excitation spectrum-resolved NIRF could use most of the fluorescence
emission photons without sacrificing the spectral resolution. There are several reported spectrally-
resolved light sources such as filtered broadband source, LEDs, and LDs. (7) Filtered broadband
sources are a widely used technique to obtain excitation-resolved spectroscopic information of
ICG with various source-detector geometries. (8) However, this wavelength-selection method with
post-filtering suffers a tradeoff between the spectral confinement and the illumination brightness.
LEDs can be a high brightness source but have a broad emission spectrum that is unsuitable for
resolving the minute solvatochromic response of ICG. LDs can be a promising candidate because

they meet the spectral confinement requirements, as well as having high brightness. However, LDs
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are not suitable for in-vivo imaging applications that require sufficient video frame-rates, such as

a fluorescence-guided surgery.

Wavelength-swept lasers are rapidly growing light source technology in the medical optics
field, for use in optical coherence tomography, and its extent of biomedical imaging applications
are gradually increasing. (81, 158-162) Due to its unique performance of emitting almost
monochromatic light with broadband wavelength-swept bandwidth, wavelength-swept lasers in
the near-infrared spectral window can make a versatile light source for the excitation-resolved

NIRF.

In this chapter, we propose a novel method that can obtain spectrally resolved images in NIRF
by employing a near-infrared wavelength-swept laser, as opposed to the previous techniques which
employ spectral resolving on the detection side of the instrumentation. To the best of our
knowledge, we demonstrate for the first time the spectrally-resolved NIRF imaging with a
wavelength-swept laser and a CCD camera. Since the quantum yield of the fluorescence is
independent of the excitation wavelength (163), the fluorescence intensity is proportional to the
quantum yield, the concentration of fluorophore, and absorbed energy during the excitation.
Accordingly, the measurement of the fluorescence intensity differences while sweeping the laser

wavelength can provide information on the wavelength-dependent excitation of the fluorophores.

Several research groups have reported on various types of near-infrared wavelength-swept
lasers for biomedical imaging (82, 84, 161). Meanwhile, we recently developed a wavelength-
swept laser centered at 800 nm to image microstructural and functional information of blood in-
vitro (85) and high-resolution depth-resolved retina layers (164) for optical coherence tomography.
The wavelength-swept laser that we have developed can tune the wavelength from 780 nm to 820

nm, which covers the maximum excitation wavelength of ICG.
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5.2. Methods

5.2.1. Near-infrared wavelength-swept laser

Since a piezoelectric transducer based wavelength-selector poses thermal instability, we
employed a holographic transmission grating and a Galvo-scanner as a wavelength selector to
avoid the heat instability [Figure 5.1]. A traveling-wave semiconductor optical amplifier (SOA)
was employed to provide the optical gain fro the spectral range of 780 nm to 820 nm. A 10-dB
fiber-optic directional coupler is connected to the output port of the SOA. A 90 % arm of the
optical directional coupler is used to drain the laser output while the other arm coupled to the
external fiber-optic laser cavity to feedback stimulated light towards the traveling-wave SOA. The
wavelength-selector consists of a holographic transmission grating, a reflection mirror, and a
Galvo-scanner mirror. The wavelength selection is made by rotation of the Galvo-scanner mirror
such that a narrow- bandwidth of the light within the numerical aperture of a fiber-optic collimator
can act as a feedback to the external laser cavity. The measured maximum output power and the
steady-state -3 dB laser linewidth are 14 mW and 0.2 nm, respectively at 801 nm. To reduce the
spectral tails of the spontaneous emission overlapping the passband of the interference filter, we
place an interference bandpass filter at the output port of the wavelength-swept laser, which is
centered at 800 nm and the bandwidth of the passband was 40 nm. To maximize the out-band
rejection performance of the interference filter, we collimate the laser light with a fiber-optic

collimator and let the collimated light pass through the filter with an incident angle of 4 degrees.
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Figure 5.1 Schematic of the wavelength-swept laser (left) and epi-illumination setup for NIRF

imaging (right). SOA stands for semiconductor optical amplifier.

A lens expanded the filtered laser beam before illuminating the phantom. The measured intensity

of the wavelength-swept laser around 800 nm was 10 mW after the spectral filtering.

