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Abstract
Quantitative Imaging in Small Animals Using SPECT-CT
by Andrew Bing Hwang

The use of noninvasive imaging to assess animal models of disease has the potential
to revolutionize the fields of biological research and drug development by allowing in
vivo assessments of physiological function. Radionuclide imaging using single photon
emission computed tomography (SPECT) because it can extract physiological, metabolic,
and molecular information from intact animals using radiolabeled tracers and probes. By
combining SPECT with CT, the functional information of radionuclide imaging can be
fused with the high resolution anatomical information of x-ray CT imaging to increase
the utility of the resulting data. However, to maximize the acceptance and usefulness of
imaging as an alternative to traditional invasive techniques, such as tissue harvesting, it is
necessary to assess and optimize the quantitative accuracy of small animal SPECT.

The term “radionuclide quantification” has a number of different meanings in the
medical imaging literature. Within the scope of this thesis, radionuclide quantification is
used to mean absolute physical quantification, or the measurement of the absolute
concentration of radiotracer within a volume of interest.

To achieve this goal of improved radionuclide quantification, we have incorporated
models of photon attenuation, scatter, and the depth-dependent spatial resolution of the
pinhole collimator into an iterative reconstruction algorithm. These algorithms were
tested used to reconstruct experimentally acquired data, and were found to improve the
quality of reconstructed SPECT images (e.g., improved spatial resolution, contrast). We

then used Monte Carlo simulations and experimental measurements to assess the effect of
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photon attenuation, partial volume errors, and photon scatter on the quantitative accuracy
of the SPECT images. The simulated data was also used to demonstrate that the
improved reconstruction algorithms also result in improved quantitative accuracy. We
also tested the combined methods and techniques described in this thesis on phantom data,
and found that including models for photon attenuation and collimator response resulted
in improved quantitative accuracy. Finally, the techniques were applied to an animal

study performed to characterize the behavior of a new imaging agent for prostate cancer.
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Chapter 1: Introduction
1.1. Statement of thesis

The use of noninvasive imaging to assess animal models of disease has the potential
to revolutionize the fields of biological research and drug development by allowing in
vivo assessments of physiological function. Radionuclide imaging using single photon
emission computed tomography (SPECT) and positron emission tomography (PET) are
important imaging modalities in these fields because they can extract physiological and in
some cases, metabolic and molecular information from the intact animal using
radiolabeled tracers and probes.

SPECT images are usually interpreted in a qualitative manner in clinical practice.
However, to maximize the value of SPECT as a scientific tool, quantitative results are
needed. For example, when SPECT is used to study the distribution of a radiolabeled
drug or tracer in an animal, it is advantageous, and sometimes essential, to know in
absolute terms the amount of uptake in a particular organ or tissue. Although this is
simple in theory, it is difficult in practice due to a number of factors, including physical
perturbations such as photon attenuation, spatial resolution limitations in SPECT, and
lack of anatomical landmarks. Many of these limitations can be addressed with the use of
structural information obtained from x-ray computed tomography (CT) images that are
coregistered with the SPECT image data.

The purpose of this research project is first to assess the effect of various physical
perturbations on the quantitative accuracy of small animal SPECT-CT imaging, and then
to demonstrate that SPECT-CT can be a quantitative imaging modality for in vivo

assessments of mammalian biology and human disease using small animals.



1.2. Background

Nuclear medicine encompasses the use of radioactive materials for therapeutic and
diagnostic purposes, and dates back to the discovery of radium at the end of the 19™
century by Marie Curie. At that time, radium was used as an alternative to x-ray tubes in
the production of transmission images, but x-rays eventually became the method of
choice for diagnostic transmission imaging. In addition, the use of radium as a photon
source for transmission imaging does not involve the tracer principle, which is a hallmark
of modern diagnostic nuclear medicine.

The tracer principle is one of the foundations of modern nuclear medicine, and it was
first developed and applied by Georg de Hevesy. Simply stated, the tracer principle
postulates that radioisotopes and radiolabeled chemicals (“radiopharmaceuticals”) can be
used as tracers to mimic the behavior of naturally occurring molecules in vivo, and that
the small amount of radioisotopes and radiopharmaceuticals used does not perturb the
system being studied. One example is the landmark study of Blumgart and Weiss in
1927, who measured the transit time of blood from the venous to arterial sides of the
circulatory system by injecting radon intravenously into one arm vein and measuring the
time for radioactivity to appear in the circulatory system in other arm [1]. A short list of
modern radionuclide tracers and applications is shown in Table 1.1. In fact, there
currently are over 40 radiopharmaceuticals approved for medical use and hundreds have
been and are being investigated in research settings for both animal and human imaging.

Most radioisotopes used in nuclear medicine are not naturally occurring, and must be
produced using one of several methods. Many isotopes, particularly those used in PET

imaging, are manufactured using cyclotrons, which was invented by Ernest Lawrence in



the 1930°s [2]. This was followed by the development of nuclear reactors in the mid- to
late-1940’s which allowed production of radionuclides in larger quantities. Nuclear
reactors, as well as cyclotrons and other accelerators, remain the source of most SPECT
tracers.

Table 1.1: Selected radionuclide tracers and applications

Tracer Name Application Modality
9mTc-sestamibi Cardiac perfusion SPECT
18F_fluorodeoxyglucose Tumor metabolism PET
Xenon-133 Pulmonary ventilation SPECT
#MTc-methylene diphosphonate ~ Bone turn-over SPECT

Although cyclotrons and nuclear reactors are capable of producing a wide variety of
radionuclides, they are large and expensive, and thus the number of installations is
limited. This creates logistical problems, particularly with shorter lived isotopes such as
technetium-99m (T2 = 6 hrs). The development of the radionuclide generator, therefore,
was a key factor in the growth of nuclear medicine. In a generator system, a desired
isotope (e.g., technetium-99m) is first produced by decay from a longer lived isotope and
is then removed from the generator for use. The most common example, technetium-
99m, is produced from the decay of molybdenum-99 adsorbed onto an alumina column
that can be eluted to extract the daughter radionuclide, technetium-99m. Molybdenum-
99 has a half-life of 66 hours, so the generator has a productive life of approximately 1
week. This makes it possible to transport generators to imaging centers not located close
to a source of radioisotopes. Over the course of a week, technetium-99m can be eluted

from the column at various intervals and used to label various radiopharmaceuticals.



The availability of radionuclides and the recognition that radionuclides could be used
to diagnose and treat disease led to the development of instruments designed specifically
for imaging or recording the in vivo distribution of radiopharmaceuticals. In the 1950’s,
development of the rectilinear scanner (1951) allowed in vivo imaging of radionuclide
distributions. The rectilinear scanner used one or two radiation detectors, each consisting
of a single photomultiplier tube coupled to a scintillator and a focused collimator. This
detector was scanned over a patient in a raster pattern in order to generate a planar image
of the radionuclide distribution [3]. However, the rectilinear scanner had relatively poor
spatial resolution (>1 cm) and required an hour or more to image large regions of the
patient’s body, as is needed to identify the extent of cancer.

The Anger camera (1957), also known as the gamma camera, greatly improved the
speed and resolution of radionuclide imaging [4], and its basic design is still used in
modern systems. The camera consists of multiple photomultiplier tubes coupled to a
single, large area scintillator, and a parallel hole collimator to obtain planar images of
patients. While planar images can be very useful, they can be difficult to interpret due to
the superposition of 3-dimensional structures in the body on a 2-dimensional image.
Similarly, it can be difficult to determine the true 3-dimensional distribution of the tracer
within the body. These limitations can be addressed through the use of tomographic
imaging techniques, in which 2-dimensional data are acquired at multiple angles around
the patient. This data can then be reconstructed with various algorithms in order to
determine the 3-dimensional radionuclide distribution within patients. Although the

mathematical basis for this operation had been established almost a century ago by Radon



[5], image reconstruction techniques for tomography were first applied to clinical nuclear
medicine in the 1970’s, and are continuing to advance to this day.

Although the Anger camera was a major development in the imaging of
radionuclides, it was designed for imaging gamma-rays having energies below 367 keV
(i.e., primarily technetium-99m at 140 keV, up to that of iodine-131), and therefore is not
an ideal instrument for imaging isotopes that decay by positron emission. Positrons
emitted by these isotopes quickly annihilate within the body, with each annihilation
resulting in the emission of two 511 keV photons, traveling in opposite directions. The
penetration of these high energy photons through lead makes absorptive collimation
ineffective, reducing the effectiveness of the gamma camera. However, the development
of the positron emission tomography (PET) scanner in 1973 took advantage of the fact
that the two photons are emitted simultaneously and in opposite directions to eliminate
the need for absorptive collimation [6]. This was a major development that increased
both the detection efficiency and spatial resolution when imaging positron emitting
radioisotopes.

Through the years, many imaging modalities (e.g., planar radiography, x-ray
fluoroscopy, computed tomography, diagnostic ultrasound, magnetic resonance imaging)
have been developed and applied to clinical use, but nuclear medicine has remained
clinically valuable for many reasons. The primary advantage of nuclear medicine is that
both SPECT and PET have the capability to image physiological function, as opposed to
displaying only anatomical features and changes. For example, the most commonly
performed SPECT clinical procedure is myocardial perfusion imaging, in which blood

flow to the cardiac muscle is assessed. This allows physicians to determine the presence



of ischemia, which can not be detected using only anatomical information. In addition,
nuclear medicine tracers have no natural background, allowing the imaging study to be
performed after administration of very small amounts of tracers. The concentration of the
tracer in the human body is usually in the picomolar to nanomolar range, so that the
tracer has no pharmacologic effect. This sensitivity also allows the detection of specific
biological molecules, which are almost always present in low concentrations, without
perturbing the function of the biological system. In addition, because SPECT imaging
systems can distinguish photons of different energies, multiple tracers labeled with
different radioisotopes can be imaged simultaneously, enabling the study of multiple
processes.

The variety of different imaging modalities also emphasizes that each imaging
technique has its own unique capabilities. For example, x-ray CT images have very good
spatial resolution and anatomical detail but provide limited information about biological
function. Conversely, SPECT images provide functional information but generally lack
the spatial resolution needed to provide detail about anatomical structure or localization.
Therefore, overlaying a SPECT image onto a CT image can aid the interpretation of the
SPECT imaging, increasing its diagnostic value. This can be performed by acquiring the
SPECT and CT images independently, and then relying on image fusion software so that
the radionuclide data can be displayed in color and overlaid on the anatomically-
correlated grayscale CT images. However, a number of obstacles hinder the accurate
coregistration of one set of image data onto another. One difficulty is that patients
generally are not positioned identically between scans. Between two imaging

procedures, the patient can lie with his or her head, arms, and legs in different positions



on tables with different surface shapes. Additionally, internal organs can vary in shape
and size over the course of just several hours. For example, the bladder can empty or fill,
affecting the position of nearby organs; various locations of the gastrointestinal system
can contain different contents, including air, in various amounts. Another difficulty is
that the patient can be imaged at different points of the respiratory cycle, which results in
changes in the size and position of the lungs. Because of these and other factors,
accurately fusing two data sets from different imaging systems is a non-trivial problem,
especially when the images are taken at different times of the day, or even on different
days.

The challenge of accurately registering data from two imaging systems was one
strong motivation that led to the development of dedicated dual modality systems. Dual
modality imaging systems have been available commercially since 1999, starting with the
GE Hawkeye® SPECT-CT system. This system consists of a gamma camera and x-ray
CT system configured with a common patient bed, so that the patient can have an x-ray
CT scan and a SPECT scan performed while remaining in a single position during a
single study. By acquiring both scans within the same study, changes in the position of
internal organs can be minimized. In addition, because the patient does not have to move
between scans, problems with changes in patient position can be reduced. Therefore,
using a dedicated dual modality system simplifies the process of combining images from
different modalities.

In addition to providing anatomical details to improve the qualitative interpretation of
the image, the CT data can also be used to improve the quantitative accuracy of the

radionuclide data. For example, photon attenuation due to the interaction of gamma



photons with matter can lead to image artifacts, such as a reduction in apparent activity
structures deep inside the body. These can be corrected by using image reconstruction
algorithms that model the effect of photon attenuation. One way to generate this model
for photon attenuation is to use x-ray CT data. In fact, the data reconstructed from CT
actually is expressed in terms of the linear attenuation coefficient at each location in the
imaged volume. CT images can also provide information about the size, shape, and
composition of structures within the body. As explained later in this thesis, this
information can be used to compensate for partial volume and other errors in the
radionuclide data, and leading to a more accurate determination of the radionuclide
distribution. For these reasons, combined SPECT-CT and PET-CT dual modality
imaging systems have started to supplant conventional scanners that offer SPECT or PET
alone.

At the same time that radionuclide imaging techniques were being developed in the
1950’s, the structure of DNA was being elucidated (1953), leading to a significant change
in our understanding of the genetic and molecular underpinnings of biology and
pathology. The discovery of the double helix structure of DNA led to the so-called
“central dogma” of modern biology, which essentially states that genetic information
stored in DNA is transcribed to RNA, which in turn undergoes translation to form
proteins. The proteins comprise the majority of the functional machinery of the cell.
Thus, the effect of genetic changes can be understood at the molecular level.
Additionally, cellular function can be manipulated by modifying DNA or directly

targeting the proteins.



These discoveries have had a profound impact on the study of disease and the
development of new therapies. For example, drug discovery was once a random search
for new compounds with pharmaceutical effects. Now, molecules can be designed in a
rational manner to target specific proteins in order to achieve a desired effect. For
example, the pharmaceutical Herceptin® (trastuzumab, Genentech, Inc.) is a monoclonal
antibody targeted to the HER2/neu (human epidermal growth factor receptor) protein
over-expressed in certain forms of breast cancer. These new molecularly targeted agents
potentially will be more efficacious than traditional chemotherapeutics. In addition, the
genetic basis of disease has become better understood, as the functions of various genes
have been elucidated. One key development is the ability to manipulate the genomes of
animals such as mice. This has led to the development of animal models for many
diseases providing researchers with a better understanding of both the pathology as well
as potential treatments.

Although biologists have developed a number of techniques to study animals at the
molecular level, in vivo, non-invasive imaging techniques have only been recently
applied to the field of molecular biology. This has resulted in the formation of a new
field, molecular imaging, which can be defined as the field focused on “noninvasive,
quantitative, and repetitive imaging of targeted macromolecules and biological processes
in living organisms” [7]. This can be contrasted with conventional imaging, which is
focused on imaging anatomic structure and macroscopic function within the body. For
the molecular biologist, imaging tools provide new ways to visualize the effect of
molecular and cellular changes within a living organism. On the other hand, discoveries

in molecular biology will lead to the development of improved tracers for use in imaging.



The growth in this field over the last several five to ten years has been dramatic. A
search for the phrase “molecular imaging” shows that the number of citation has
increased rapidly over the last five years (Fig. 1.1) in the biomedical literature. This
growth is also evidenced by the recent founding of two societies dedicated to molecular
imaging, the Society for Molecular Imaging (Kerrville, TX) and the Academy of
Molecular Imaging (Los Angeles, CA). In addition, a number of manufacturers are
offering dedicated small animal imaging systems, including major manufacturers of

clinical imaging equipment.
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Fig. 1.1: A search was performed using PubMed, with the phrase “molecular imaging”.
The number of citations found increased each year from 1998 to 2005, demonstrating the
growth of molecular imaging as a distinct area of study.

Application of both molecular and conventional imaging techniques to small animals
(i.e., mice and rats) is an active and vital field of research. Mice and rats have long been
used in biological research for multiple reasons, including their biological similarity to
humans, ease of care, and rapid reproduction [8]. For these and other reasons, a large

number of well characterized disease models, ranging from Alzheimer’s disease to

10



obesity [9, 10], using mice and rats are available, and research using these species is
increasing correspondingly.

Non-invasive, in vivo imaging offers many advantages in the study of these animal
models. First, imaging can be performed in live animals, which allows the measurement
of functional parameters while the animal is still alive. Secondly, imaging allows each
animal to be studied repeatedly, enabling longitudinal studies where each animal serves
as its own control, decreasing the variability in the study and increasing the statistical
power. In addition, many traditional techniques used in animal studies such as histology
and autoradiography are labor intensive. The application of imaging techniques can
reduce the amount of labor required, and thus reduce the cost of studies. In recent years,
a number of imaging modalities have been used in small animals, including most of the
modalities represented in human imaging. Dedicated small animal systems using MRI,
CT, SPECT, PET, ultrasound, and optical imaging have become available [11-15].

Although dual-modality imaging is well accepted for use in clinical applications, it is
not yet commonly used in small animal research applications. However, we anticipate
that small animal dual-modality imaging will have the same advantages as dual modality
imaging performed on human subjects and seek to demonstrate some of these advantages
in this thesis project.