5.2.2. Wide-field imaging system

A schematic of the system implementing a wide-field epi-illumination geometry is shown in Figure
5.1. The diameter of the illumination spot on the target was 40 mm. A cooled CCD camera with
a Sigma MACRO 50 mm F2.8 lens was used to collect photons emitted from the surface. We
employed two-cascaded bandpass interference filters with a passband of 10 nm, centered at 830
nm to selectively collect the fluorescence emission of ICG [Figure 5.2]. The filters are located
between the lens and the cooled CCD camera. The steady-state spectra of the laser at different
wavelengths before the optical filtering are shown in Figure 5.2(a). We collected the light intensity
of the laser power with and without the optical interference filters on the CCD camera and
calibrated the measurements by referring to the used integration time and the gain of CCD camera.

One can notice that the spectral tails at the longer wavelengths decreased the out-band rejection
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performance of the cascaded bandpass filters. Images of different laser wavelengths are collected
with the fluorescence filters. This process improves the accuracy of the fluorescence imaging to

calibrate the NIRF system for the wavelength dependent excitation leakage. (165)
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Figure 5.2 (a) Graph of laser output spectra of the wavelength-swept laser. The passband of the
interference filters for fluorescence collection is indicated by a shaded box in green. (b)

A graph of the excitation light leakage intensity versus wavelength.
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5.2.3. Image processing

The excitation leakage intensity consists of the excitation leakage depending on the spectral tails
of the excitation laser, the interference filter performance of rejection, and design of the optical
lens system. (165) The measured fluorescence intensity, FL, at the surface can be described as in

Equation (5.1)

FL(Zn):S(lM{I(/in)—L(ﬂn)}+g (5.1)

where, S is the power spectrum density of the wavelength-swept laser, Ax is the nth wavelength of
a selected set of wavelengths. 1 is the raw intensity, L is the excitation leakage. ¢ is the system

noise including the shot noise and the readout noise. To quantify the spectral information, we

calculated the spectrum centroid as described in Equation (5.2)
SC=2 0 AFL(4)/ X FL(4,) (5.2)
where, SC is the spectrum centroid, A is the wavelength of the index n. N is the number of used

wavelengths.

5.2.4. Turbid phantom

Two sets of agarose phantoms are used to examine the performance of the excitation-
resolved NIRF system. The first phantom consists of an agarose gel with Intralipid and Indian ink
mimicking general optical tissue properties of tissue with the absorption and scattering coefficient
of 0.008 mm™ and 0.8 mm™, respectively. A plastic box is used to form the shape of the agarose
phantom. A glass tube (diameter: 5 mm, wall thickness: 0.3 mm, length: 120 mm) is embedded 10
mm below the surface. The glass tube contains ICG dissolved in dimethyl sulfoxide (DMSO) at a

concentration of 5 M. Dimethyl sulfoxide (DMSQO) is a widely used amphipathic solvent for
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experimental hydrophobic drug delivery studies and is an effective medicine for various diseases
such as inflammation and arthritis. (166, 167) Particularly, imaging DMSO is of interest in
studying water-insoluble drug delivery of biological barriers such as the skin, the membrane, the
blood-brain barrier. (168) Therefore, development of an in-vivo organ-level molecular imaging
technique to visualize DMSO is essential for better understanding of the physicochemical
interaction of the molecule in tissue. The maximum absorption of the ICG in DMSO is found to
be 796 nm with a commercial spectrometer (USB 2000+, Oceanoptics Inc., USA). The NIRF
images were collected using a set of six wavelengths (N = 6) of the wavelength-swept laser from
789 nm to 814 nm, at 5 nm interval. A set of six images at different wavelengths is collected, with
each image consisting of 2280 x 1528 CCD elements with a 16-bit resolution. The images are
collected as 570 x 382 pixels, with 4 x 4 CCD elements binning. The integration time of the CCD
camera is nine second per each wavelength. The sum of the fluorescence intensity images of the
six images is shown in Figure 5.3(a). The field of view of the images is 70 mm x 47 mm. We
calculated the spectrum centroid; then we plotted the calculated values at a selected yellow dashed
line as shown in Figure 5.3(b). The deviation of the calculated spectrum centroid values increases
while the sum of fluorescence intensity decreases. The spectrum centroid and full-width-half-
maximum are 796.67 nm and 0.49 nm, respectively.

The second phantom consisted of the same agarose gel, but with two different ICG tubes. One
is a tube containing ICG dissolved in distilled water, and the other is a similar sized tube with
bovine serum albumin (400 mg/ml, Sigma-Aldrich). The two ICG tubes were separated 10 mm
away from the center line of the agarose phantom. The concentration of ICG in both tubes was 5
4uM. The absorption maximum of ICG in water was found at 780 nm, while the absorption

maximum of ICG bonded to bovine serum albumin is obtained at 800 nm.
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Figure 5.3 (a) Fluorescence intensity image of an agarose phantom with a 5-mm diameter tube
containing ICG dissolved in dimethyl sulfoxide (DMSQ). (b) Graph of the spectrum
centroid along the yellow dash line on the image (a). Graph of the histogram of the

spectrum centroid in the full field-of-view.

5.3. Results

The two different ICG tubes are visualized using the sum of fluorescence intensity measurements
[Figure 5.4(a)]. The intensity difference is originated from the center wavelength of the
interference filter passband (830 nm). As expected, the spectrum centroid of the ICG bonded to
bovine serum albumin shows a higher value than the value of the ICG in water. The histogram of
the spectrum centroid is shown in Figure 5.4(c). The maximum pixel count frequency of the
spectrum centroid histogram is found at 801.92 nm for the free ICG in water, and 803.29 nm for
the ICG bonded to bovine serum albumin. One can notice that there is negative skewness of the
histograms on Figure 5.3(c). The wavelength-dependent absorption of the phantom is responsible
for the negative skewness on the spectrum centroid explains the red-shift by the phantom
absorption. This result shows good agreement with a previous publication. (150, 169, 170) As the
fluorescence emission on the surface is going away from the ICG tubes, the spectrum centroid is

gradually shifting [Figure 5.4(b)].
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Figure 5.4 (a) Fluorescence intensity image of an agarose phantom with two different tubes. One
tube was filled with ICG-albumin in distilled water (left side of the image), while the
other tube is filled with free ICG in distilled water (right side of the image). (b)
Spectrally decomposed fluorescence image with the spectrum centroid. Pixels
dominated by noise are eliminated by setting a threshold value that is larger than zero.
(c) Histogram of the calculated spectrum centroid of the whole image. (d) Graph of the

spectrum centroid along the yellow dash line on the image.
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5.4. Conclusion

We demonstrated that the excitation-resolved NIRF imaging with ICG using wavelength-
swept laser. The performance of the excitation leakage rejection versus the wavelength of the
swept laser is evaluated. The spectral resolution of the excitation-resolved NIRF system is
characterized by the FWHM of the spectrum centroid histogram. The spectral components of two
different ICG tubes located 10 mm deep from the phantom surface are successfully decomposed
by using the spectrum centroid. This technique is not limited to differentiation of ICG states. The
wavelength-swept laser-based excitation-resolved NIRF can also be a promising method for
multiple near-infrared agents imaging and activatable agents for specific biomolecule targeting.
This technique still poses practical limitations. A trade-off between the imaging speed and the
improved statistics for the estimation of the spectrum parameters, however, can be resolved by
employing high-gain and high-speed CCD cameras, such as intensified CCD and electron-
multiplying CCD for the real-time excitation-resolved fluorescence imaging. The excitation
leakage of the wavelength-swept laser at longer wavelengths can be reduced by proper design of

optical gain medium, lens, and interference filters.
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Chapter 6: Ratiometric Excitation-resolved NIRF towards
guantitative measurement of microenvironmental solvent

polarity

6.1. Introduction

Predicting solubility and permeability of drug in vivo is essential for drug discovery and
development. (171-173) Dimethyl sulfoxide (DMSO) is a water miscible solvent that is frequently used to
enhance solubility and permeability of water-insoluble pharmaceutical compounds by diluting them into a
well-stirred aqueous medium for the drug administration. (168) However, the solubility of the DMSO-
mixed water-insoluble drugs depends on in a different local residual level of DMSO, and permeability of
the drugs decreases by precipitation of the drugs in biological media. Imaging DMSO distribution in vivo
can provide localized levels of residual DMSO, and thus help better understanding the pharmacokinetics
of the water-insoluble drugs. Saar et al. have demonstrated molecular imaging visualizing DMSO with a
stimulated Raman scattering technique. (174) However, this nonlinear microscopy is inadequate for wide-
field imaging with an organ-level field of view. Meanwhile, measuring the environment polarity in
biological media has been studied extensively with optical fluorescent dyes using solvatochromism. (149,
175) Indeed, optical dyes are utilized for this purpose since their molecular spectral profiles are significantly
affected by the local polarity of biological media. These compounds whose absorption and emission spectra
depend on the environment polarity are known as solvatochromic dyes, which can perform in a wide range
of the optical spectrum including ultraviolet, visible, and near-infrared (NIR, ~650-950 nm). However, it is
challenging to perform solvatochromic dye-mediated polarity measurements in vivo. The solvatochromic

dyes in NIR, unfortunately, have heavily overlapping excitation and emission spectra and exhibit weak
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solvatochromic shifts in their spectral profiles. Moreover, tissue optical properties affect the measured
fluorescence spectra. (150, 170)