1.3. Project goal

In this thesis project, we use a combined SPECT-CT system for imaging studies
involving small animals. The studies pursued in this project involve a commercial small
animal SPECT-CT system, the X-SPECT® scanner (Gamma Medica-Ideas, Inc.,

Northridge, CA), which is installed and available in our laboratory at University of
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California, San Francisco. The system can be used to perform dual-modality imaging
studies of small animals using SPECT-CT. Our aim in this project focuses on developing
the quantitative capabilities of small animal SPECT-CT, and specifically on assessing the
magnitude of physical effects such as photon attenuation and partial volume errors that
affect the image quality and the quantitative accuracy of small animal radionuclide
imaging, and developing compensation methods for these effects. Our overall goal is to
use these compensation methods to allow small animal imaging systems to be used for
scientific studies in which it is important to be able to quantitatively measure the uptake
of radiotracers in specific tissues to measure the underlying biological processes under
study.
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Chapter 2: X-SPECT System Description
2.1. Overview

This thesis project involved experimental studies with small animal SPECT-CT, and
specifically used the “X-SPECT®”, developed, manufactured, and sold by Gamma
Medica-Ideas, Inc. (Northridge, CA). According to the manufacturer, the X-SPECT sys-
tem is designed to perform SPECT-CT imaging of animals ranging in size from mice to
rhesus monkeys. Two systems of this type (of approximately 40 available worldwide)
are available at the UCSF Center for Molecular and Functional imaging, and were used to
perform the experimental work described in this thesis. This chapter will describe the
imaging system, the data acquisition process, and the image reconstruction process that
form the basis of much of this thesis. The X-SPECT was the first system of its type, and
the only commercial system of its type available when this thesis project was started.
Since that time, several other small animal SPECT-CT systems have been introduced for
experimental studies and the results in developed and presented in this thesis project gen-
erally are applicable to all of these systems.

2.2. System description
2.2.1. Overview

The X-SPECT scanner is a small animal SPECT-CT imaging system was developed,
and now is sold by Gamma Medica-Ideas, Inc. (Northridge, CA) [1]. It was the first
commercially available dual-modality system designed specifically for imaging small
animals. It was predated by the A-SPECT " imaging system, also developed by Gamma
Medica-Ideas, which included up to two compact scintillation cameras for in vivo ra-
dionuclide imaging of small animals, but did not include x-ray imaging capabilities. In

addition, the A-SPECT rotated the animal in an upright vertical position unlike the X-

14



SPECT (Fig. 2.1) which is built with a gantry that allows SPECT and CT imaging com-
ponents to rotate around the animal, which is positioned horizontally, thus maintaining

the animal in a more natural position.

Fig. 2.1: The ")‘(:SPAECT small imal SPECT-CT system. The gamma camera can be
swung out from its normal imaging position to facilitate collimator changes. The inset
photo on the left shows the gamma camera in its imaging position, as well as the mouse
holder.

In designing a small animal imaging system, a number of objectives must be consid-
ered, including spatial resolution, radiation dose, and imaging time. Specifically, because
animals such as mice are much smaller than humans, the imaging system must have suf-
ficient spatial resolution to visualize key structures. For example, a typical adult mouse
weighs approximately 25-30 g, compared to approximately 80 kg for the average Ameri-
can adult male. Correspondingly, the linear dimensions in the mouse are approximately
10 times smaller than in a human. For example, the thickness of the myocardial wall in a
mouse is 1.0-1.5 mm [2], which is approximately one tenth the thickness of the myocar-
dium in the human heart [3]. Because clinical SPECT scanners have a spatial resolution

of approximately 1 cm, a SPECT scanner for mouse imaging needs a spatial resolution of
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approximately 1 mm, an order of magnitude improvement, to achieve similar perform-
ance. Likewise, a CT scanner for mice should have a spatial resolution of approximately
100 um or better, to match the 1 mm spatial resolution used for clinical CT imaging.
Another important specification is the field of view (FOV), which must be large enough
to encompass the animal being studied. For a mouse, a field of view with a diameter of 3
cm is probably sufficient, whereas for a rhesus monkey a field of view of 10-20 cm may
be needed. Both the spatial resolution and size of the field of view are important charac-
teristics that must be considered in the design of a SPECT/CT system for small animal
imaging.

2.2.2. SPECT system

SPECT imaging is performed by using one or more gamma camera to acquire multi-
ple “views” of an object that has been injected with a radionuclide tracer. The set of mul-
tiple views, or set of “projection data”, then is fed to an image reconstruction algorithm to
reconstruct the data into a three-dimensional data set consisting of cross-sectional planes
perpendicular to the axis of rotation. Therefore, in most SPECT imaging systems, tomo-
graphy requires either rotating the object being imaged, or rotating the detector around
the object.

The radionuclide imaging process begins by injecting (or otherwise administering)
the subject (animal or human) with a radiopharmaceutical that distributes within the body
according to its biochemical properties. For example, sestamibi or “MIBI” (hexakis-2-
methoxyisobutyl isonitrile) is an agent that is labeled with technetium-99m and that dis-
tributes in proportion to blood flow in the myocardium and other tissues. In comparison,

antibodies can be labeled with iodine-123 or indium-111, and used to target proteins such
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as those that are specific to particular types of tumors. After the radiopharmaceutical has
accumulated according to its biological properties, the labeled tissues emit radiation (i.e.,
v-rays and x-rays) in proportion to the radiopharmaceutical concentration.

The distribution of the radiopharmaceutical in the body then is recorded using an im-
aging detector, such as the gamma camera. The gamma camera records both the interac-
tion position (on the detector face) and the energy of photons emitted from radionuclide
tracers such as iodine-125, technetium-99m, and lutetium-177 (Table 2.1). A typical
gamma camera for small animal imaging, such as the one found in the X-SPECT, uses a
segmented Nal(Tl) scintillator and position sensitive photomultiplier tubes (PS-PMT’s).
The scintillator is used to convert the incident photons into visible light, which are then
converted by the PS-PMT’s into electrical signals. The electrical signals are then proc-
essed by read-out electronics, digitized, and stored in the data acquisition computer. The
signals provide information about the energy of the detected photon, and about the posi-
tion of the interaction of the incident photon on the detector surface (i.e., in the scintilla-
tor). Both X-SPECT scanners in our laboratory are equipped with one of these gamma
cameras, although each X-SPECT scanner can accommodate up to two gamma cameras
for increased detection efficiency at extra cost.

Table 2.1: Common isotopes used in SPECT imaging

Isotope Half-life Photon Energy Decay Mode
Iodine-123 13.2 hours 159 keV Electron capture
Iodine-125 59.5 days 27-32 keV Electron capture
Indium-111 2.8 days 171, 245 keV Electron capture
Lutetium-177 6.6 days 113,210 keV B- decay
Technetium-99m 6.0 hours 140.5 keV Isomeric transition
Thallium-201 72.9 hours 69-83 keV Electron capture
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In addition to detecting the emitted photons, the radionuclide imaging system also
must provide information about the trajectory of the photon prior to its interaction with
the scintillator. In gamma-ray imaging, including SPECT, this is almost always done by
using absorptive collimation. A variety of collimator configurations are available, in-
cluding pinholes, parallel hole, and converging hole collimators. The X-SPECT can be
equipped with either parallel hole collimators or pinhole collimators, and the choice of
collimator is determined by the desired trade-offs between spatial resolution, detection
sensitivity, and field of view. The parallel hole collimator has good detection sensitivity
and a large field of view, but relatively poor spatial resolution of 2 mm or higher. The
pinhole collimator has superior performance for imaging smaller objects in terms of its
spatial resolution and detection efficiency, but generally offers a more restricted field of
view. The X-SPECT comes with two different pinhole collimators, the low energy and
the medium energy pinhole collimator (Fig. 2.2). The primary difference between the
two collimators is that the medium energy pinhole collimator has thicker shielding in or-

der to minimize the penetration of higher energy photons.

Fig. 2.2: The X-SPECT has two pinhole collimators. The collimator on the left is used
for lower energy isotopes such as I-125 (27.5 keV) and Tc-99m (140 keV). The collima-
tor on the right has increased shielding, and is used for imaging higher energy isotopes
such as indium-111 (171 keV, 245 keV). The pinhole inserts are removable, and can be
switched to optimize the compromise between spatial resolution and detection efficiency.
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Each collimator comes with interchangeable pinhole inserts, with diameters of 0.5
mm, 1 mm, or 2 mm that can be used to achieve the desired balance between spatial reso-
lution and detection sensitivity. Based on information from the manufacturer, we know
that the pinhole apertures are keel edge pinholes (also known as channel pinhole) with a
90° cone angle made of machinable tungsten. The keel edge pinhole is a modification of
the traditional knife edge pinhole that flattens the edge of the aperture (Fig. 2.3), in order
to decrease septal penetration and improve spatial resolution at the expense of decreased
detection efficiency. The cone angle limits the field of view of the pinhole, and is chosen
to match the field of view of the detector. All the work done for this thesis focused on

imaging with pinhole collimators.

Keel length |
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Fig. 2.3: Cross-sectional drawing of knife edge (left) and keel edge (right) pinholes. The
keel edge pinhole has a flattened edge, which decreases septal penetration and improves
spatial resolution. The length of the flattened edge is the keel length (also known as the
channel height). The cone angle (a) of the pinhole aperture limits the angles at which
photons can pass through the pinhole.

2.2.3. X-ray CT system

CT scanners, like other x-ray imaging systems, consist of a radiation source and a de-
tector. The source emits x-ray photons, and the detector is positioned to record the pho-
tons that pass through the object being imaged, thus recording the shadow cast by the ob-
ject. The resulting image is a two-dimensional representation of the object, where the im-

age intensity corresponds to the product of the linear attenuation coefficient and thickness
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of the object. To obtain three-dimensional information about the object, it is necessary to
either rotate the object being imaged, or to rotate the x-ray source and detector(s) around
the object.

The CT subsystem in the X-SPECT, like all x-ray CT scanners, uses an x-ray tube as
a source of photons for imaging. X-ray tubes generate x-rays by accelerating an electron
beam from a cathode into a target (the anode). The accelerated electrons create photons
through bremsstrahlung interactions of the electrons with the anode material. The result-
ing bremmsstrahlung photons are not monoenergetic, but instead have a broad spectrum
which is determined by the accelerating potential and the anode material. In addition, the
x-ray tube also produces characteristic x-rays having discrete photon energies produced
when upper shell electrons fill vacancies in lower electron shells created by electron in-
teractions with inner shell electrons. The rate of x-ray production is governed by the
cathode current, the electron potential used to accelerate the electron beam, as well as the
type of target material (e.g.,, molybdenum vs. tungsten). The X-SPECT scanner is
equipped with a microfocus x-ray tube having a fixed tungsten anode that produces a
maximum tube current of 1 mA at 50 kVp, and with a nominal focal spot size of 100 um.
These values are fairly typical for x-ray sources used in small animal x-ray computed to-
mography.

A variety of detectors types and configurations have been used for x-ray CT imaging
in order to convert the incoming radiation into an electrical signal. Detectors used in hu-
man CT scanners include xenon filled ionization chambers, and scintillators coupled to
photodiodes [4]. CT scanners for small animal and specimen imaging commonly use

scintillators coupled to a solid-state CMOS (complementary metal oxide semiconductor)
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or CCD (charge coupled device) detector that records the light emitted by the scintillator
and converts it to an electronic signal that can be digitized and stored, or displayed, by a
computer. In general, CCD detectors have the advantage in image quality (better uni-
formity, lower noise, higher dynamic range), but have a relatively small active area (e.g.,
1 cm2). As a result to achieve an imaging area of sufficient size (i.e., 55 cm2, the scin-
tillator must be coupled to the CCD chip using a fiber optic taper which reduces its quan-
tum efficiency. In comparison, CMOS detectors have the advantage in terms of higher
readout speed, resulting in faster data acquisition, and reduced power consumption,
which is advantageous in consumer applications (i.e., digital cameras), but unlike CCDs
have a sufficiently large active area so that it can be coupled to the scintillator without a
fiber optic taper. In the case of the X-SPECT scanner, the x-ray detector is a CMOS
based detector with 2368x2240 pixels with 50 um pixel pitch. The detector has a nomi-
nal frame rate of 2-9 frames per second, depending on the amount of binning in the detec-
tor. Developments in both CCD and CMOS technologies have narrowed the gap between
the two types of detectors, and both continue to be used in small animal CT systems.
2.24. Ancillary systems

In addition to the imaging components, small animal imaging systems must also in-
clude provisions for positioning and supporting the animal during the imaging process.
The animal holder must support the animal in the field of view, while not interfering with
the imaging process. As a result, it must be made of a material that does not significantly
attenuate x-rays and gamma rays, such as metal. Carbon fiber, as used on the X-SPECT,
is strong, light, and not excessively attenuating. The X-SPECT scanner has interchange-

able animal holders, appropriately sized for animals of different sizes (Fig. 2.4). The
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holders are mounted to a translation stage, which allows the animal to be correctly posi-
tioned within the field of view.

For most in vivo studies, it is also necessary to anesthetize the animal to minimize
movement. Therefore, the X-SPECT system in our laboratory has tubing installed to al-
low the use of gaseous anesthesia (isofluorane) while the animal is in the scanner. Fi-
nally, while small animals such as mice are anesthetized, it is necessary to provide heat-
ing to maintain the body temperature. Various solutions such as heated animal beds, heat
lamps, and forced air heating are used to maintain animal body temperature in small ani-

mal imaging systems.

Fig. 2.4: A close up view of the larger (rat sized) animal bed. This photograph shows a
rat positioned for imaging with the anesthesia nose cone installed. Image courtesy of
Carmen Taylor.

2.3. Data acquisition and reconstruction
2.3.1. SPECT acquisition

While the concept of radionuclide imaging is relatively simple in concept, several
steps must be followed in a practical system to perform a SPECT study. First, the detec-

tors must be positioned so that they are aligned with the object being imaged. The X-
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SPECT system, for example is designed so that SPECT detectors can be moved on linear
translation stages both toward the rotational axis (isocenter) for imaging, or away from
the isocenter so that they don’t interfere with x-ray beam during acquisition of a CT im-
age. Similarly, for acquisition of SPECT data, it first is necessary to move the x-ray tube
and x-ray camera to their outermost positions so that the gamma camera can be posi-
tioned as close as possible to the object being imaged. The geometrical configuration of
the radionuclide detectors and the x-ray source and detector for both x-ray imaging and
radionuclide imaging are shown in Fig. 2.5 and Fig. 2.6. The animal holder can also be
translated parallel with the axis of rotation in order to correctly position the animal within
the field of view.

x-ray detector —
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Fig. 2.5: Axial representation of the X-SPECT system configured for SPECT imaging.
The gamma camera is positioned close to the animal in order to optimize spatial resolu-
tion and sensitivity. The x-ray CT imaging components are retracted. The imaging com-
ponents rotate about a common axis perpendicular to the plane of the page.
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Fig. 2.6: Axial drawing of the X-SPECT system configured for x-ray CT imaging. The
gamma camera is withdrawn, so as to avoid interfering with the x-ray imaging. The x-
ray tube and camera are positioned so that the field of view covers the animal being im-
aged. The imaging components rotate about a common axis perpendicular to the plane of
the page.

In addition, quality control and calibration data must be acquired to maximize the
quality of the recorded image. For this reason, before experimental data are acquired, it
is useful to acquire uniformity data to calibrate the system and check system performance.
Typically, the uniformity data are acquired at the beginning of each day by imaging a
uniform flood phantom (Fig. 2.7) filled with an aqueous solution of the desired radionu-
clide. The gamma camera can record the data either without a collimator (i.e., an “intrin-
sic” measurement), or more commonly with the X-SPECT, with the appropriate collima-
tor (i.e., either pinhole or parallel hole) for an “extrinsic” uniformity measurement; the
manufacturer suggests that 5x10° events should be acquired to insure adequate statistical

quality for a uniformity measurement of this type. The radionuclide distribution within
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the flood phantom is assumed to be uniform, so that the resulting information can be used
by the data acquisition software to perform uniformity correction on subsequent projec-
tion images due to spatial variations in detector response or imperfections in the collima-
tor. Additionally, this correction compensates for the angular dependence of the detec-
tion efficiency (flat field correction) of the pinhole collimator. After the uniformity cor-
rection data are acquired, another image is acquired with the flood phantom to verify that

the uniformity correction is correct as a final quality control check.

Fig. 2.7: Flood phantom used to acquired data for uniformity correction. The phantom is
filled through two holes on the top, which are then plugged with plastic screws.

When acquiring experimental data, it is necessary to first position the animal or phan-
tom so that it lies within the field of view of the imaging system. This can be done inject-
ing the object or animal with the radiopharmaceutical, positioning it in front of the
gamma camera, and then simply viewing the gamma camera output displayed on a com-
puter monitor. It is also possible to use planar x-ray imaging to help accurately position
the subject. When a pinhole collimator is used, the pinhole should be positioned as close
to the object as possible, to maximize spatial resolution and detection efficiency, but suf-
ficiently far away so that the object being imaged is encompassed in the field of view of

the SPECT detector. Tomographic imaging with the X-SPECT scanner generally re-
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quires that data are acquired over 180° or 360° at 64 or 128 projection angles. In both
planar and tomographic imaging, the object can centered within the imaging field by
moving the animal bed from side-to-side. On the other hand, if the field of view is too
small to encompass the object, the field of view can be enlarged by moving the pinhole
collimator away from the object. The overall goal of this process is to ensure that the en-
tire object can be viewed within the field of view at all projection angles at which data
are acquired.
2.3.2. X-ray CT data acquisition

The CT data usually are acquired after SPECT imaging is complete. Although the
CT scan could be acquired first, SPECT imaging usually is performed first because the
SPECT field of view with a pinhole collimator is smaller than the CT field of view.
Therefore, if the region of interest falls within the SPECT field of view, then the CT field
of view will encompass the region of interest as well. When acquiring CT data, it is nec-
essary to first move the gamma camera (or cameras) to its outermost position so that it
does not obscure the x-ray beam as it passes from the x-ray source to the x-ray detector
(Fig. 2.6). If the gamma cameras are fitted with parallel hole collimators, the gamma
camera shutters must be closed to prevent damage due to scatter radiation produced in the
object by the x-ray beam. The x-ray tube output is adjusted, and then projection data are
acquired over 360° at 128, 256, or 512 projection angles, a decision that is governed by
the desired trade-off between spatial resolution, and imaging time. The raw projection
data are stored on the data acquisition computer for reconstruction.

The choice of x-ray CT acquisition parameters is primarily a balance between image

quality and radiation dose. Radiation dose is minimized by reducing the number of pho-

26



tons passing through the body, and minimizing the number of photons interacting ab-
sorbed in the body. The number of photons (or flux) can be reduced by proper design of
the system (beam collimator and shutter), as well as by minimizing the exposure time,
number of projections, and tube output. The number of photons being absorbed in the
body can be reduced by increasing the energy of the emitted photons, which is controlled
by the tube voltage. The image quality is maximized by increasing the signal to noise
ratio by increasing the photon flux and contrast. The flux is controlled by the tube cur-
rent and total exposure time, while the contrast is controlled by the tube voltage.

2.3.3. Image reconstruction

The objective of tomographic imaging is to measure the three-dimensional spatial dis-
tribution of a physical parameter, e.g., the photon attenuation coefficient in x-ray CT or
the concentration of a radiopharmaceutical in SPECT. In SPECT and CT, the measured
data consist of a set of two dimensional projection views acquired at multiple angles,
which are reconstructed into a set of cross-sectional views of the object being imaged.
This section will briefly give a general description of the image reconstruction process,
and then review two common algorithms used for image reconstruction. Finally, we will
describe the methods used to reconstruct the data acquired on the X-SPECT system.

As stated above, the measured data in SPECT and CT imaging consist of two dimen-
sional projection views acquired at different angles. In CT imaging, (Fig. 2.8), the de-
tected image intensity on each point on a CT projection can be defined by the following
equation:

Py (u,v) = I ,v)exp(- [ u(x, y,2)ds) @1
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where 8 is the projection angle, /, is the intensity recorded on the detector in the absence
of attenuation, z4(x,y,z) describes the linear attenuation coefficient, and L is the line from
the point (,v) on the detector surface to the x-ray source. By dividing the measured pro-
jection data, and taking the natural logarithm, we obtain a function where each point is
expressed as a line integral:

F,(u,v) = —m(%”’:))) = [u(x,y,z)ds (2.2)
[ ANad] L

In SPECT imaging, each point on a projection is defined by the number of photons
from the radionuclide-containing object detected at that point on the detector. In an ideal
system, each point on the detector is illuminated by a “pencil beam” of radiation passing
through an ideal (i.e., infinitesimally small) collimator opening. Thus, the number of
photons detected at a particular point of a detector is proportional to the line integral of
the activity concentration through the object as defined by the collimator geometry for a

specific point on the detector:
Py (u,v) =k [ A(x, y,2)ds (2.3)

where £ is a proportionality constant that converts the projected radionuclide concentra-
tion to units of photons per second per unit area recorded by the detector. In addition,
A(x,y,z) describes the spatial distribution of the radiopharmaceutical concentration, L is a
line in space defined by the position of the collimator opening and (,v), and consists of
the points from where emitted photons can be detected at the location (%,v) on the detec-
tor.

After acquisition, the data must be reconstructed in order to create a three-

dimensional image data set, where each voxel (volume element) represents the value of
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the physical property (e.g., photon attenuation coefficient) that is being measured. Be-
cause Eq. 2.2 and Eq. 2.3 have the same mathematical form, the same image reconstruc-

tion algorithms can be applied for SPECT and CT.

u ’ ',/
L‘L' |

Detector
Fig. 2.8: In this example, each point on a CT projection can be defined by a line integral

through the object of interest:
P(u,v) = exp(- { p(x,y,2)ds)

where P(u,v) is the measured data, 1(x,y,z) is the spatial distribution of the linear attenua-
tion coefficient, and L is the path from the source to the point (»,v) on the detector.

Algorithms used for tomographic reconstruction are can generally be classified as ei-
ther analytical or iterative algorithms. Analytical solutions apply a single transform to
the projection data in order to estimate the 3-dimensional image. One such algorithm,
filtered backprojection, is one of the earliest algorithms, and dates back to Johan Radon’s
derivation in 1917 of what now is known as the “Radon Transform” [5]. In this algo-
rithm, the projection data are first filtered using a high pass filter, then “backprojected”,
which is the process of smearing the values of each pixel in the filtered projection image
evenly along the line that contributed to the value recorded in that pixel. Iterative algo-

rithms, as their name implies, use multiple iterations and a model of the imaging process
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in order to produce the image. Although they are more computationally intensive than
analytical algorithms, iterative algorithms can yield results with better spatial resolution
and improved noise properties, compared to analytical algorithms [6]. As a result, itera-
tive methods are increasingly popular, particularly for radionuclide image reconstruction.
2.3.3.1. Feldkamp algorithm

A commonly used variation of the filtered backprojection algorithm for reconstruct-
ing pinhole SPECT and cone beam x-ray CT data was derived by Feldkamp, et al [7].
This algorithm is an approximation of the exact solution to the inversion of the Radon
transform, and was originally derived for microCT, although it is also applicable to mi-
croSPECT, which uses the same cone beam geometry. The algorithm is analogous to the
filtered backprojection algorithm for the fan beam imaging geometry, with the addition of
a weighting step which is applied to the projection prior to filtering to account for the
specific properties of the cone beam geometry. In addition, the backprojection step also
has an extra weighting term, also to account for the cone-beam geometry. This algorithm
is described in more detail by Kak, et a/ [5, 8].
2.3.3.2. ML-EM algorithm

A popular iterative reconstruction algorithm for reconstruction of radionuclide imag-
ing data is the maximum likelihood-expectation maximization (ML-EM) algorithm,
originally derived by Shepp and Vardi [9], and by Lange and Carson [10]. This algo-
rithm estimates the radionuclide tracer distribution which maximizes the Poisson prob-
ability of observing the measured data. The algorithm assumes that each detector meas-

urement is independent, and that the data behave statistically according to a Poisson dis-
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tribution (as is true for counting statistics). The logarithm of the likelihood function is
maximized using an iterative expectation maximization process.

A drawback of the ML-EM (and other iterative) algorithm is the computational time
required. One way to accelerate this process by an order of magnitude is to use ordered
subsets, which divides the projection data into subsets, or blocks, and updates the image
estimate using the subset of the projection data [11]. This approach can be used for ML-
EM and other iterative algorithms; when applied to ML-EM, the resulting algorithm is
known as the ordered subsets-expectation maximization, or OS-EM.
2.3.3.3. SPECT image reconstruction

In SPECT imaging, the reconstruction algorithm has a major effect on the quality of
the reconstructed image. Although the software that is shipped with the X-SPECT scan-
ner includes both filtered backprojection and iterative reconstruction (OSEM) for pinhole
SPECT data, we have implemented an improved version of the ordered subset-
expectation maximization (OSEM) algorithm. This improved algorithm includes models
for effects such as photon attenuation, and distance dependent collimator behavior. This
work constitutes a major part of this thesis, and will be described in detail in Chapter 4.
2.3.3.4. CT image reconstruction

CT images are generally reconstructed using analytical algorithms, although iterative
algorithms also can be used for this purpose. However, in comparison to iterative tech-
niques, analytical algorithms generally are preferred for CT because they are less compu-
tationally expensive then iterative techniques; a major advantage in the reconstruction of
the large data sets encountered in x-ray CT. In addition, most CT data have relatively

low noise, so there is less benefit to using an iterative algorithm. Cone beam CT recon-
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struction is especially challenging because of the large matrix sizes involved, which can
require a long time to reconstruct. For example, Kole e al, reported reconstruction times
of up to several days to reconstruct a 1024x1024x200 dataset into a 512x512x128 matrix
(without acceleration) [12]. However, a number of companies and researchers have man-
aged to address this problem using various approaches, including both hardware and
software acceleration [13-15]. In our case, the CT projection data were reconstructed us-
ing the software (supplied by Exxim Computing Corporation) that was shipped with the
X-SPECT. This software enables rapid reconstruction using ordinary PC hardware. The
data are output in 512 individual slices, each with a 512x512 matrix format. For the sake
of simplicity, the reconstructed data were usually rebinned into a single file with a matrix
format of (256)° prior to analysis.

2.4. Image co-registration

Accurate co-registration is necessary for correct image interpretation, as well as for
accurate attenuation correction [16]. Because the X-SPECT system is designed such that
the animal is anesthetized and is not moved between scans, the registration problem is
relatively simple. However, due to differences in image matrix sizes, field of view, and
spatial alignment between the SPECT and CT subsystems, it is necessary to take steps to
ensure that the data sets are accurately aligned.

A variety of transforms are available for use in image registration to match the two
different reconstructed images. These include rigid, affine, projective, and curved trans-
forms [17]. The rigid transform only includes rotations and translations. An affine trans-
form will map parallel lines onto parallel lines, and combines the operations of a rigid

transform with the addition of scaling operations (magnification or minification) that may
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vary by direction. A projective transform maps lines onto lines, without any constraints
for maintaining parallelism, and a curved transform is one maps lines onto curves. The
choice of transform depends on the complexity of the coregistration problem. For exam-
ple, a rigid transformation is usually sufficient for registering images of the skull, which
is rigid and does not deform, but a curved transform may be needed to register images of
the heart acquired at different points of the cardiac cycle.

In this section, we describe the methods we used to coregister the SPECT and CT im-
ages, including the image transform, a method to estimate the image transformation ma-
trix, and an evaluation of the image registration accuracy.

24.1. Materials and methods

We performed image registration by finding values for the transformation matrix that
mapped the points in CT image onto the corresponding points in the SPECT image. The
previous section summarized several image registration approaches, and here we will de-
scribe the transformation that we chose and the method used to experimentally obtain the
values for the transform parameters.

A general affine transform to relate the CT and SPECT coordinates can be described

by the following set of equations:

Xer = AnXgpeer + A Yspeer + AisZspeer 1

Yer = AnXspeer + AnYspecr + AnZspecr +1, (2.9)

Zer = Ay Xspeer + A Yspecr + A Zspeer 1
where xspect, yspect, and zspecr are the coordinates of a point in the SPECT image, xcr,
ycr, and z¢r are the coordinates of the point in the CT image, and the remaining variables
are constants. This transform has 12 unknown parameters represented by the 9 matrix

values {a;} and the 3 coordinates of the translation vector {ty}. However, because the
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geometry of the scanner fixes the geometrical relationships between the CT and SPECT
data, we can assume that the only parameters needed are a scaling factor, rotation about
the z-axis, and shifts along each of the axes. Thus, the transformation (Eq. 2.4) can be
simplified to the following equations:

Xcr =(m-cosO)xgppcr +(m-sin6)yspper +1,
Yer =(=m-sin@)xgpr +(m-cosO)ysper +1, 2.5)

Zer =M Zgpper 1
where m is the scaling (or magnification) factor, @ is the rotation angle, and ¢,, #,, and #;

are shifts along the x-, y-, and z-axes, respectively between the CT and SPECT coordi-

nate frames. We can express this in matrix notation using the equation:

Xcr m-cos@ m-sinf@ 0 xg o t
Yer |=|-m-sin@ m-cos@ 0| ygeer |41, (2.6)
Zer 0 0 m || Zspecr h

or equivalently,

Xor = AXgpper +t 2.7
In order to determine the parameter values, it is necessary to define points in the CT im-
age, and to find the coordinates of the corresponding points in the SPECT image, or vice
versa. Given this data, we seek to find the parameter values that minimize the distance
between the positions of the points in the CT image and the position of the points in the
transformed SPECT image. In mathematical terms, we seek to minimize the value in Eq.

2.8:

N
leCT — (AXgpger + t)lz (2.8)

i=l
In order to find the coordinates needed to perform the minimization, it is necessary to

be able to define points in the CT image, and to define the corresponding points in the
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SPECT image. This was done by imaging fiducial markers, which are objects designed
to be visible and well defined in both SPECT and CT. In this project, fiducial markers
were created using anion exchange resin beads (A-520E, Purolite, Inc.), soaked in an
aqueous solution of approximately 200 MBq *™Tc-NaTcOy (sodium pertechnetate) to
form “point sources” with a diameter of approximately 0.6-0.9 mm. The pertechnetate
ion is adsorbed from the solution onto the beads, making the beads visible with SPECT,
which are also visible with CT because of their physical density (~1.1 mg/mL). With
only five co-registration parameters (i.e., m, 6, t;, t,, and ¢;) that need to be determined,
two points (i.e., 6 coordinate values) are theoretically sufficient to determine the image
registration parameters. However, we usually used four or more points in order to obtain
a better fit.

In practice, these sources were glued to a plastic centrifuge tube that could be at-
tached to the animal bed and imaged to obtain data to derive the co-registration matrix.
The sources were placed at random locations near the end of the tube, although care was
taken to space the points appropriately, so that the points would all be within the field of
view of the gamma camera, and to avoid obvious symmetry, such as positioning the
points in a co-linear manner. The tube was then attached to the animal bed for data ac-
quisition. SPECT data were acquired at 64 projections over 360°, followed by CT data
acquisition.

The SPECT data were reconstructed using an iterative reconstruction algorithm, and
the CT data were reconstructed using the Feldkamp image reconstruction software in-
cluded with the scanner. The CT data were re-binned to a (256)° matrix format following

reconstruction. The coordinate values for each point source were defined manually in
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both the SPECT and CT images using an image display program, which gave the “ma-
trix” position of the point.

The coordinates of the point source in the SPECT and CT images were fed to a com-
puter program, which derived the coregistration parameters expressed in Eq. 2.5. This
program finds these parameter values by minimizing the cost function in Eq. 2.8 using
Powell’s algorithm, a direction-set method to find minima [18]. This algorithm seeks the
find the minima in a function of » variables by searching along lines in different direc-
tions in n dimensional space. The set of directions can be defined by a set of unit vectors.
The algorithm first finds the minimum along a line defined by the initial estimate and the
first vector, and then proceeds down the next direction until it reaches a minimum. The
values of the n variables which are being minimized are then updated to be equal to this
new point in » dimensional space. From this point, the algorithm searches for a mini-
mum along the line defined by the next vector and changes the values of the variables
accordingly. The process is repeated for all » unit vectors, and then the set of directions
is updated based on the previous results. The process is repeated until the algorithm con-
verges on a minimum.

After the values for the coregistration parameters have been determined, it is possible
to apply the image transform to the CT image to match it to the SPECT data, which was
done using another software program that we implemented. This program loops through
the image matrix in the SPECT coordinate space, and calculates the coordinates of each
SPECT voxel in the coordinates of the CT image using Eq. 2.5. The program then de-

termines the voxel values of the output image using trilinear interpolation of the CT im-
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age at the coordinates determined in the previous step. The end result is that the CT im-
age has been resampled to match the SPECT image.
2.4.2. Results

The first step of the image registration process consisted of imaging the calibration
phantom described above, then identifying the fiducial markers on both the CT and
SPECT images. The ion exchange resin beads worked well as point sources for fiducial
markers in that they were easily visible in SPECT images, and also could be seen in CT
(Fig. 2.9). Although there was little image contrast between the beads and the plastic
tube on which they were attached, in the CT image, the outline of the beads was always
obvious because they protruded beyond the surface of the tube. In addition, in the
SPECT image, the bead was radioactive and could be readily identified and differentiated
form the plastic tube which was not radioactive. These characteristics allowed us to iden-
tify the fiducial markers on both the CT and SPECT images, with their coordinates ex-

tracted so that the parameters in Eq. 2.5 could be identified.

Fig. 2.9: Image of coregistration phantom from CT (left) and SPECT (right). The cross
hairs are aligned with the ion exchange resin bead that served as a fiducial marker.
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In this process, it is important to recognize that the values obtained for the image co-
registration matrix A (Eq. 2.7) depend on the parameters used for reconstruction of the
SPECT and CT images. In particular, the magnification value is dependent on the
SPECT radius of rotation, and the field of view of the SPECT image. Given accurate
knowledge of the voxel dimensions in the reconstructed images, the magnification can be
calculated by the following equation:

- VoxSizesprer X Ngpper

2.9)

VoxSize.; x N,

where VoxSize is the length of the voxel in the specified image, Ncr is the size of the CT
image space in voxels, and Nspecr is the length of the SPECT image space in voxels.

The magnification value was determined for experimental data acquired using various
values for the radius of rotation, and was plotted as a function of the radius of rotation.
As expected, the magnification was dependent on the radius of rotation (Fig. 2.10), be-
cause the image reconstruction algorithm changes the voxel size based upon the radius of
rotation. In addition, Fig. 2.10 also shows that the experimental results agreed with the
expected values for magnification calculated from Eq. 2.9, which provides confidence

that the image dimensions in the SPECT and CT images are correct.
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Fig. 2.10: Magnification factor needed to correlate the SPECT and CT data. The meas-
ured data agrees well with the predicted values.

In addition to the magnification m, it also is necessary to determine &, the angle of
rotation about the z-axis, as well as the translations ¢;, ¢, and #; between the SPECT and
CT coordinate systems. In this example, the rotation angle was measured to be 6 =
0.6° £1.9°. The shifts (¢, ¢;) in the x and y directions are both very small (0.1840.13, and
0.24+0.17), and not statistically significant. The z-shift ¢; is larger, and was measured to
be 2.3 £0.8 mm (range of -1.5 mm to -3 mm). Nevertheless, these differences between
the SPECT and CT data can be corrected easily by applying Eq. 2.6 to transform the CT
data into the SPECT coordinate system, as described above.