Among the various solvatochromic dyes, Indocyanine green (ICG) is the most widely used NIR
dye for fluorescence imaging. (176) Its absorption peak lies around 800 nm where biological tissue
attenuates the fluorescence less and generates low autofluorescence. (153) Furthermore, hemoglobin
absorption stays low and has an isosbestic point at 800 nm. Despite these spectroscopic merits of ICG in
the 800-nm spectral window, the use of ICG has been limited to visualize blood perfusion volume and
tissue permeability rate-based physiological assessment due to the lack of molecular specificity. The
solvatochromic response of ICG can also be leveraged to measure the polarity of the local environment.
Typically, ICG is dissolved into an aqueous solution before the ICG administration, which has its
absorption peak at 780 nm. After the administration, ICG quickly and mostly binds to hydrophobic pockets
of albumin and its absorption peak shifts to 805 nm. (177) Figure 6.1(a) shows the normalized absorption
spectra of ICG in water, DMSO, and bonded to bovine serum albumin (BSA-ICG). Figure 6.1(b)
demonstrates a complex behavior of ICG in mixtures of water, DMSO, and BSA, which mimics ICG in
biological media such as lymph or blood in the presence of DMSO. First, ICG is mixed with bovine serum
albumin (BSA, Sigma-Aldrich, USA) at a concentration of 50 mg/ml to mimic the concentration of
albumin in human plasma dissolved in distilled water. (178)

This mixture is called BSA-ICG. After adding DMSO into the BSA-ICG in distilled water, one
can observe that the varying amount of DMSO results in the absorption peak shift of ICG. At the volume
fraction zero, the solution contains BSA, ICG, and water. The absorption peak of this solution is
demonstrating that most of the ICG are bound to BSA. The BSA-ICG bond gradually breaks until the
volume fraction of 0.4, the solutions in this volume fraction range contain BSA-ICG, free-ICG, BSA, water,

and DMSO. One can observe that the absorption peak shifts to the shorter wavelength since free-ICG starts
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attributing to this absorption blue-shift. Between the volume fraction of 0.4 and 1, all ICG becomes free
from the BSA-ICG bond and its absorption spectrum solely depends on the polarity of the mixtures of

solvents.
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Figure 6.1 (a) Absorption spectra graph of ICG in different environments. The absorption peaks of BSA-
ICG, ICG in DMSO and ICG in water are 805 nm, 795 nm, and 780 nm, respectively. (b) The

graph shows the absorption peak shift of a6 uM BSA-ICG solutions adding DMSO.

To be able to measure this complex solvatochromic response of ICG, a fluorescence lifetime
imaging technique has been introduced. (175) However, this fluorescence lifetime technique requires either
pulsed laser or radio-frequency amplitude modulated source. Also, expensive high-speed electronics are
necessary to measure the time-domain or the frequency-domain signals. In this Letter, we demonstrate a
steady-state spectroscopic wide-field imaging technique that can resolve the solvatochromic response of
ICG. The pivotal part of our imaging technique is a continuous-wave near-infrared novel wavelength-swept

laser, which can tune its output wavelength with high speed and superior spectral resolution. (85)
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6.2. Methods

6.2.1. Experimental setup

The wavelength swept window of the laser is optimized around 800 nm to excite ICG around its
maximum absorption wavelength as shown in Figure 6.2(a). An optical spectrum analyzer measures the
different laser output spectrum. The selected spectra of the laser output are displayed in dBm, Figure 6.2(b).
An exciter bandpass filter with a central wavelength of 794 nm, a bandwidth of 32 nm, and an out of band
optical density (OD) of 7 is employed to clean up non-lasing components. An optical diffuser homogenizes
the Gaussian laser beam with a power of less than 0.5 mW/cm2. A CCD camera (ColdBlue, PerkinElmer
Optoelectronics, USA) with an imaging lens (Marco F/2.8, Sigma Inc., USA) is used to capture snapshots
of fluorescence signals. The working distance of the imaging lens is 60 cm. An emitter bandpass filter that
has a central wavelength of 840 nm, a bandwidth of 10 nm, and an average OD of 5 is used to collect the
fluorescence emission. Figure 6.2(c) shows the measured OD of the filters employed in this HER-NIRF
system in the absence of ICG. As the wavelength of our swept laser approaches the fluorescence collection
band, the excitation light leakage degrades the performance of our system reducing the signal-to-noise ratio
and yields to incorrect fluorescence measurements. (165) Therefore, HER-NIRF images need to be