We then evaluated the effectiveness of the coregistration transform by checking the
accuracy of the registration between the SPECT and CT images with a scan of a second
set of point sources. This second set of sources was created in the same manner as the
first set of markers, but the point sources were located in different positions. The second
SPECT-CT scan was performed using the same data acquisition parameters as the first
scan, and the data were reconstructed with the same algorithms and parameters as the

previous data. The coregistration parameters derived from the first set of data are used to
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register the reconstructed SPECT and CT images from the second scan, and the position

difference is calculated for each point:

Ter = \/(x'cr - "Cr)2 +(Yer — ycr)2 +(2¢r —2¢r )? (2.10)

where xspecr, yspect, and zspgcr are the coordinates of the point in the SPECT image, and
xcr, ycr, and zcr are the coordinates of the corresponding point in the coregistered CT im-
age. The mean position difference was found to range from 0.2 to 0.4 mm, which is less
than the spatial resolution of the SPECT images. This allows us to conclude that the co-
registration algorithm has aligns the SPECT and CT with accuracy better than the spatial
resolution of the SPECT system, and indicates that a more complicated approach likely is
unnecessary.

The approach described above was used to coregister data for all the work presented
in this thesis, and is sufficient for registering the SPECT and CT image coordinate sys-
tems. However, in biological systems, the coregistration problem could be complicated
by motion, such as that due to respiration and cardiac function, as well as by the possibil-
ity of animal movement during or between the SPECT and CT studies. Such errors
would require more complicated registration scheme, possibly involving anatomical
landmarks in the animal, or the use of fiducial markers attached to the surface. These ap-
proaches are specific to the design of particular imaging studies, and are outside the
scope of this thesis.

2.5. Prediction and assessment of system performance

The performance of the X-SPECT scanner was characterized for both x-ray CT and

SPECT. The system was characterized with experimental measurements that were com-

pared with calculated values. The results will help to predict the limits of quantitative
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accuracy that can be achieved, determine the optimal imaging parameters for a study, and
determine the usefulness of the X-SPECT for particular applications.
2.5.1. SPECT

The SPECT performance of the X-SPECT scanner was characterized by evaluating
the field of view, spatial resolution, and detection efficiency. These three characteristics
are important in determining the suitability of the imaging system for many applications.
The size of the field of view is important in tomographic imaging because structures that
fall outside the field of view at certain projection angles can result in artifacts in recon-
structed images. In addition, the field of view must also encompass all the structures of
interest, in order for a study to be useful. The spatial resolution is important in allowing
structures to be resolved in imaging, and having high detection efficiency is critical for
minimizing the amount of imaging time and the dose of radiopharmaceutical used in a
study. Therefore, optimizing the trade-offs between these three parameters is an impor-
tant part of performing a SPECT imaging study.
2.5.1.1. Field of view

The size of the field of view has a strong influence on the utility of an imaging system
for a particular application. If the data acquired fall partially out of the field of view in
some or all of the projection views, the reconstructed image will have artifacts. For
SPECT imaging with a pinhole collimator, the field of view is determined by the detector
size, cone angle of the pinhole aperture, and the radius of rotation. We calculated the size
of the field of view as a function of the radius of rotation for SPECT imaging with the X-
SPECT scanner based on the following geometrical argument. We start by looking at the

center cross-sectional plane of the image (Fig. 2.11). The field of view is the region
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which can be imaged by the detector at all projection angles. By symmetry, we deduce
that this region must be a circle centered at the axis of rotation. In most situations, the
angle 2a, defined by the lines drawn from the edges of the detector to the pinhole, is
smaller than the pinhole cone angle, and the field of view is limited by the size of the de-
tector. The field of view is the circle bordered by the lines drawn from the pinhole and
the edges of the detector (Fig. 2.11). The radius Rroy of the field of view therefore is de-
fined by the line segment drawn from the axis of rotation (isocenter) to the tangent line

drawn through the pinhole to the edge of the detector, and which has a value equal to:

2.11)

Reoy =b- sin[m_, (0.5 DetWidth )]

F

where b is the radius of rotation of the pinhole around the isocenter, DetWidth is the

width of the detector, and F is the focal length of the collimator.

Detector

I" -

DetWidth -

Fig. 2.11: Illustration of the geometry used to calculate the field of view. The dotted
lines are drawn from the ends of the detector through the pinhole. Angle a is the maxi-
mum angle from the perpendicular at which a photon can pass through the pinhole and hit
the detector and is calculated using the arctangent of half the detector width divided by
the collimator focal length, F. As long as 2a is less than the pinhole acceptance angle (a),
then the field of view is the centered at the axis of rotation that is tangent to the (dotted)
lines drawn from the edge of the detector through the pinhole aperture.
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The theoretically derived diameter of the field of view (Eq. 2.11) is plotted as a func-
tion of the radius of rotation in Fig. 2.12. The calculation was based on the nominal di-
mensions of the detector (12x12 cm?). The pinhole acceptance angle is large enough that
it should not limit the field of view. The result shows that the field of view with the pin-
hole collimator can be varied by changing the radius of rotation (i.e., moving the gamma
camera toward or away from isocenter) to accommodate animals of different sizes (e.g.,
mice vs. rats), although the larger field of view is obtained with an associated loss of spa-

tial resolution and detection sensitivity.
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Fig. 2.12: Plot of the expected SPECT field of view for the X-SPECT with pinhole col-
limation as a function of the radius of rotation.

2.5.1.2. Spatial resolution

Another key characteristic of imaging systems is spatial resolution, which has a
strong effect on the ability of a system to detect and distinguish various features within
the field of view. Spatial resolution of SPECT and planar radionuclide imaging is deter-
mined by adding the intrinsic resolution of the detector and the collimator spatial resolu-
tion in quadrature. The intrinsic resolution is the spatial resolution of the detector with-

out a collimator, or in other words, the width of the response of the detector to an infini-
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tesimally thin pencil beam of radiation. The collimator resolution is the width of the pro-
jection of a point source onto the detector. For a pinhole collimator, the system resolu-
tion (R;) in the image plane is related to the intrinsic resolution (R;) and the collimator

resolution (R.) by the follwing equation:

R, =ﬁ\/R3 +R? (2.12)

where M is the magnification of the image from the image plane onto the detector, which
for a pinhole collimator is equal to the focal length (F) divided by the radius of rotation
(b). As stated above, the system resolution is determined by adding the contributions of
the intrinsic resolution and collimator resolution in quadrature, and then correcting for the
magnification of the image onto the detector face by multiplying by 1/M, so that the sys-
tem resolution represents the spatial resolution in the plane of the object.

For pinhole collimation, the spatial resolution of the collimator is described by the
following equation [19]:

(F +b)

R =d
c eff F

(2.13)

where d.g is the effective pinhole diameter, and F and b are the perpendicular distances
between the pinhole and detector, and between the pinhole and the plane of the object,
respectively (Fig. 2.13). This expression is derived by calculating the width of the pin-
hole aperture when projected onto the detector face from a point source located at the

center of rotation.
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Fig. 2.13: Pinhole imaging geometry. This figure shows the parameters F, b, and 6.
The parameter F is the focal length of the collimator, and is the distance from the detector
to the pinhole center. The parameter b is the radius of rotation, and the angle @ is the an-
gle of the source with respect to the normal axis of the pinhole collimator.

The previous equation (Eq. 2.13) shows that the collimator spatial resolution is pro-
portional to the effective pinhole diameter, d.. The effective pinhole diameter accounts
for photon penetration through the edges of the pinhole aperture, and is related to the pin-

hole geometry, material, and photon energy by the following equation:

2
d, = \/d(d + ;tan(%)} (2.14)

where u is the photon attenuation coefficient for the pinhole and «a is the cone angle of
the knife edge pinhole. Accorsi and Metzler have also investigated the calculation of an
effective pinhole diameter for use in spatial resolution calculations [20], and obtained a
more general result. In either case, the effective diameter of the pinhole is essentially
equal to the physical diameter when imaging low and medium energy gamma photons

(e.g., iodine-125 and technetium-99m), and increases when imaging radioisotopes that
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emit higher energy photons, due to increased penetration of photons through the edges of
the pinhole.

The system spatial resolution of the gamma camera also was experimentally meas-
ured by imaging a capillary line source having an inner diameter of 250 um and filled
with ®™Tc-NaTcO,4. The source was placed in front of the pinhole aperture and imaged
with the gamma camera. This was repeated using both the 1 mm and 2 mm pinhole aper-
tures with the source at distances of 3-5 cm from the pinhole. The full-width half-
maximum (FWHM) of the line response function, was calculated by linear interpolation
of the pixel values in the projection image. The spatial resolution in the image plane was
then determined by scaling the spatial resolution at the detector by (b/F) where b is the
distance of the source to the pinhole, and F is the distance from the pinhole to the detec-
tor, in order to correct for the magnification of the image onto the detector. The results
are shown in Fig. 2.14 along with the values predicted using Equations 2.12-2.14. The
predicted values were calculated using the value of d.y calculated using the equations for
a knife edge pinhole, the nominal collimator focal length of 9 cm, and the nominal pixel
pitch (2.2 mm) for the intrinsic resolution of the detector. The data from the 1 mm pin-
hole were slightly lower than the predicted values, and the experimental results with the 2
mm pinhole gave smaller than expected values for the FWHM. The actual spatial resolu-
tion may be lower than the theoretical spatial resolution because of the segmentation of
the detector crystal, which leads to a non-Gaussian point spread function. The differ-
ences between the two pinholes may be related to the geometry of the pinhole, specifi-
cally the longer keel length (1.8 mm) which will reduce the width of the collimator point

spread function.
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Fig. 2.14: Spatial resolution in planar images obtained using the X-SPECT scanner, de-
termined by using a line source. The result is reported in terms of the full width half
maximum in the image plane.

In addition to measuring the planar spatial resolution, we measured the spatial resolu-
tion of reconstructed tomographic data. The tomographic resolution differs from the pla-
nar imaging data, due to the influence of the reconstruction algorithm on spatial resolu-
tion. In addition, various parts of the field of view are closer or farther from the pinhole,
depending on the projection angle. Although the planar spatial resolution is a test of the
gamma camera, the tomographic spatial resolution also needs to be measured to assess
the performance of the integrated imaging system.

Data were obtained using a high resolution test pattern (Fig. 2.15) filled with ap-
proximateiy 140 MBq aqueous #mTc-NaTcOs. Data were acquired at 128 projections
over 360° using various combinations of pinhole sizes (0.5, 1, and 2 mm diameters) and
radius of rotation values (3.5, 4.0, and 4.5 cm). The data were reconstructed using 5 it-
erations of the X-SPECT manufacturer’s OSEM software, and the results were upsam-

pled by a factor of 2 using cubic B-spline interpolation to reduce the effect of pixelation
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on the image. Results are shown in Fig. 2.16 for data collected with a radius of rotation

of 4.0 cm, and illustrate the effect of pinhole aperture size on spatial resolution.

Fg. 2.15: High resolution hot rod phantom (left) and edgbe phantom (right) used to as-
sess spatial resolution of SPECT images.

(a) (b) ()
Fig. 2.16: Slices from the center plane of SPECT images of the high resolution hot rod
phantom acquired using various collimator inserts with pinhole diameters of : (a) 0.5 mm,
(b) I mm, and (c) 2 mm. Radius of rotation was 4.0 cm for all data sets, and data were
reconstructed using the OSEM algorithm shipped with the X-SPECT scanner. The phan-
tom contains rods with diameters of 1.2, 1.3, 1.4, 1.5, and 1.6 mm.

Another independent measurement of spatial resolution in reconstructed images was
obtained by imaging a technetium-99m filled phantom containing an edge (Fig. 2.15
(right)). The phantom was filled with approximately 300 MBq of aqueous **™Tc-NaTcOs,
and data were acquired over 360° at 64 angles and 40 seconds per projection. The radius
of rotation was either 4 or 5 cm, and data were acquired with both the 1 mm and 2 mm

pinhole inserts. After data acquisition of the phantom, the projection data were recon-
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structed using 5 iterations an OSEM algorithm (8 subsets). The line profile drawn across
the edge in the reconstructed image can be fit with an equation of the form [21]:

B

+ (2.15)
1+ (exp((x—x,)/ 0)

where the parameters 4, B, xy, and o are unknowns, and the full-width-half-maximum of
the system point spread function is equal to 3.5250. Least-squares fitting was performed
using the “solver” tool in Microsoft Excel for data from ten locations near the center of
each reconstructed image. For each fit, two slices were averaged in order to reduce noise.
The results are summarized in Table 2.2, and are consistent with the results obtained with
the resolution test pattern. The spatial resolution estimates for the X-SPECT scanner
predict that the scanner will be able to resolve structures separated by approximately 1 or
2 mm, depending on the collimator and radius of rotation.

Table 2.2: Estimated spatial resolution in tomographic images

Radius of rotation Pinhole Size Spatial Resolution
(cm) (mm FWHM)
4.0 1 mm 1.110.2
5.0 1 mm 1.240.3
4.0 2 mm 1.4+0.2
5.0 2 mm 1.610.2

2.5.1.3. Detection efficiency

Detection efficiency or sensitivity is defined as the ratio between detected photons
and photons emitted, and has an important role in determining the imaging time, injected
dose, and the resulting signal to noise ratio. In general, system performance is improved
by increasing the detection efficiency as long as other characteristics, especially spatial

resolution, are not sacrificed. The detection efficiency of the system is a multiplicative
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function of the geometric efficiency of the collimator and the detection efficiency of the
detector. As is the case with spatial resolution, the dominant factor in determining the
detection efficiency is the collimator. The theoretical geometrical sensitivity of the pin-

hole collimator is described by the following equation:

d;, cos’ @

— (2.16)

g:

where the effective pinhole diameter (d.5) accounts for penetration of photons through the
edges of a pinhole (Eq. 2.14), and the parameters b and @ are the perpendicular distance
from the pinhole to the source and the angle between a line drawn from the pinhole to the
source and a line perpendicular to the detector, respectively (Fig. 2.13). This equation
predicts that the sensitivity can be increased by using a larger pinhole aperture, decreas-
ing the radius of rotation, and positioning the object in the center of the field of view.

The detection efficiency was also measured, to compare the predicted values with ex-
perimentally obtained results. The measurement was performed using a 63 pL Micro
Hollow Sphere phantom (Data Spectrum, Inc.) filled with 30 MBq *"Tc-NaTcO,. The
activity was measured using a dose calibrator (Atomlab 100, Biodex Medical Systems),
and the phantom imaged with the X-SPECT scanner. Data were acquired at 64 projec-
tions over 360°, using radius of rotation values from 3-5 cm. Data were acquired using
both the 1 mm and 2 mm pinholes. The sensitivity was calculated by dividing the meas-
ured counts by the theoretical number of photons emitted, which was calculated based on
the imaging time and the measured activity. A plot of the theoretical pinhole geometric
efficiency as a function of distance is shown in Fig. 2.17, along with the measured detec-

tion efficiency.
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Fig. 2.17: The detection efficiency as a function of distance. The theoretical pinhole
geometric efficiency is given by the lines, and the symbols represent the measured effi-
ciency.

The measured efficiency is lower than the theoretical geometric efficiency for several
reasons. First, the detection efficiency of the gamma camera is approximately 80% be-
cause 20% of the 140 keV photons striking the scintillator crystal will pass through with-
out interaction (Transmission=exp(-pL)=1-exp(-0.6 cm-2.57 cm™)=0.21). Additionally,
the segmented scintillator crystal is not active over its entire area; the area between the
pixels does not contain scintillation material. The detector uses square 2 mm pixels sepa-
rated by 0.2 mm of reflective material [1], which leads to an approximately 20% loss in
detection efficiency because only 83% (2%/2.2%) of the detector surface area is scintillator
material. Finally, the data acquisition software applies a flat field correction, which re-
duces the apparent sensitivity at the center of the field of view in order to correct for the
angular dependence of detection sensitivity.

We measured the effect of removing the flat field correction on sensitivity by ma-

nipulating the data acquisition software so that the flat field correction was not applied.
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The experimental measurement for detection sensitivity was repeated, and it was found

that the detection efficiency increased by 42% for the 1 mm pinhole, and by 86% for the

2 mm pinholes. In other words, the flat field correction leads to a reduction in apparent

d e tection sensitivity by approximately 30% for the 1 mm pinhole and 50% for the 2 mm
pixhole. The effect of the flat field correction was more pronounced for the 2 mm pin-
o 1e, and accounted for the relatively small (2.5-fold) efficiency advantage of the 2 mm
p i xahole compared to the 1 mm pinhole. The experimental data acquired without flat-field
c o> rrection were compared with the theoretical detection efficiency in Fig. 2.18. In this
£1 g=ure, the theoretical detection efficiency has been corrected for the detector stopping
pP<ower and the presence of reflective material between the pixels. The 1 mm pinhole
measurement agrees reasonably well with the theoretical measurement, but the 2 mm
Pinhole has noticeably lower than expected sensitivity. This reduction in sensitivity is
Probaably due to the longer (1.8 mm) keel length of the 2 mm pinhole, which improves

spatiz=a ] resolution at the expense of geometric efficiency.
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Fig. 2.18: Plot of detection efficiency measured from experimental data without flat field
correction. Also plotted is the theoretical detection efficiency, which is accounts for the
geometric sensitivity of the pinhole, the stopping power of the detector, and the active
area of the detector crystal.
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In summary, to maximize the detection efficiency of the X-SPECT system when im-

aging with a pinhole, it would be best to obtain the data without flat field correction, and

to apply a correction to the data that does not reduce the total number of counts. Unfor-

turnately, the flat-field correction is built into the data acquisition software of the X-

<SS IPECT scanner, and circumventing the flat field correction while correcting for non-

waxaiformities in the detector is not a straightforward process.
1.5.2- CT system performance

Spatial resolution is a key parameter describing the performance of a small animal CT

s 3 stem, and limits the smallest features that can be seen in the reconstructed image. This

section describes the method of calculating the theoretical spatial resolution of an x-ray

CT system. The spatial resolution of the CT component of the X-SPECT system is pre-
dicted, and then the calculated value compared against experimental measurements.

"X he expected spatial resolution of projection data can be calculated using the method

outli med by Paulus [22], where the total system resolution (07..) is expressed as the sum
of de=+tector (o) and x-ray focal spot (oy) blurring. These two effects are assumed to be
Gauss sjan, and thus they add in quadrature:

Orua =02 +0% @2.17)

The detector blurring is defined by the following equation:

o, =| —da|%a (2.18)
d,+d, )2

where x, is the pixel spacing on the detector, and d,; and d;, are the distance from the ob-
ject to the x-ray source, and the distance from the object to the detector, respectively (Fig.

2.19). This equation assumes that the detector resolution is limited by the pixel size, and
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calculates the effect of the detector resolution in the image plane. The x-ray focal spot

blurring is described by the following equation:

o, =(du +dsd)"ﬁ"'" (2.19)

d 2.35

xs

w Ihere x5, is the full width half maximum of the x-ray tube focal spot. The term in pa-

< xtheses is the product of multiplying the blurring by (gﬂ-) and (d%:lﬁj , where the

xs x5

£31 xSt term accounts for the scaling introduced by projecting the focal spot blurring onto
tha e detector, and the second term results from backprojecting the blurring from the detec-
torx plane into the image plane. The factor of 2.35 converts the full-width half-maximum

to the standard deviation for a Gaussian distribution.

x-ray
detector.
Subject .-
x-ray SN
source -
oy ‘ i !
s !
dxs dsd

Fiig. 2.19: Geometry of an x-ray imaging system. The dimension d, is the x-ray source
to subject distance, and d,, is the source to detector distance.

This equation can be used to calculate the planar spatial resolution of the CT compo-
nent. Using the standard imaging geometry of the X-SPECT, the values of d,; and d, are
22 cm and 7 cm, respectively. The detector pixel pitch is 50 um, but data are usually
binned in a 2x2 manner, so the effective pixel pitch is 100 um. The focal spot size (xfvam)

was estimated to be 100 pm, based on information presented about the A-SPECT [23],
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the imaging system which predated the X-SPECT. Based on these values, the spatial
resolution is estimated to be 160 um FWHM). This value can also be used as an estimate
for the limit of the spatial resolution of the reconstructed tomographic images obtained
w ith this system.
The CT spatial resolution was also evaluated experimentally by scanning a gold wire
( r» ominal diameter approximately 25 um), which can be used to calculate the point spread
£ = mction in the transaxial plane. The wire was positioned in the center of the field of
< 1 €w by stretching in a cardboard frame, which was positioned on the animal holder. The
= 1rTe was imaged using 256 projections over 360°, with the x-ray tube operated at 50 kVp
amnd 0.6 mA. The data were reconstructed, and the in-plane spatial resolution was deter-
mined by performing a least-squares fit to the data with a two dimensional Gaussian of
the form:
S(x)= B+ dexp[-((x~x)* +(y-¥,)*) (20)] (2.20)
hav i =g parameters 4, B, xo, yy, and o [21]. The spatial resolution described in terms of
its £ a 1l-width half maximum is equal to 2.356, and was estimated to be 340 pm.

A\ dditionally, the spatial resolution was measured by imaging a block of acrylic to ob-
N the edge response. Data were acquired at 256 projections using the CT imaging pa-
raMmeters described above. The data were fit with a curve of the form described by Eq.
214, and the spatial resolution was estimated to be 340 um FWHM. This result, like the

result obtained using the wire, is worse than expected.
After these spatial resolution measurements were completed, calibration measure-
ments were made of the imaging geometry by personnel from the system manufacturer

(Gamma Medica-Ideas, Inc.). The results of the calibration measurements were used
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with a revised reconstruction algorithm which corrected for non-idealities in the imaging
geometry. The calibration measurements were repeated, and the spatial resolution im-
proved to 260 pym FWHM, which is still worse than the predicted value. The source of
th is discrepancy is unknown, but there a several possible sources. One possible cause of
is the reconstruction algorithm, which could include a smoothing filter to reduce noise at
tI € expense of reducing image resolution. Another possible source of decreased spatial
<= ssolution is misalignments in the imaging geometry. As mentioned above, calibration of
tI € imaging geometry by a service engineer reduced spatial resolution from 340 pum to
2 & O um, but there may be residual errors in the imaging geometry. Finally, the focal spot
d imension as quoted by the manufacturer may be inaccurate, as accurate measurements
of the focal spot size are difficult to perform.

"X 'he x-ray CT spatial resolution is not as good as expected, it is still at least three- or
four— fold better than the SPECT spatial resolution. Therefore, the CT will be adequate
for »woviding anatomical landmarks for image fusion, and for photon attenuation correc-
tiorn .

2.6. WDescription of second X-SPECT system
T'x 2005, another X-SPECT scanner was added to the laboratory, and was used to ac-
quire some of the data presented later this thesis. The second scanner outwardly is very
similar to the first scanner, but has a few differences. The CT system has been upgraded
with a more powerful x-ray tube, which enables faster CT acquisitions. The higher volt-
age (kVp) of the x-ray tube should also reduce the radiation dose delivered to the animal
during CT acquisition. The gamma camera has been changed such that the scintillator

crystal now has 82x82 pixels, which should potentially improve the intrinsic spatial reso-
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lution of the gamma camera by reducing the nominal pixel pitch from 2.2 mm (in the first

scanner) to 1.5 mm (in the second scanner). The differences between the scanners are

summarized in Table 2.3, but the basic design of the system has not changed, and the two
scanners are expected to have similar characteristics.

- =:able 2.3: Differences between the two scanners

Parameter First (Older) Scanner Second (Newer) Scanner
Maximum x-ray tube output 50kVp, ] mA 80 kVp, 0.6 mA
X-ray imaging modes step-and-shoot step and shoot or
continuous
Gamma camera pixel pitch 2.2 mm 1.5 mm

2 _“7. Conclusions
"The X-SPECT is a small animal SPECT-CT imaging system that combines SPECT
and <CT imaging modalities on a single gantry. In this chapter, we described this system,
and evaluated its basic performance characteristics for both radionuclide and x-ray CT
imagzing. The resolution of the SPECT system was measured to be on the order of 1-2
mm  FWHM, which when corrected for the size of mice and rats, is similar to the per-
formrm ance of clinical system for imaging humans. The detection sensitivity ranged from
2-10  x107, depending on the radius of rotation and the choice of pinhole aperture size.
Detection sensitivity could also be improved by the installation of a second detector head.

The CT spatial resolution was measured to be 260 pm FHWM.

The performance measurements indicate that the X-SPECT system is not a state of
the art system in terms of either SPECT or CT. For example, the U-SPECT has superior
sensitivity and spatial resolution [24], and Seguin, et al reported microCT spatial resolu-

tion of approximately 50 um [25]. However, it is the first commercially available inte-
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grated SPECT-CT scanner, and offers the advantage of dual-modality imaging in an inte-

grated system.
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Chapter 3: Calibration of SPECT Imaging Geometry
3.1. Overview

In tomographic imaging, full knowledge of the imaging geometry is crucial for
accurate image reconstruction. Due to the high spatial resolution of small animal
i raaging systems, small errors in geometric parameters can lead to errors and artifacts in
tI» € reconstructed image. For example, the tomographic reconstruction algorithm
=2 = sumes that the detector rotates around a specific point in space, typically called the
<<« enter of rotation”. If the algorithm assumes that the center of rotation is different than
tIhe actual (i.e., physical) center of rotation, then this misalignment of the gamma camera
wwith the axis of rotation can lead to artifacts. This is illustrated in Fig. 3.1, which shows
iTnages reconstructed from a small point source with different amounts of misalignment
betwareen the mathematical center of rotation and the physical center of rotation. If the
Phy/ s ical and mathematical centers of rotation coincide, then the reconstruction algorithm
iCCua wately produces the small point source (Fig. 3.1(left)). However, any discrepancy in
the wmathematical and physical center of rotation will cause point objects to appear as

smal 1 circles in the tomographically reconstructed images.

Fig. 3.1: These images were reconstructed from simulated data to demonstrate the
artifact in which point objects are reconstructed as small circles. These artifacts are
created by an uncorrected mechanical shift, as in the case of a misalignment of the
gamma camera. From left to right, data were reconstructed from data with mechanical
shifts of 0, 2, and 3 mm.
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Although it is difficult to align or measure the imaging geometry to the desired degree
of accuracy, it is possible to calculate the geometry of the pinhole camera from
experimentally obtained data. After these parameters are calculated, they then can be

included in the geometrical description of the imaging system that is part of the image
reconstruction algorithm. This provides a means of adjusting or calibrating the
e construction algorithm for the specific characteristics of the imaging system to remove
tI ese artifacts from the reconstructed images. A number of methods to solving this
P oblem have been proposed [1-3]. In this chapter, we implement the method described
B eque et. al,, which uses measured projection data, obtained using point sources in order
to estimate the value of seven parameters needed to define the imaging geometry. The
method generates calculated projection data, and fits the calculated projection data to the
mea sured projection data by varying the geometric parameters. This method was used to
characterize the SPECT imaging geometry of the X-SPECT scanner in our laboratory.
3.1 . 1. Definition of geometric parameters
Beque, et al., defines the imaging geometry for a system with a single gamma camera
With a pinhole collimator by specifying seven different parameters denoted symbolically
aAsS F, e, e, b, m, ¢, and y. The parameter F is the distance from the center of the
Aetector surface to the pinhole aperture. The deviation of the origin of the detector
COordinate system from the center of the detector is described by the electrical shifts, e,
and ¢,. The focal length, F, along with e, and e,, form a complete description of the
8amma camera. The remaining parameters (b, m, ¢, and ) describe the positioning of

the gamma camera in relationship to the image matrix. The radius of rotation, b, is the

distance from the pinhole to the axis of rotation, measured parallel to the y”axis, which is
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defined by rotating the standard coordinates about the z-axis by the projection angle 6.
The x”, y”, z” coordinate system is defined by rotation about the x'-axis by the detector
tilt angle @. The lateral shift of the detector is m, and is defined as the distance of the
pinhole from the axis of rotation along the x’-axis. The twist is represented by y, and is
the angle difference between the u,v coordinate axes on the detector and the x"" and z"

axes in the rotated image space. These geometrical parameters are illustrated in Fig. 3.2

to Fig. 3.4, and are sufficient to completely describe the pinhole SPECT imaging

geometry.
Y A -
P aY
&
/T
/ //
b . >
/ X
0 X'

Fig. 3.2: Illustration of the geometric parameters F (focal length), b (radius of rotation),
m (mechanical shift), and @ (projection angle). In this image, the axis of rotation (z-axis)
is perpendicular to the page. Thex', ', and z' axes are defined by rotation about the z-
axis by the projection angle, 6.
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Fig. 3.3: Illustration of the detector tilt (#), focal length (F), and radius of rotation (b).
The detector is viewed from the side, and rotates about the z' axis. Thex',)', and z'

axes are defined by rotating the gamma camera around the z-axis by 6, the projection
angle. The x'', y'', and z'' axes are the result of rotating the x', y', and z' axes around

the x-axis by ¢.

ey
Fig. 3.4: Illustration of detector twist (y), and electrical shifts (e, and e,). In this
drawing, the detector is viewed along the y" axis, which was defined by rotating the
image space coordinate axes about the projection angle (6) and the tilt angle (#). The
electrical shifts define the shift of the origin of the detector coordinate system center of

the detector.
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3.1.2. Fitting method

As mentioned previously, it is possible to estimate the values of the geometrical
garxameters from projection data obtained with point sources. The problem can be
forxrmulated as a minimization problem, where we minimize the difference between the
rxa<asured point source projection locations and the expected point source projection
1 o< ations by varying the values of the different geometrical parameters. In each
P <>jection view, the centroid of the projection of each point source on the detector can be
cal culated as a position in the detector coordinate system, and expressed as a pair of
coordinates, (u,;f"‘,v,;f"g), where the subscripts i and j represent the point number and
Projection number, respectively. A corresponding position can be calculated using
estimated values for the point source locations and geometrical parameters. The
Objective function that is being minimized is the distance between the estimated and

™Measured point source projection locations, and can be described mathematically using

the cost function (Eq. 3.1) below:
_ Img_ est\2 img_ esty2

Error Z;(ui‘j u,) +w, -v,) (3.1
Where u; and vj; are the coordinates of the projection of point i in projection j, and the

S'*lperscripts img and est refer to measured and estimated positions, respectively.
If the position of a point source is known, then the expected point source projection

10 . est est . . . .
<ation (" and v;") can be calculated analytically by using simple geometric methods
clescribed below. However, because of the difficulty in defining the origin of the
O xdinate system and accurately positioning point sources, it is easier to include the

siition of the point sources among the parameters to be estimated. Beque, et al.,
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demonstrate that three point sources are sufficient, so that the total number of parameters
is increased from 7 to 16 because the position of each of the three point sources is
d e scribed by three parameters. However, the three distances between the point sources
< aan be easily fixed by the phantom design or physically measured, reducing by three the
x va xnber of parameters required to specify the point source locations. The six parameters
wus «d to specify the location of the point sources consist of rotations about each of the
thaxree axes, and translations along each of the three axes. Thus, the total number of
war known parameters becomes thirteen; seven parameters for the imaging geometry, and
si> parameters to specify the location of the point sources.

We minimized the error described by Eq. 3.1 by varying the geometric parameters
and point source locations, using an implementation of Powell’s method [4], a “direction-
Set>> method for finding the minimum of a multi-dimensional function, which is described
in Chapter 2. This algorithm was implemented with a computer program written in the C
PTO gramming language (see Appendix 1). In this program, u; and v; were determined
Analytically using the following method. Given the point source location in the image
COoxrdinate system, the point source locations in the x', )’, z’ frame was calculated by
r-otating around the z-axis by 6. The coordinates were then transformed into the x", y"', z"
COordinates by rotating around the x' axis by the tilt angle ¢. Finally, the point source
l()C::ltion was transformed into the x'"’, y"’, z'"’ coordinate system by rotation about the y'’
Axis by the twist angle . The projection location is calculated by using similar triangles,

2N Q then shifting the results by e, and e, for the u and v results, respectively, in order to
QQQount for the shift in the origin of the u, v coordinates due to the electrical shift. The

r
< Suating equations are:
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est = _f . (x"'—m.! ) cos(‘//))

u; +m, -cos(y)+e, (3.2)
b+yll|

Ve = f (z"=m, -sin(y)) , m, -sin(y)+e, (3.3)
b+ y'"

<~ Iere the geometric parameters are as defined in Figures 3.2-3.4. The positions x'"', y'"

b

aarad 2" are the coordinates of the point source after rotation of the coordinate system for
o r-Ojection angle, detector tilt, and detector twist. Constraints were added to limit the
xaxage of the variables, such that if any variable was outside the limits, a penalty
proportional to the square of the deviation from the limit was added to the cost function
d e scribed in Eq. 3.1. The constraints are shown in Table 3.1 below.

"Iz ble 3.1: Constraints on geometric parameter estimates

Parameter Minimum Value Maximum Value
Focal Length, F 85% initial estimate 115% initial estimate
Radius of Rotation, b 80% initial estimate 120% initial estimate
Mechanical shift, m -10 mm 10 mm
Electrical shift, e, -10 mm 10 mm
Electrical shift, e, -10 mm 10 mm
Tilt, ¢ -15° 15°
Twist, -15° 15°
Rotation about x-axis -180° 180°
Rotation about y-axis -180° 180°
Rotation about z-axis -180° 180°
Translations -10 cm 10 cm

A second version of the program was implemented to perform a more limited fitting
“Where the values of ey, ¥, and ¢ were constrained to 0, in an effort to simplify the
A2 g orithm and to improve the accuracy and repeatability of the results. The value of e,

Was constrained to be equal to m, so that the origin of the detector coordinate system

Suld be positioned underneath the pinhole, or equivalently, such that the detector and

66



pinhole are shifted parallel to the x’-axis as a single unit. This will be referred to as
<<]imited fitting”, in contrast to the “full fitting” algorithm which estimated the value of 7
£Z ©ometric parameters.
3 _ 2. Simulations
In this section, we describe studies involving simulated projection data, which were
wa s <d to achieve three different objectives. The first goal was to validate the geometric
< aa 1 ibration algorithm by varying the geometric parameters used to generate simulated
< a1 ibration data. This simulation and calibration process allowed us to test the calibration
method using data having known attributes, and gave us confidence in applying the
calibration data to experimental data obtained from the X-SPECT system. In addition,
sirrulated data were also used to assess the qualitative effects of geometric errors on
reconstructed SPECT images, by reconstructing simulated projection data without
CoOrrecting for variations in the geometric parameters. Finally, the effect of geometric
©Srrors were assessed quantitatively by generating simulated projection data using a
MU mmerical edge phantom, and reconstructing the data without correcting for the variation
In the geometric parameters.
3.2.1. Methods
Simulated projection data were generated using a ray-based projector (Appendix 2)
rTlodeling an ideal pinhole, i.e., a pinhole with an infinitesimally small aperture. This
™Method to generate the projection data is independent of the equations used in the
<aljbration algorithm, and therefore “decouples” the simulation process from the
<Al jbration process, so that the calibration process can be tested and validated without

bias. The imaging geometry was based on the X-SPECT system, with a 12 cmx12 cm
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detector and a pinhole collimator with a 9 cm focal length. The numerical phantoms used
for the simulation contained three points of equal intensity represented in an (80x80x80)
matrix. The three points were positioned so that they did not fall on a single line, with
approximately 1-2 cm separating the sources. The points were positioned according to
the criteria described by Beque, ef al. [2], such that at least one point was on either side
of the central plane, none of the points was on the axis of rotation, and none of the points
was in the central plane coincident with the axis of rotation. For each simulation, 64
projection views were generated over 360°.