corrected by subtracting the excitation-leakage images collected in the absence of ICG.
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Figure 6.2 (a) Schematic diagram of the wavelength-swept laser and our HER-NIRF system. SOA:
semiconductor optical amplifier, P: polarization controller, CR: circulator, CL:
collimator, GS: Galvo-scanner, G: grating, M: mirror, C: coupler, IS: isolator, F1:
exciter bandpass filter, D: diffuser, F2: emitter bandpass filter, CCD: charge coupled
camera. (b) Measured output spectra of our wavelength-swept laser at different
wavelengths. (c) Graph of the optical density of F1 and F2 over the wavelength range

of interest.
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6.2.2. Ratiometric excitation spectrum measurement

A ratiometric approach is employed to estimate a relative excitation shift on a reference standard
that can be either a well-known fluorescent dye or a priori fluoresce image data to measure the
solvatochromic response of ICG. By using the first-order approximation to the basic equation of

fluorescence can be written as
Q
F(/I)z I774—2.3038(/1)IC. (6.2)
T

where, F is the steady-state fluorescence intensity, | is the incident light excitation intensity on the target, Q
is the solid angle, ¢is the molar extinction coefficient as a function of the excitation wavelength 4, nis the
quantum vyield, | is the path length of excitation light through the fluorescence sample, and c is the
concentration of the fluorescent dye.

The change of the molecular environment affects the wavelength-dependent molecular extinction
coefficient, and thus the spectral scan driven by our system reveals the solvatochromic shift. One can
assume a simplified case where the change of ICG concentration is trivial between the time sets of before
and after the administration of DMSO. The ratiometric fluorescence of ICG in DMSO on BSA-ICG in a

dilute solution can be written as

In| F,(1)/F,(4)]|=In]¢&,(2)/&,(4)]+In[n, /n,]- (6.2)
where, the subscripts B and D describe BSA-ICG and ICG in DMSO, respectively. The right-hand side of
Equation (6.2) consists of a wavelength-dependent ratio of the extinction coefficients and a ratio of the
quantum yields.
To confirm Equation (6.2), control measurements of absorption spectra of different ICG solutions
are performed on a variety of ICG solutions (Arkon, Inc., USA) with a molar concentration of 6 uM. The

first kind is mixed with bovine serum albumin with a concentration of 50 mg/ml to mimic the concentration
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of albumin in human plasma dissolved in distilled water, BSA-ICG. In the second kind named "DMSO-
ICG," ICG is dissolved in 99.9 % DMSO (DMSO, Fisher, USA) to engage the solvatochromic response
of the ICG. Also, different mixtures of BSA-ICG in various DMSO and water volume fractions are
prepared. The absorption spectra of the ICG solutions are measured by a commercial spectrometer
(USB2000, Ocean Optics Inc., USA). The ratio of extinction coefficients of DMSO- and BSA-ICG in
water solutions is shown in Figure 6.3(a). Between 785 nm and 810 nm, the natural logarithmic ratio of
extinction coefficients shows the maximum contrast and almost a linear decrease as a function of
wavelength. In addition, the isosbestic point of DMSO- and BSA-ICG is found in the spectral range. Hence,

we can model the ratio of extinction coefficients as a linear function of the excitation wavelength,
N[, (2)/e,(2)]* My (A-4,). (6.3)

where, Msowato IS the slope of our linear approximation and Ais is the isosbestic wavelength of DMSO- and
BSA-ICG in water solutions. In the maximum contrast window, the ratio of extinction coefficients in the
different volume fractions are presented in Figure 6.3(b). Calculated values of Msowato the various volume
fractions are plotted as a function of the volume fraction of Figure 6.3(c). One can compare Figure 6.1(b)
with Figure 6.1(c) to find a good correlation between our commercial spectrometer absorption
measurements and the slope values of our linear model in Equation (6.3) as shown in Figure 6.3(d). Note
that a 1 nm increase in the absorption peak of ICG corresponds to 1.45x10° nm™ of the slope change in

our ratiometric model.
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Figure 6.3 (a) Natural logarithmic ratio of the extinction coefficients of DMSO-ICG and BSA-
ICG. The solid blue line shows a linear fit to the natural logarithmic ratio between 785

nm and 810 nm [red-boxed area]. (b) The graph shows the slope change of a 6 uM BSA-