In order to use the simulated data for testing the geometric calibration algorithm, it
was necessary to extract the centroid of each of the points in each projection view. This
was done using a semiautomated process, using a Matlab® (The Mathworks, Inc.) script
that calculated the centroid of each source from the pixels within a small region in each
projection view. The limits of the region for centroid calculation were defined by the
user for the first projection, and updated automatically for each subsequent view based on
the previously calculated centroid position. This was repeated for each point, and the
results were written to a text file containing the centroid locations, which served as one of
the input files to the geometric calibration algorithm (see Appendix 2 for more details).
The geometric calibration program was then run to estimate the geometric parameters.
The initial estimates for the geometric parameters were also varied, in order to test the
stability of the geometric calibration. The estimated parameter values were then plotted
as a function of the parameters input to the projector program.

In order to study the effect of geometric errors on reconstructed SPECT images,

simulated projection data were generated using numerical phantoms consisting of three
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point sources like the ones described above. The simulated projection data were
reconstructed using an implementation of the Feldkamp filtered backprojection
reconstruction algorithm created by Wu [5, 6]. Multiple sets of projection data were
generated using various values for the geometrical parameters that deviated from the
standard imaging geometry (Table 3.2). The projection data were then reconstructed with
the Feldkamp algorithm using standard values of the imaging geometry. The
reconstructed point source data were used to qualitatively demonstrate the effect of errors
in the geometric calibration parameters.

Another set of simulated projection data were generated using a numerical edge
phantom consisting of a uniform cube at the center of the field of view, and the ray-
driven projector described above. These data were generated with deviations in the
geometric parameters, and were then reconstructed using the Feldkamp algorithm without
correcting for the changes in the imaging geometry. The reconstructed data were used to
estimate the spatial resolution, by fitting the data to the curve described in Eq. 2.14. The
degradation in spatial resolution was then correlated to the magnitude and type of
geometric calibration errors.

Table 3.2: Imaging parameter values and ranges

Parameter Name Standard Value Tested Range
Focal Length 90 mm 80-100 mm
Radius of rotation 45 mm 40-50 mm
Mechanical shift 0 mm 0-3 mm
Electrical shift, u 0 mm 0-6 mm
Electrical shift, v 0 mm 0-6 mm
Detector twist 0 deg 0-15 deg
Detector tilt 0 deg 0-15 deg
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Finally, simulated projection data were generated using a model of the collimator
behavior, in order to assess the effect of the point spread function on the characterization
of the imaging geometry. The data were generated using the ray-driven projector
described earlier, but with multiple rays which were positioned and weighted to model
the depth-dependent spatial resolution and sensitivity of the pinhole, including septal
penetration. The data were simulated to model the imaging of three technetium-99m
point sources using a 1 mm keel edge pinhole aperture of the type used in the X-SPECT
scanner. The numerical phantom was configured as described previously. The centroid
positions were calculated for the projection data and input to the geometric calibration
program. The results were compared to the results obtained using projection data
generated with a model of the ideal collimator.

Data generated using the realistic collimator model were also combined with a model
for the depth of interaction (DOI) of the photon. The depth of interaction (DOI) effect, or
parallax is a consequence of detecting photons that strike the detector at an oblique angle.
The photons interact at a finite, varying depth within the scintillator, which affects the

lateral position of interaction recorded by the detector (Fig. 3.5).

70



"
o

.,Jr’
A|B C
Fig. 3.5: A photon that strikes the detector at an angle can interact in either Pixel A or
Pixel B, leading to uncertainty in the trajectory of the detected photon. A photon that

strikes the center of the detector (Pixel C) can only interact with one pixel, eliminating
the uncertainty.

The magnitude of the effect is dependent on the angle of incidence of the incoming
photons, the energy of the photons, detector pixel size, and the photon attenuation
properties of the detector. A computer program was written to model! this effect on
projection data. This program was applied to the projection data generated above, to
yield sets of projection data that included modeling for both the collimator behavior and
the depth of interaction effect. The projection data were processed, and the geometric
calibration program was then used to estimate the values of the geometric parameters.

3.2.2. Results
3.2.2.1. Testing of calibration algorithm

The first step in evaluating the calibration algorithm was to verify that the algorithm
converged to a minimum. This was demonstrating by creating a plot of the centroid

locations from simulated data is shown in Fig. 3.6, overlaid with the centroid locations

est

predicted by the geometric calibration program (u;;

and v;” from Eq. 3.1). The average

deviation in position estimated between the estimated and measured centroid locations
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was 0.1 mm. The strong correlation between the two sets of data provides confidence
that the algorithm performs the minimization correctly.

After establishing that the algorithm converges to a reasonable solution, the next step
is to demonstrate that the solution is correct. This was done by changing the geometry
used to generate the projection data, and then calculating the geometrical parameters
from the resulting projection data. Because the projection data were generated using a
method independent of the calibration algorithm, a correlation between the calibration
result and the parameter values used in the simulation will demonstrate that the algorithm
is indeed working correctly. The estimated focal length plotted as a function of the
simulated focal length is shown in Fig. 3.7, and the results show an excellent correlation
between the estimated value and the expected value, with a slope of 0.97 and intercept of
2.4, demonstrating that the calibration algorithm consistently gives the correct result for
focal length. Similar plots drawn for the other geometrical parameters also show good
results (Table 3.3). These results combine to demonstrate that the fitting algorithm

converges to the correct solution in the case of simulated, ideal data.
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Fig. 3.6: The projection positions of three point sources (over 64 angles) are plotted
(diamonds), along with the projection positions calculated by the fitting program (lines).
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Fig. 3.7: Plot of the estimated focal length as a function of the simulated focal length. A
linear fit of the results lies almost exactly on top of the line y=x ()=0.97x+2.4). These
results demonstrate the accuracy of the geometric calibration algorithm, and also confirm
that the projector is behaving as expected.

Table 3.3: Correlation between parameters values used in simulation with calibration

results

Parameter Slope Intercept r
Focal length, f(mm) 0.9710.02 2.4+1.5 0.996
Radius of rotation, d (mm) 0.974+0.01 1.210.4 0.999
Mechanical shift (mm) 1.0010.01 0.04+0.02 0.998
Electrical shift, u (mm) 0.89+0.05 0.2610.08 0.96
Electrical shift, v (mm) 1.05+0.04 -0.4840.07 0.98
Tilt (deg) 1.02+0.03 0.00+0.05 0.99
Twist (deg) 1.01+0.01 0.01+0.02 0.999

3.2.2.2. Effect of geometrical errors

Figure 3.8 shows images reconstructed from simulated projection data that have been
reconstructed with errors in the various geometric parameters. Multiple sets of projection
data were created using the numerical phantom and ray-driven projector, using different
values for the geometric parameters. The top row shows different slices from the data
reconstructed without any errors in the parameter values. The second row shows slices in

images reconstructed from data with deviations in the different geometrical parameters,
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and demonstrates some of the artifacts that result from reconstructing data with errors in
the imaging geometry.

It was found that the mechanical shift (m) and electrical shift in the direction of
rotation (e,) had the strongest effect on spatial resolution. As shown in Fig. 3.9, the full
width-half maximum spatial resolution increases almost proportionally to the mechanical
shift. These errors are equivalent to an error in the center of rotation. As a result, the
backprojections from different angles are misaligned, resulting in blurring, or in extreme

cases, a circular artifact reconstructed when, in fact, the object was a small point source.

)
..

Fig. 3.8: Reconstructed tomograms of three simulated point sources. The top row shows
images reconstructed using ideal parameters without any geometric errors. The second
row shows corresponding images reconstructed with various geometric errors. The left
images show an axial slice 4 mm from the central plane, and show the effect of a 2 mm
error in the electrical shift (e,) in the direction of the tomographic rotation. The center
images show an axial slice through another point located 10 mm from the central plane,
and demonstrate the effect of a 10 degree error in the twist angle. The right images show
a sagittal slice coplanar with all three simulated point sources, and illustrate the effect of
a 10 degree error in the tilt angle.
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Fig. 3.9: Effect of mechanical shift (m) on spatial resolution in reconstructed image. The
electrical shift in the direction perpendicular to the axis of rotation (») had a similar effect
on spatial resolution.

Errors in the focal length and radius of rotation affected the apparent size of the
reconstructed phantom, but had relatively small effects on spatial resolution. For
example, errors in the focal length value from -10 to +10 mm resulted in insignificant
(less than 0.1 mm FWHM) changes in the spatial resolution. These errors affect the
magnification of the object onto the detector, and therefore the reconstructed images are
magnified or minified.

The tilt and twist had also relatively small effects, which were found to be position
dependent. The tilt effectively causes a position dependent change in focal length, and
the twist results in a position dependent error in mechanical shift. However, at small
angles the resulting errors are not large enough to cause significant changes in the

reconstructed data.
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3.2.2.3. Effect of realistic collimator behavior

The use of realistic collimator response to generate projection data did not
significantly affect the calibration results for focal length, radius of rotation, mechanical
shift, or magnification. The addition of the depth of interaction effect did increase the
effective focal length by 1.8+0.7 mm, which agrees with the mean depth of interaction
calculated to be approximately 2.2 mm. The depth of interaction effect had no influence
on the other geometric parameters. Therefore, we expect that the geometric calibration
algorithm will also yield good results with experimental data.

3.3. Experimental measurements
3.3.1. Methods

Experimental measurements were performed to characterize and calibrate the imaging
geometry of the X-SPECT, in order to optimize the quality of the reconstructed images.
In addition to removing artifacts in the image, the geometric calibration also ensures that
the linear dimensions (e.g., apparent size of reconstructed objects) in the reconstructed
are correct. The calibration was performed using the method and algorithm from Beque,
et al., as described above.
3.3.1.1. Measurement of pixel size

In order to perform the geometric calibration, it is necessary to either measure or
assume a detector pixel size, so that the projection positions on the detector face can be
converted from pixel locations to absolute »,v coordinates. We chose to measure the
detector pixel size by fitting the gamma camera with a parallel hole collimator because it
does not magnify or minify the recorded data. We then placed point sources on the
camera head separated by known distances. The point sources were placed on a template

printed with a grid, marking the desired locations of the point sources so that the
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distances between the point sources were measured and well defined. After acquiring the
projection data, the centroid locations of the point sources were calculated from the
projection data, and the distances between the points were calculated in terms of the
number of pixels between the points. By plotting the distance between the points in the
projection images as a function of the known physical distance between the point sources,
it is possible to determine the mean pixel pitch of the detector in physical units of
mm/pixel.
3.3.1.2. X-SPECT geometric calibration

After determining the pixel pitch, we applied the methods described in Sections 3.1
and 3.2 to calibrate the geometrical configuration of the system. This is necessary since
the reconstruction algorithm requires parameters that describe the actual geometrical
relationships of the scanner, and failure to perform this calibration can produce image
artifacts as illustrated in Fig. 3.1 and Fig. 3.8. As in the case of the simulations (Section
3.2), this experimental calibration was performed by imaging three point sources using
the X-SPECT system. The point sources were prepared by soaking beads of ion
exchange resin in a #PMTc-NaTcO, solution, as described in Chapter 2. Because the
calibration method requires that we know the distances between the calibration points, we
printed a template on which we positioned three point sources at known locations (Fig.
3.10). The phantom was attached to a 5 cm x 5 cm, 0.3 cm thick acrylic sheet for rigidity
and placed on the mouse bed in the X-SPECT scanner. The gamma camera output was
then checked to ensure that none of the point sources was lying on the rotational axis, and
or in the plane of the rotational orbit. The SPECT projection data were acquired over

360° at 64 projection angles with a nominal radius of rotation of 4.5 cm, representing the
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acquisition parameters used for small animal imaging studies in our laboratory. The
acquisition was repeated with the radius of rotation values from 4 to 6 cm, in order to
characterize the relation between the nominal and actual values for the radius of rotation.
These measurements were acquired using various point source configurations over a
period of several months in order to determine the stability of the imaging geometry and
the repeatability of the measurements.

After imaging, the centroids of each of the projected point sources were calculated
with the semiautomated approach using Matlab scripts described above. The measured
centroids then were used to determine the geometric parameters by applying the

algorithm described previously in Section 3.1 of this chapter.

Printed template

lon exchange
beads

Fig. 3.10: Phantom used for geometric calibration of the X-SPECT. It consists of three
point sources made of ion exchange beads soaked in *"Tc-sodium pertechnetate. The
three point sources are glued to a printed paper template that is attached to a piece of
acrylic (approximately 5 cm x 5 cm) for stiffness.

We also used these data to verify that the calibration results obtained for image
reconstruction gave the correct linear dimensions in the reconstructed images; this was
performed using the geometric parameter values obtained in a second calibration study to

reconstruct the projection data. The data obtained in the second study were generated
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using the same imaging parameters, but a different set of point sources. The distances
between the points in the first phantom were calculated using the reconstructed image,
and compared with the known point spacing. This was done for three sets of data to
confirm the reliability of the calibration method.

3.3.2. Results
3.3.2.1. Detector pixel size estimation

As noted earlier, the physical size of the pixel (in dimension of millimeters) is an
important unit needed to characterize the geometry of the imaging system accurately. In
this study, the pixel size was calculated by imaging several point sources with the parallel
hole collimator, then relating their known physical distance to their distance measured in
pixel values as extracted from the image (Fig 3.11). As expected, the relationship
between the physical distance and the distance measured in pixels was linear for both the
horizontal and vertical directions in the image. These values were fit to a linear
regression line, with the slope representing the pixel pitch which was measured to be 2.23
mm, which is in agreement with the nominal pitch of 2.2 mm (Chapter 2). As noted
earlier, this value was used to convert the location of the point source projection on the

detector from units of pixels to coordinates in physical units (mm).
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Fig 3.11: Plot of the distance between point sources placed on the detector face, with the
distance measured in the image on the y-axis. The difference between the two lines is not
statistically significant, and the combined results estimate the pixel pitch on the gamma
camera to be 2.23 mm in both the horizontal and vertical directions.

3.3.2.2. X-SPECT geometry calibration

The calibration method described in this chapter was used to extract the values of the
geometrical parameters for the scanner, which in turn were incorporated into the
reconstruction algorithm to improve the accuracy of its model of the imaging system and
improve the overall quality and accuracy of the reconstructed images. These results
(Table 3.4) show that some of the parameters, notably the electrical shifts and the
mechanical shift (e,, e,, and m), were not estimated reproducibly. The radius of rotation
was excluded from this table because the nominal value for this parameter was varied
between experimental acquisitions. Although the measured values for the focal length (F)
and the radius of rotation (d) varied from experiment to experiment, one key result
showed that the actual magnification factor (F/d) was consistently higher than the value
given by the nominal geometry (Fig. 3.12). This error in magnification affected the

measurement of size in the reconstructed images, such that objects appeared larger in the

80



reconstructed images than the actually were. This error may be in part due to the depth of
interaction which could increase the effective focal length by up to 6 mm (the thickness
of the crystal), accounting for approximately half of the difference between the measured
and nominal magnification factor.

The calibration process also found that the measured values (Table 3.4) of the twist
(@and tilt (w) are not significantly different than zero. In addition, the measured values
of the twist and tilt introduced small displacements in the pixel locations of 0.1 mm and
0.05 mm at the edges of the detector, which are significantly smaller than a pixel width.
We therefore do not anticipate that the measured values of the twist and tilt obtained from
the scanner would affect image quality to any appreciable degree.

Table 3.4: Results of X-SPECT geometric calibration

Parameter Full Fitting Limited Fitting Expected Value
Focal Length, F (mm) 94.115.0 94.915.0 90
Mechanical shift, m (mm) 0.8%1.6 0.55 10.10 0
Electrical shift, e, (mm) -1.845.5 0.55 10.10 0
Electrical shift, e, (mm) 0.1+7.6 - 0
Tilt, ¢ (degrees) -0.051+0.30 - 0
Twist, y (degrees) -0.1+4.0 - 0
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Fig. 3.12: Plot of measured magnification (F/b) versus the nominal value. The results
show that the actual magnification is consistently larger than the nominal magnification.
The measured magnification is related to the nominal magnification by the equation
y=1.18x-0.07.