ICG solutions adding DMSO.
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6.2.3. Tissue-like phantom

To conduct tissue-like turbid medium (p= 0.0132 mm?, ps’ = 1 mm™ at 800 nm) experiments, an
Intralipid gelatin phantom, L 70 mm x W 50 mm x D 100 mm, is prepared. Two 3.2 mm long tubes, with
a 3.2 mm inner diameter, are placed 5 mm deep under the top surface of the phantom and positioned 30
mm apart, Figure 6.1(a). The tubes are filled with 26 ul of BSA-ICG and DMSO-ICG solutions.

The first step of our fluorescence experiments is measuring the ratiometric fluorescence in free
space for the verification of Equation (6.2). Fluorescence images at 50 different excitation wavelengths are
acquired with a wavelength step of 0.5 nm, Figure.6.4(a). The mean fluorescence signals are extracted from
regions of interest and used for computation of the ratiometric fluorescence. By incorporating Equation.

(6.3) into Equation (6.2), we obtain

[, (2)/e, (A) ]+ [, /7,] = Mo (A= A ) + B (6.4)

where, bguantum IS the wavelength independent value of the relative quantum yield ratio. As seen from the

black dots and line in Figure 6.4 (c), bauanum can be read at the isosbestic point and is 0.80, which means ,,
is 2.23 times higher than,, . The calculated msowat Obtained from the relative fluorescence measurement in

Figure 6.4 (c) is -0.017 nm™, which shows good agreement with the calculated msonat from our absorption
measurements in Figure 6.3 (a). As expected, the slope value between two identical fluorescence signals of
the BSA-ICG vyields approximately zero as shown by the black dots and line in Figure 6.4 (b).

The second turbid phantom experiment is designed to demonstrate the DMSO-ICG identification
performance of our HER-NIRF technique with the spectral distortion by multiple scattering. A BSA-ICG

tube is used as a reference and placed on top of the phantom, Figure 6.1(a). As an experimental control, the
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same BSA-ICG tube is positioned in the turbid phantom at a 5-mm depth. The other tube filled with

DMSO-ICG is also put in the phantom at the same depth of the embedded BSA-ICG tube.

6.3. Results

Fluorescence images at different excitation wavelengths are acquired for this turbid phantom
experiment. The CCD camera integration time is one second per image. The mean fluorescence signals are
measured at the selected regions of interest indicated by the dashed-line circles in Figure 6.4(a). The
ratiometric fluorescence for BSA- and DMSO-ICG tubes on the BSA-ICG reference is plotted as a function
of the excitation wavelength as red and blue dots and lines in Figure 6.4(b) and Figure 6.4(c), respectively.
The ratiometric fluorescence between the reference BSA-ICG on the surface and the BSA-ICG embedded
in the phantom demonstrates a red-shift due to the multiple scattering which yields to a positive slope value
in our ratiometric model, as shown in Figure 6.4(b). Likewise, the multiple scattering shifts measured the
relative excitation spectrum of DMSO-ICG by increasing the slope value from -0.017 nm® (in free space)

t0 -0.009 nm* (in phantom).
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Figure 6.4 (a) Fluorescence image stack consists of 50 images obtained at different excitation wavelengths.
Red-dashed circles indicate the reference BSA-ICG on the surface and the BSA-ICG embedded,
in the phantom. A blue dashed circle shows the DMSO-ICG region of interest. (b) Ratiometric
measurements of BSA-ICG in free space and phantom on the reference BSA-ICG. (c)
Ratiometric measurements of DMSO-ICG in open space and phantom on the reference BSA-

ICG.
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A fluorescence signal from an embedded ICG tube in a turbid medium can be written as

A(F)=Fexp| -, (1)2d |. (6.5)

where, A is the attenuation operator describing the Beer’s law, e iS the wavelength-dependent effective
attenuation coefficient, and d is the depth of the tube. Factor 2 describes the photon round-trip. If both the

reference and the embedded targets contain the same BSA-ICG, we obtain

(6.6)

" turbid iso turbid *

|n{A(FB)}:_yeﬁ (A)2d=m_, (A~ 4. )+b

where, Muria is the slope of the linear fit in Figure 6.4(b) that is equal to 0.011 nm™. The parameter burid is
-2.23 which describes the wavelength-independent attenuation in the region of interest. If the embedded
tube contains a different solution (DMSO-ICG) than the reference (BSA-ICG), we can use Equation. (6.2)-