We found that the electrical shifts and the mechanical shift were difficult to estimate
reproducibly using the full fitting algorithm. According to Beque, et al., there is a strong
correlation between e, and m, which would explain the difficulty in reliably fitting these
values [2]. In other words, a change in the u-axis electrical shift (e,) affects the measured
data in a manner very similar to a change in the mechanical shift (), making it difficult
to separate the contribution of these two parameters to the measured data. Additionally,
the values of e, seem to be closely linked to the position estimates of the source. This
also results in high variability in the estimates for the z position of the point source
locations and in the value for e,. As was the case with the mechanical shift and the u-axis
electrical shift, changes in the z-position of the point source affect the measured data in a
manner very similar to changes in the v-axis electrical shift.

As mentioned earlier, the measured values of the tilt ¢ and twisty were not

significantly different from 0, and that the value of the electrical shift e, is closely
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correlated with the mechanical shift m. We therefore applied a limited fitting algorithm
which, as described above, assumed that the tilt and twist were negligible (i.e., ¢ = v =
0), and that the electrical shift equaled the mechanical shift (i.e, e, = m). As mentioned
previously, setting the electrical shift (e,) equal to the mechanical shift represents a lateral
displacement of the center of the gamma camera from the axis of rotation. The twist and
tilt were ignored to reflect the small magnitude of these parameters obtained from the
results of the prior measurements.

With the full fitting algorithm, the average deviation between the estimated and
measured point source location in the projection images was 1.75 mm. Using the limited
fitting algorithm, this error only increased to 1.94 mm, which still is less than the width
of a single pixel. Therefore, we can conclude that the limited fit gives results that are, for
all practical purposes, equivalent to the results from full fitting (Fig. 3.13). Thus, it is
possible to obtain high quality reconstructed images from the X-SPECT data by using 3,
rather than 6, parameters to calculate the imaging geometry. This allows the use of the
limited-fit algorithm for geometric calibration, which gives more repeatable results, and
also reduces the number of parameters needed to model the imaging geometry in the

reconstruction algorithm.
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Fig. 3.13: Plot of the measured and estimated projection location for three point sources over 64
projection angles. This figure demonstrates that the limited fitting provides an excellent fit for
the projection data.

3.3.2.3. Effect of geometric calibration on image scaling

Having full knowledge of the imaging geometry is necessary to accurately reconstruct
SPECT data. In the previous section, we found that the measured magnification (focal
length divided by radius of rotation) was consistently larger than the nominal value.
Although this error did not cause obvious artifacts in the reconstructed images, it did
result in reconstructed images that consistently appeared to be larger than their actual
values. The deviation in the magnification value described above appears to result from a
combination of a radius of rotation value (d) that is less than the nominal value reported
from the scanner and an effective focal length that is longer than the nominal detector
focal length. Part of this error may be accounted for by the depth of interaction effect,
and the remaining error is most likely a systematic error in the design or calibration of the

system.
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In order to verify that the measured magnification was correct, we used the geometric
parameters obtained using one set of point sources to reconstruct the projection data
obtained during a second geometric calibration scan. We also reconstructed the
projection data obtained during the second scan using the nominal values for the scanner
geometry. Using the nominal scanner geometry, we found that the distances between
points were overestimated. Linear least-squares fitting was performed on the data, and

yielded the relationship y =1.14x - 0.4 for uncorrected data, where y is the measured

distance between two points in the reconstructed image in mm, and x is actual distance
between the points (also in mm). By changing the radius of rotation to obtain the correct
magnification according to the results shown in Fig. 3.12, the correct distances were
measured in the reconstructed SPECT images, as shown in Figure 3.14 below. A linear

least-squares fit for the corrected data yields the relationship y=1.01x-0.3 ,

demonstrating that the distances in the reconstructed image are correct.
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3.4. Conclusion

Accurate knowledge of the geometric parameters of the imaging system is a

prerequisite for properly reconstructed images. Because of the high spatial resolution

required for small animal imaging, it is necessary to know these parameters to a high

degree of accuracy. A method to determine these parameters from projection data was

implemented, tested with simulated data, and then applied to the X-SPECT scanner. This

allowed us to obtain accurate estimates of the geometric parameters needed to accurately

reconstruct SPECT data.
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Chapter 4: Improved SPECT Reconstruction
4.1. Overview

The design of the algorithm used to reconstruct tomographic data obviously affects
the quality of the resulting image. Historically, tomographic images from x-ray CT,
SPECT, and PET have been reconstructed using analytic methods such as filtered
backprojection. Over the past decade, statistically based iterative reconstruction
algorithms such as maximum likelihood expectation maximization (ML-EM) and ordered
subsets — expectation maximization (OS-EM) increasingly have been used to reconstruct
radionuclide tomographic data from both SPECT and PET in clinical settings, and
represent a major improvement over analytical reconstruction algorithms. Unlike
analytic methods, ML-EM and OS-EM reconstruction algorithms inherently account for
the Poisson statistics of the radionuclide data, and also can be designed to compensate the
reconstructed data for physical effects such as photon attenuation and scattered radiation.
The iterative reconstruction algorithm begins with an initial estimate of the radionuclide
distribution (typically assumed to be uniform), from which the algorithm models the
imaging process to estimate the projection data. The estimated projection data then are
compared with the experimentally measured projection data to derive a correction term,
which is used to update and derive a new estimate of the radionuclide distribution (Fig.
4.1), which then can be used to calculate a new estimate of the projection data. This
process is repeated iteratively until the algorithm reaches a predetermined criteria (e.g.,
number of iterations, mean-squared error between the estimated and measured projection
data) to obtain the final result, which is a tomographic image representing the

radionuclide distribution within the object being imaged.
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Fig. 4.1: Overview of the iterative reconstruction process. The general scheme in
iterative reconstruction involves a model of the imaging process, and a comparison
between the estimated projection data with the measured projection data. The results of
the comparison are used to update the estimate of the radionuclide (RN) distribution, and
the process is repeated until the stopping criterion (e.g., number of iterations) has been
satisfied.

1

The quality and accuracy of the reconstructed image depends on the how accurately
the reconstruction algorithm models the physics of the imaging process, as well as other
factors such as the angular and spatial sampling of the object during the acquisition
process. For example, a common artifact in SPECT imaging results from the attenuation
of emitted photons in the object, since simple algorithms assume that the photons emerge
without any absorption or scatter. This causes decreased image intensity at the center of
the object relative to the periphery. However, by modeling the physical process of
photon attenuation in the reconstruction algorithm, this artifact can be reduced or
eliminated in the reconstructed image.

As mentioned previously, accurately modeling the physics of the imaging process is

an important component of the ML-EM and OS-EM algorithms. This mathematical
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model is performed in the forward projector, or simply the projector (see Fig. 4.1), and is

mathematically expressed using the following equation:

Wd) =3 p(b,d)A(b) @.1)

b=l
The value y(d) formally represents the number of events recorded (e.g., units of counts) at
detector position d. Similarly, A(b) formally represents the concentration of radioactivity
(e.g., units of MBg/cm®) at image voxel location b. (For simplicity, we simply will call
A(b) the “activity” at voxel b.) Finally, N is the number of voxels in the image, and
p(b,d) represents the probability that a photon emitted from voxel b is detected at detector
position d. The backprojection operation is used in revising the image estimate, and can
be thought of as a smearing of each measured detector value y(d) back into the voxels
which contributed to the measurement in that detector location. It is expressed using the

equation:
N,
z(b)=§p(b,d)y<d) (4.2)

where A(B) is the value of voxel b, y(d) is the value to be backprojected from detector
position d, N, is the number of detector positions, and p(b,d) is the same as in Eq. 4.1. As
before, the detector values y(d) formally are expressed in units of counts, where the voxel

values A() formally are expressed in units of MBq/cm3 . (However, in practice both y(d)

and A(b) are unitless and simply represent variables that are proportional to the physical
units described above.) In the ML-EM and OS-EM reconstruction algorithms described
by Fig. 4.1, the backprojected quantity is the ratio of the measured counts to the expected
number counts calculated using the forward project. The resulting value is then used to

update the image estimate.
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The projection and backprojection processes are usually implemented in one of two
manners that can be described as being either “voxel-driven” or “ray-driven”. In voxel-
driven methods, the algorithm loops sequentially through the voxels in the radionuclide
distribution (i.e., the image), and adds the contribution of each voxel to the estimated
projection data recorded by the detector elements. In the ray-driven technique, the
algorithm performs a projection or backprojection through the image matrix along rays
that simulate the “view” of that detector element. In the projection process, the algorithm
samples the image matrix along each ray, and changes the output value of the detector
element accordingly. In the backprojection process, the algorithm adjusts the image
voxels along each ray according to the value of the detector element. We have
implemented a version of the ordered-subset | expectation-maximization (OS-EM)
reconstruction algorithm using the C programming language.  Our specific
implementation uses a ray-driven projector/backprojector [1, 2]. In this project, we
implemented the reconstruction algorithm using a projector/backprojector pair that made
it relatively straightforward to include attenuation correction and collimator response. In
this chapter, we describe our implementation of a reconstruction algorithm that includes
models for several physical effects that degrade SPECT images: photon attenuation,
depth dependent collimator response, and photon scatter.

4.2. Photon attenuation

Ideally, radionuclide measurements with biomedical imaging would produce
tomograms that accurately represent the radionuclide distribution within the body of the
animal or patient being imaged. However, in reality, the source generally is distributed
within the body and surrounded by tissues of different chemical composition (e.g., fat vs.

bone vs. lean soft tissue) and different physical densities (e.g., bone vs. muscle vs. lung).
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As a result, the photons emerging from the radioactivity distribution are absorbed by the
surrounding tissue. As photons pass through matter, they can interact with the atoms in
several different ways, which for the photon energies encountered in SPECT are
dominated by absorption through photoelectric interactions, or scattering through
Compton interactions [3]. Rayleigh scattering also can be significant at lower photon
energies, whereas pair production becomes increasingly important for photon energies
above 1.02 MeV. As a result, both the number and the spatial distribution of photons
detected by the gamma camera are dependent on the radioactivity distribution as well as
the distribution and type of tissue, which decreases and modulates the voxel values in the
reconstructed images.

Because the amount of attenuation depends on the type and thickness of the material
that the photons traverse prior to detection, one might expect photon attenuation to be
negligible at the smaller length scales encountered in small animal imaging, especially in
comparison to human imaging. However, photon attenuation nevertheless can be
important for small animal imaging in several ways. First, small animal imaging can be
performed with iodine-125 which is a useful radiolabel due to its low cost, long half-life,
ready availability, and versatility due to the relative ease of labeling organic compounds
with iodine [4]. It also serves as a useful, low-cost substitute for iodine-123 for
preliminary studies of new imaging agents in mice and rats [5, 6]. However, iodine-125
emits low energy photons (~27.5 keV) that are unsuitable for imaging humans, and that
will be more strongly attenuated than photons from radionuclides such as technetium-
99m (140 keV) and iodine-123 (159 keV) commonly used for human imaging.
Additionally, small animal imaging is usually performed as part of a scientific study, in

contrast to the clinical applications of nuclear medicine in humans. Thus, there is a
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greater emphasis on quantitative accuracy in small animal imaging, and less reliance on
qualitative or visual interpretation. Finally, small animal images often are interpreted by
biologists, who may not be as familiar with image artifacts caused by photon attenuation.
For all of these reasons, it is desirable to correct for the effects of photon attenuation in
small animal radionuclide imaging.

The methods proposed for attenuation correction for SPECT can be divided into two
classes. The first class of algorithms consists of those that do not use an external source
of information about the attenuation distribution. These algorithms generally assume
uniform attenuation, such as the commonly used Chang technique [7], or simultaneously
estimate the attenuation and radionuclide distributions based on the radionuclide emission
data [8]. However, these intrinsic methods either can produce inaccurate results, or are
difficult to implement. For this reason, we will focus on the second class of attenuation
correction algorithms that derive spatially-dependent attenuation information about the
object from some form of anatomical imaging, such as transmission scans using an
external radionuclide source, magnetic resonance imaging, or x-ray CT scans of the
object [9-12].

4.2.1. Materials and methods

Extrinsic correction methods for photon attenuation require that the attenuation
properties be determined and then incorporated into an iterative tomographic algorithm to
compensate for the effects of photon attenuation on reconstructed images. The most
direct way to obtain this photon attenuation information is to perform tomographic
measurements of the object with an external radionuclide or x-ray source. The resulting
transmission projection data then can be reconstructed to produce tomograms, or

“attenuation maps”, where the image values represent the linear attenuation coefficients
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at each point within the object. The first implementation of attenuation correction
algorithms used attenuation maps that were produced with radionuclide transmission
sources. However, the advent of dual-modality imaging in SPECT and PET, including
the SPECT-CT system used in this project, provides a ready method for generating object
specific attenuation maps using x-ray CT. While the x-ray CT image is a measure of the
attenuation properties of the object being imaged, the values in the reconstructed image
are not necessarily equal to the actual linear attenuation coefficients within the object,
primarily because the x-ray CT data usually are recorded with a polyenergetic spectrum
with photon energies that 4are not equivalent to the energy of the monoenergetic photon
recorded in the radionuclide emission data. In addition, CT images generally are
recorded in “Hounsfield units” (HU), which scale the resulting image values from a value
of -1000 HU for air to 0 HU for water. On this scale, bone produces values generally in
the range of 1000-2000 HU, depending on its physical density. As a result, the x-ray CT
images must be calibrated so that they can be used as an attenuation map for the photon
energies of the radionuclide being imaged with SPECT. As demonstrated in human
imaging [10], this calibration can be performed by deriving a calibration curve to rescale
the CT image so that the voxel values in the CT image are equal to the linear attenuation
coefficient values for the photon emitted by the radionuclide.

We therefore developed a technique, similar to the one used in clinical imaging,
which generates this calibration curve by acquiring microCT scans of a calibration
phantom containing materials of known composition. The voxel values in the CT image
of the calibration phantom then were correlated with the linear attenuation coefficient of
the corresponding materials at the radionuclide photon energy. The resulting correlation

curve then could then be used to rescale CT images on a voxel-by-voxel basis to
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represent linear attenuation coefficient values, which were incorporated into the iterative
SPECT reconstruction algorithm and used for attenuation correction of the SPECT data.
4.2.1.1. CT calibration phantoms

For the purpose of calibrating the CT data to obtain quantitatively accurate
attenuation maps, two different phantoms were designed and fabricated. The first
phantom used liquid calibration materials, and the second phantom was designed to use
solid calibration materials. The liquid phantom is advantageous in that it can be used
with a variety of easily available materials, whereas the solid phantom has the advantage
of being easier to fabricate and being chemically and mechanically more stable.

The first (liquid) phantom was designed and fabricated in the form of an outer
cylindrical tube (diameter = 3.2 cm) containing three smaller tubes (inner diameter = 0.6
cm) filled with various calibration fluids (Fig. 4.2). The outer cylinder was filled with
water in order to simulate beam hardening caused by the animal torso. In this project, the
size and shape of the phantom were chosen to approximate the torso of an adult rat, but
also could be designed to represent the geometry of the mouse torso. The calibration
materials included water, air, and potassium phosphate dibasic (K;HPO,) solutions.
K;HPO, is used to simulate bone, and is commonly used in imaging studies of bone
mineral density [13]. In our experiments, the concentration of K;HPO, solutions varied
over physiological-relevant levels from 50 mg/mL to 200 mg/mL. Additionally, 1-
octanol and ethanol were used to simulate fat because they, like fat, contain primarily
carbon and hydrogen, and are less dense and have a lower oxygen concentration (i.e.,
lower effective atomic number) than water.

The second CT calibration phantom was constructed entirely of solid plastic materials

(Fig. 4.3). It consists of a polystyrene cylinder (diameter = 3.8 cm) containing 5 smaller
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rods (diameter = 0.6 cm) of various proprietary materials supplied by Mindways
Software Inc. (San Francisco, CA), a company that specializes in bone densitometry and
body-composition measurements using x-ray CT [14]. The attenuation characteristics of
each material are expressed in terms of equivalent amounts of water and K;HPO4 (Table
4.1). The phantom was also imaged with rods removed in order to measure the CT image

values for air, to provide another data point for the calibration.

3.]7Cm-—L——~- -t

Bubble trap

Fig. 4.2: CT calibration phantom designed for use with liquid materials. The phantom
was designed with an outer cylinder that holds three smaller tubes that can be filled with
liquid calibration materials.