(6.6) to obtain

" |: A( FD ):| B (ms"'Vato - mturbid )(ﬁ' - /1150 ) + (bQUantum o bturbid ) (67)

In Figure 6.4(c), m corresponds to the slope of the black dots and line, while

solvato

(M0 — My ) COMTESponds to the slope the blue dots and line. The spectral distortion by multiple

scattering affects the spectral content of DMSO-ICG measurements similarly to the result shown in Figure

6.4(b). Based on this theory and our experimental results, we further applied our ratiometric technique to
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produce a pixel-by-pixel spectroscopic map. First, the fluorescence signal at each pixel is used as a
numerator in the left-hand side of Equation (6.7), while the fluorescence signal of the reference BSA-ICG
on the surface is used as the denominator. Afterward, the slope of the linear fit per pixel is attributed to the
pixel under study to produce a spectroscopic image as shown in Figure 6.5(a). When the pixels show
approximately a zero slope, they identify fluorescence signals from the reference BSA-ICG on the surface.
However, when the pixels show a positive slope, they belong to the multiply scattered fluorescence signals
from the embedded BSA-ICG tubes. Note that a positive slope is observed even around the container wall
of the reference BSA-ICG due to scattering within the container wall. A gradient threshold of our linear
fitting (-2.95 x 10° nm'?) is applied on the spectral map to generate a binary identification map of DMSO-
ICG. Despite this spectral content degradation induced by multiple scattering, one can still identify the

pixels of DMSO-ICG tubes in Figure 6.5(b).
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Spectral mapping of the slope Binary identification of DMSO-ICG
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Figure 6.5 (a) Color-coded slope map shows the excitation blue-shift of the DMSO-ICG tube while the

embedded BSA-ICG sample demonstrated a red-shift of excitation spectrum by multiple
scattering. Low signal pixels from the intercept map are excluded from the image processing.
(b) Binary identification map exclusively displays DMSO-ICG. All the pixels of the slope

values that are lower than a gradient threshold is removed from the original spectral map.
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6.4. Discussion and conclusion

We demonstrate the performance of our HER-NIRF technique as a proof-of-concept to measure the
solvatochromic response of ICG in turbid phantoms. The spectroscopic measurement of the local polarity
expands the information contents of conventional wide-field fluorescence imaging techniques. Although
the sign of the slope is used to identify the presence of DMSO in each pixel qualitatively, our measurements
show that quantitative imaging can be possible if one can choose appropriate reference signals to minimize
the spectral distortion. As an alternative, if the HER-NIRF imaging is performed before and after the
application of DMSO, the reference may not even be required considering the change in the slope of the
ratiometric fluorescence. For example, if ICG is accumulated in lymph nodes and imaging is performed
before and after the application of DMSO, the technique presented here can be applied since the depth of
the reference and target will be the same in the Equation. (6.2). The ability to measure the distribution of
DMSO in vivo can lead to a better understanding of the pharmacokinetic properties of ICG in tissue. For
instance, K. Licha et al. have demonstrated that increasing hydrophilicity of cyanine dyes enhances the
fluorescence image contrast of tumor by inhibiting the plasma protein binding of these dyes. Thus, the
properties of DMSO inhibiting the albumin binding of ICG can lead to better understanding of the
pharmacokinetics of ICG for tumor imaging. Furthermore, imaging of DMSO by measuring the excitation
shift of ICG can be invaluable information for studying the pharmaceutical effect of DMSO on
inflammation in vivo.

The wavelength-swept laser is the key to our HER-NIRF technique due to its superior performance
compared to other available light sources. Being low-cost, fast in the spectral scan, and able to perform
coherent light amplification, this wavelength-swept laser can be a very powerful light source for real-time
measurement in various ICG imaging applications. While its superior spectral resolution is a significant

advantage for this application, the HER-NIRF technique also provides a much higher signal to noise ratio
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by measuring the whole fluorescence emission spectrum as opposed to conventional systems utilizing
band-pass filters at the detection site. By providing additional spectral information, HER-NIRF technique
can be applied for measuring the solvatochromic response of other fluorescence dyes and even be adapted
for endoscopic applications due to the efficient light guiding by fiber optics. Our future aim is to apply this

HER-NIRF technique for the imaging of ICG to map DMSO distribution in vivo.
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Chapter 7: Conclusion and future work

7.1. Conclusion

In Part I, we have demonstrated a proof-of-concept of our MR/PEM cancer therapy
monitoring strategy for clinically aggressive molecular subtypes of breast cancer. A serial dual-
modal MR/PEM system is developed and validated with a tissue-like phantom study and a
volunteer pilot study. A tissue-like phantom study shows that our PEM system has a 2-mm spatial
resolution that is about 2.5 times better than a whole-body PET scanner. Our single-channel breast
coil design with the breast compression paddle shows a comparable MR image quality to a
commercial multi-channel breast coil from the pilot study with a volunteer.

Our novel design of the dual-modal imaging interface and fiducial markers allows a
straightforward image registration of image data from breast MRI and PEM. Our new dual-channel
breast coil design for our MR/PEM cancer therapy monitoring application is proposed. MRI
experiments using a breast phantom have demonstrated that our dual-channel breast coil can
provide comparable MR image SNR and [U to a commercial multi-channel breast coil as well as
the MR scanning speed. This validation justifies further investigation and modification of our
design concept to perform imaging on human subjects after receiving appropriate institutional
approvals.

In Part 11, we demonstrate that the excitation-resolved NIRF imaging with ICG using
wavelength-swept laser. The performance of the excitation leakage rejection versus the
wavelength of the swept laser is evaluated. The spectral resolution of the excitation-resolved NIRF
system is characterized by the FWHM of the spectrum centroid histogram. The spectral
components of two different ICG tubes located 10 mm deep from the phantom surface are
successfully decomposed by using the spectrum centroid. Our excitation-resolving technique is
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not only useful for differentiation of ICG states but also used for multiple NIR agent fluorescence
images. This technique still poses practical limitations. The imaging speed can be improved by
employing high-gain and high-speed CCD cameras, such as intensified CCD and electron-
multiplying CCD for the real-time excitation-resolved fluorescence imaging. The excitation
leakage of the wavelength-swept laser at longer wavelengths can be reduced by proper design of
optical gain medium, lens, and interference filters.

Also, we demonstrate the performance of our HER-NIRF technique as a proof-of-concept to
measure the solvatochromic response of ICG in turbid phantoms. The spectroscopic measurement of the
local polarity expands the information contents of conventional wide-field fluorescence imaging techniques.
Although the sign of the slope is used to identify the presence of DMSO in each pixel qualitatively, our
measurements show that quantitative imaging can be possible if one can choose appropriate reference
signals to minimize the spectral distortion. As an alternative, if the HER-NIRF imaging is performed before
and after the application of DMSO, the reference may not even be required considering the change in the
slope of the ratiometric fluorescence. The ability to measure the distribution of DMSO in vivo can lead to
a better understanding of the pharmacokinetic properties of ICG in tissue. Furthermore, imaging of DMSO
by measuring the excitation shift of ICG can be invaluable information for studying the pharmaceutical
effect of DMSO on inflammation in vivo.

The wavelength-swept laser is the key to our HER-NIRF technique due to its superior performance
compared to other available light sources, and it can be a very powerful light source for real-time
measurement in various ICG imaging applications. Our HER-NIRF technique provides a much higher
image SNR by measuring the whole fluorescence emission spectrum as opposed to conventional systems
utilizing band-pass filters at the detection site. By providing additional spectral information, HER-NIRF

technique can be applied for measuring the solvatochromic response of other fluorescence dyes and even
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be adapted for endoscopic applications due to the efficient light guiding by fiber optics. Our future aim is

to apply this HER-NIRF technique for the imaging of ICG to map DMSO distribution in vivo.

7.2. Future work

In Part I, the field-of-view of our PEM system will be expanded to cover the whole
breast, which simplifies the imaging procedure by removing the PEM detector positioning and
the breast MR image analysis before the PEM scan. Our dedicated breast coil will be updated to
match the scanning speed of commercial parallel image acquiring breast coils. Ultimately, our
system will be updated to operate in a simultaneous data acquisition mode for better temporal
resolution, reduced imaging time, and dynamic dual-modality MR/PEM imaging studies.

In Part Il, a prototype excitation-resolved NIRF system for intraoperative imaging is
developed. However, the current prototype can be further improved by employing an optical
amplifier with high gain (20 — 30 dB) at NIR window to increase the fluence rate of our
wavelength-swept laser-based excitation-resolved NIRF system. We also plan to develop real-
time intraoperative imaging system by employing embedded real-time image processing units.
After successful development of the real-time excitation-resolved NIRF system, we plan to
validate the system with small animal studies with multiple NIR dyes to solve complex

biomedical problems.
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