Fig. 4.3: CT calibration phantom with solid calibration materials. The outer cylinder is a
polystyrene rod 3.8 cm in diameter. The inner rods have diameter of 0.6 cm.
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Table 4.1: Attenuation characteristics of the materials used in the solid CT calibration
phantom expressed in terms of equivalent density of water and K;HPO4

A 1012+2 -51.840.1
B 1056+2 -53.420.1
c 11042 58.9+0.1

D 1120+2 157.1£0.3
E 92342 375.8£0.9

4.2.1.2. CT data acquisition and analysis

In order to generate tomograms of the CT calibration phantoms, they were scanned at
256 projections over 360 degrees, using a technique of 50 kVp and 0.6 mA. When the
solid calibration phantom was used, a plastic bottle containing water (diameter = 3.8 cm)
was placed on animal bed directly adjacent to the phantom during the scan in order to
provide an additional calibration measurement. The projection data were reconstructed
using the software supplied with the X-SPECT scanner, as described in Chapter 2, and
then were rebinned to a (256)° format. The first step of the calibration process was to
extract CT image values from manually defined volumes of interest (VOIs) in each image
corresponding to the location of the individual calibration materials. In addition, a VOI
was defined in a region containing water to obtain the average voxel value for water. The
CT image values then were converted to Hounsfield units (HU) using the following
equation:

1

HU =1000x(——-1) (4.3)

water
where I is the image intensity of a given voxel, and I,.q., is the image intensity associated
with water. The data were then fit to a piece-wise linear curve of the form described in

Eq. 4.4 using a least squares fit:

96



p=m -HU +b HU

<0
y=my-HU +b,HU 2 0 (4.4)

where HU is the CT image value in Hounsfield units, and u is the predicted linear
attenuation coefficient as a function of photon energy. The piece-wise linear fit was
selected because the materials less dense than water (i.e., voxels with intensity less than 0
HU) are assumed to be composed of a mixture of soft tissue and air which contain
materials with low atomic number (carbon, hydrogen, oxygen, nitrogen), and materials
denser than water (i.e., voxels with intensity greater than 0 HU) are assumed to be a
mixture of soft tissue and bone, which contain materials with higher atomic number (2),
specifically calcium(Z=20) and phosphorous (Z=15). Because the linear attenuation
coefficient is a function of atomic number, two different parameters (m; and m;) are
needed to derive the calibration curve [15]. However, the value of the intercept b were
forced to be identical in the two equations (Eq. 4.4), so that the curves matched for water
(i.e., when HU = 0).

Theoretically, the calibration curves should depend on the energy of the x-ray beam,
and therefore the x-ray tube potential, used to collect the calibration data, but should be
relatively independent of the x-ray tube current. These effects were measured by
acquiring data using the solid phantom with different x-ray tube settings. The calibration
curve for each x-ray setting then was generated using the procedure described above.
The calibration curves then were compared to assess the effect of tube potential and
current in generating the calibration curve.
4.2.1.3. Procedure for generating attenuation map

The process to produce an attenuation map required that the voxel values in the CT
image first be converted to values of the linear attenuation coefficient at the radionuclide

photon energy. The resulting attenuation map then was registered geometrically with the
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coordinates of the SPECT image space, and finally was reformatted to match the matrix
dimensions of the SPECT image. This was done using a simple procedure that involved
several steps. CT data were first reconstructed, and then rebinned to a (256)° matrix
format to reduce noise and to reduce the amount of digital data that needed to be
processed. The voxel values were rescaled to Hounsfield units on a voxel-by-voxel basis,
and converted to values of linear attenuation coefficient using the calibration curve
described above. The resulting attenuation map then was coregistered with the SPECT
image space as discussed in the previous chapter. The attenuation map was low-pass
filtered in order to prevent aliasing during the downsampling process using two

applications of the following 3x3x3 kernel:

| 1 2 1 1 2 1 . 1 21
—(2 4 2 L 2 4 2] —|2 4 2 4.5)
32 64
1 2 1 1 2 1 1 2 1

where each submatrix listed above represents one plane of the kernel. The smoothed
image then was downsampled in order to match the SPECT matrix format, yielding the
final attenuation map used in the attenuation correction algorithm.
4.2.1.4. SPECT measurement

In order to demonstrate the effect of attenuation correction on reconstructed SPECT
images, SPECT data were acquired of a cylindrical phantom (diameter = 3.8 cm) filled

with water containing approximately 25 MBq of '*°I

-Nal. The phantom was placed in
the SPECT-CT system, and SPECT data acquired with a total of 64 projections over 360°
for 60 seconds/projection using the 2 mm pinhole collimator. Following SPECT
acquisition, an x-ray CT scan was performed, and the resulting CT data were

reconstructed and processed as described above to create an attenuation map. The

SPECT data were reconstructed using an OS-EM algorithm both with and without
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attenuation correction. A line profile was drawn through the reconstructed image, in
order to determine if attenuation correction compensated for the decreased intensity at the
center of the image caused by photon attenuation.

4.2.2. Results
4.2.2.1. CT image calibration results

The results for the CT image calibration are summarized in Table 4.2 and Table 4.3,
and in Figures 4.4 through 4.7. The CT imaging values (in Hounsfield units) for the
various calibration materials are shown in Table 4.2, and the CT calibration curves are
shown in Fig. 4.4 and Fig. 4.5 for technetium-99m and iodine-125, respectively. The
results of the least squares fitting are summarized in Table 4.3. These results show the
relationship between the CT image values and the linear attenuation coefficient for
SPECT (technetium-99m and iodine-125) photons, and show good correspondence with
the piece-wise linear model used to approximate the energy-dependence of the linear
attenuation coefficients of the calibration materials used in this study. In addition, the
calibration curves obtained from the liquid and solid phantoms are in good agreement
with one another.

Table 4.2: CT image values for various calibration materials

Material CT image value (HU)
Solid A -31016
Solid B -256+13
Solid C 37611
Solid D 899+30
Solid E 1710136
Air -908+24
50 mg/mL K,HPO, 182146
100 mg/mL K,HPO, 403124
200 mg/mL K,HPO, 836131
60% ethanol -206£36
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Table 4.3: Calibration results

Slope Intercept Slope
(HU<0) (HU>0)
Tc-99m, liquid phantom 1.62x10* 0.154 2.87x10%
Tc-99m, solid phantom 1.16x10™ 0.154 3.34x10°
1-125, liquid phantom 4.85x10™ 0.43 5.84x10™
I-125, solid phantom 4.45x10" 0.43 5.22x10*
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Fig. 4.4: Plot of the linear attenuation coefficient at 140 keV as a function of image
intensity for both the liquid and solid phantoms.
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Fig. 4.5: Plot of the linear attenuation coefficient at 27.5 keV vs. HU for the liquid and
solid phantoms.
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The effect of changing the tube voltage on the reconstructed CT image values is
shown in Fig. 4.6. In this figure, the CT image intensity (HU) is the dependent variable
and is plotted as a function of the linear attenuation of the various calibration materials at
27.5 keV. The results show that changing the voltage will change the relationship
between the measured CT values (HU) and the linear attenuation coefficient (u) of the
material, although the change is slight when changing the tube potential from 40 kVp to
50kVp. Moreover, as expected, the slope of the curve decreases with increasing x-ray
potential, corresponding to the lower radiographic contrast obtained at higher photon
energies. Finally, as expected, changing the x-ray tube current has no measurable effect
on the slope and intercept of the calibration curve, as shown in Fig. 4.7, which plots the
image intensity in units of Hounsfield units for different values of tube current as a
function of the different calibration materials, as represented by their linear attenuation

coefficients at 27.5 keV.
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Fig. 4.6: Plot of image intensity as a function of the material linear attenuation
coefficient. Data were obtained by imaging the solid calibration phantom at various x-
ray tube voltages. The x-ray tube current was held constant at 0.7 mA.
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Fig. 4.7: Plot of the image intensity as a function of the material linear attenuation
coefficient. Data were acquired using the solid calibration phantom and various values
for the x-ray tube current. The tube voltage was held constant at 50 kVp.

4.2.2.2. SPECT measurements

The SPECT data from a uniform phantom were reconstructed first with no
attenuation correction, and then with attenuation correction. As expected, the SPECT
images obtained without attenuation correction are reconstructed with a characteristic
“cupping artifact” in the center of the image (Fig. 4.8). In comparison, the SPECT data
reconstructed with attenuation correction demonstrates that attenuation correction
effectively compensates for the cupping artifact resulting from photon attenuation. This
is shown by Fig. 4.9 below, where the SPECT image reconstructed with attenuation
correction does not have decreased image intensity in the center, and more accurately
represents the known uniform radionuclide concentration in the cylindrical phantom.
This result gives us confidence that the algorithm is correcting for the effect of photon

attenuation.
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Fig. 4.8: This axial slice through a cylindrical uniform phantom filled with water and
'2[_Nal illustrates the cupping artifact associated with photon attenuation.

Fig. 4.9:
reconstructed with attenuation correction. A line profile drawn through the center of the
image shows that there is no decrease in image intensity in the center of the image (i.e.,
the cupping artifact due to photon attenuation has been removed). This demonstrates that
photon attenuation correction corrects for the cupping artifact caused by photon

attenuation shown in Fig. 4.8.

4.2.3. Discussion
4.2.3.1. CT calibration results
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SPECT images of a uniform cylinder filled with water and '*I-Nal

As shown in Fig. 4.7, the CT calibration results were found to be a function of the x-

ray tube voltage setting. Therefore, a particular CT calibration is valid for a specific x-

ray tube voltage setting, and will not be valid if the voltage is changed, or if the beam
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filtration is modified. In addition, the calibration should be repeated routinely as an x-ray
tube ages, since tungsten from the anode can vaporize and plate onto the output port of
the tube, thereby increasing the intrinsic filtration and hardening the beam. Also, as
expected, the CT calibration was found to be independent of the x-ray tube current (Fig.
4.6) because this parameter does not affect the output spectrum of the x-ray tube.
Therefore, the x-ray tube current can be varied to either increase image quality or
decrease radiation dose without any effect on the calibration of the attenuation map.

The CT calibration curve (Fig. 4.5) for iodine-125 shows a linear, rather than a piece-
wise linear calibration curve for the linear attenuation coefficient (u) as a function of
calibration material (represented by its CT image value in HU). This indicates that the
effective photon energy of the x-ray tube when operated at 50 kVp is almost identical to
that of the average photon energy of iodine-125.
4.2.3.2. Comparison of phantoms

The solid and liquid phantoms produced similar calibration curves (Fig. 4.5) for
radionuclide imaging of iodine-125. However, there is some deviation between
calibration curves produced from the phantoms for higher energy radionuclides such as
technetium-99m (Fig. 4.4), particularly for calibration materials less dense than water.
This difference is due to the fact that all the solid materials, including those less
attenuating than water, were described using water and K,HPO, as basis materials,
because the materials were originally intended for calibrating measurements of bone
density. Conversely, the liquid calibration materials less dense than water only contained
low Z materials (e.g., carbon, hydrogen, oxygen). In creating the attenuation map, we

assume that materials less dense than water (i.e., density less than 0 HU) are composed of

104



mixtures of fat, soft tissue, and air. Therefore, calibration curve generated using the solid
phantom should be applied only to areas with density greater than water.
4.2.3.3. Beam hardening

The generation of the attenuation map depends on consistent CT reconstructions of
the calibration phantom, as well as of the object being imaged. For this reason, care must
be taken so that the CT images produced with the SPECT-CT system are relatively free
of artifacts and errors. In this process, x-ray beam hardening is an important and well
known phenomenon in which the x-ray spectrum changes as the x-ray beam passes
through an object. The lower energy photons are preferentially absorbed, such that the
average photon energy increases. For objects imaged with CT, beam hardening can
cause a decrease in the observed attenuation values in the center of the CT image (Fig.
4.10). The effect of beam hardening can also be seen in this study in the CT image value
of air when it is measured from a VOI within the phantom, which is about -900 HU (Fig.
4.5), instead of the value of -1000 HU, which is the image value measured for air outside
the phantom.

Beam hardening has two effects on the attenuation map. The first effect is that the
linear attenuation coefficient near the center of the object being imaged will be
underestimated relative to the values at the edge. In the image of a water filled cylinder
(diameter = 5 cm), the decrease in image intensity in the center of the image is
approximately 10% (Fig. 4.10), which will lead to a corresponding error in the estimation
of the linear attenuation coefficient. The second effect of beam hardening is a size
dependent shift in the calibration curve, leading to a decrease in the apparent linear

attenuation coefficient for larger objects relative to values obtained for small objects.
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Therefore, the amount of beam hardening in the object being imaged should be similar to
the amount of beam hardening in the calibration phantom.

Although we did not correct for beam hardening, the SPECT images produced with
correction by the x-ray derived attenuation maps were relatively uniform and certainly
were improved by the attenuation correction process. However, it would still be
desirable to apply a beam hardening correction [16-18] so that the reconstructed CT
images and attenuation coefficient calibrations will be independent of the variations that

result from changes in object size and associated in beam hardening of the x-ray CT data.
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Fig. 4.10: CT image of a uniform, water filled cylinder (diameter = 5 cm). An axial slice
is shown on the left, a coronal image is shown on the right. These images demonstrate
that there is little systematic variation in CT image intensity across the field of view
except for a slight decrease in image intensity in the center of the cylinder due to beam
hardening.
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4.3. Collimator response

The performance of SPECT imaging systems is strongly influenced by the
characteristics of the collimator, the design of which is a trade-off between the competing
demands of spatial resolution and detection efficiency. A pinhole with a small aperture
will have good spatial resolution, but have poor detection efficiency, resulting in data
having poor photon statistics, requiring long scan times, requiring increased levels of
injected radioactivity, or having some combination of these attributes. Conversely, a
pinhole with a large opening will have high detection sensitivity, reducing statistical
noise in the image and shortening the acquisition time, but the resulting projection data
will be blurred leading to the degradation in the spatial resolution of the reconstructed
image. The loss of spatial resolution can make it difficult to separate small features in the
images, reduce the detectability of abnormalities, and lead to quantitative errors.

In reconstruction algorithms, the pinhole collimator is often modeled as an ideal
pinhole, meaning that all photons pass through an infinitely small aperture. However, the
collimator has an aperture with finite diameter, leading to nonideal behavior. In addition,
photons can pass through the surrounding collimator material (septal penetration) as
illustrated in Fig. 4.11. In addition, the spatial resolution and detection efficiency of the
collimator varies as a function of distance from the pinhole. This nonideal collimator
behavior leads to a loss in spatial resolution, for which various analytical compensation
methods have been proposed [19, 20]. Alternatively, this effect can also be compensated
by incorporating a realistic model of the collimator in an iterative reconstruction
algorithm [21]. This technique also is known as resolution recovery or geometrical

response compensation.
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Fig. 4.11: Ideal (left) and realistic (right) collimator response. The ideal collimator
response treats the pinhole as an infinitely small hole in an infinitely thin material, with
no photons passing through the surrounding material. The realistic pinhole models the
finite size of the pinhole opening, as well as photon penetration through the surrounding
material.

4.3.1. Methods and Materials
4.3.1.1. Modeling collimator response

As described earlier, the reconstruction algorithm models the behavior of the imaging
system in reconstructing the tomographic data. Formally, the mathematical model of the
imaging system is performed when the algorithm estimates the expected projection data
from a prior estimate of the radionuclide distribution, also called the “forward projection”
step. This is in essence a mathematical model of the radionuclide imaging process that
can include physical effects such as photon attenuation, scatter radiation, as well as the
geometrical response of the collimator. Our reconstruction algorithm includes a ray-
driven “projection” process in which the collimator response was modeled by defining
multiple rays (rather than a single ray) from each detector pixel directed through the
object (i.e., image space), and in which the orientation and weighting of the rays are
selected so as to accurately model the geometrical effect of the collimator on the imaging
process. Each ray was defined by two points, a starting point on the detector, and one of
n* possible intermediate point selected from a nxn grid surrounding the pinhole aperture

(Fig. 4.12(left)), where the maximum value of n was determined by a number of different
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factors, including the amount of computer memory available, and the minimum value
was determined by the sampling requirement that the rays not miss any voxels. In
practice, we used values of n from 12 to 16. The extent of the grid was determined by the
pinhole aperture geometry, the photon energy, and the photon attenuation characteristics
of the pinhole. Specifically, the maximum lateral extent of the grid is limited to the point
where the transmission of photons through the collimator along a line parallel to the
pinhole axis is 1%. In this configuration, some of the rays pass directly through the
aperture and are not attenuated while other rays pass through and penetrate the material
surrounding the aperture and must be weighted to account for attenuation introduced by

the collimator material.

Zl

start

Detector pixels

Fig. 4.12: (left): Multiple rays are drawn for each detector pixel, with each ray starting
on the detector surface and passing through an intermediate point (r;.nq) selected from a
grid surrounding the pinhole aperture. (right): The starting point in the pixel and
weighting factor for each ray are calculated by sampling multiple starting positions
(rj.san) covering the area of the detector pixel. These values are averaged to yield one ray
per pixel for each ray intermediate point.
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We applied a weight to each ray shown in Fig. 4.12(left) that accounted for shading
and partial attenuaﬁon the pinhole collimator. This weighting factor was determined first
by defining a grid on the detector pixel of origin, to account for the finite size of that
pixel, then by defining a set of multiple “raylets” from each point on the grid to a specific
point on the grid around the pinhole as shown in Fig. 4.12 (right). The weighting factor

for the ray was calculated by averaging the transmission of the raylets through the
pinhole and surrounding material. We can define 7; as the transmission of the i" raylet
through the pinhole aperture (i.e., 7; = 1 if the raylet passes unattenuated through the
pinhole, and 0<7;<1 if the “raylet” partially or fully intercepts the material surrounding
the aperture). The weighting factor W(r;san to r;cnq) for a specific ray from 7; s t0 Ficna
shown in Fig. 4.12(right) was then calculated as:

T, cosyj

W(r: start ? lend = _Z (46)

M i j
where the index j accounts for the raylets, and M represents the total number of raylets
for each ray. Finally, y; is the angle between the ;" raylet and the pixel surface, and a,
represents the distance between the center of the detector and the center of the pixel

shown in Fig. 4.12(left), while a; represents the distance between the pixel and the grid

for the j* raylet. The term all af adjusts the ray weighting for detector pixels away from

the center of the detector, to compensate for the longer pixel to pinhole distance which

effectively reduced the solid angle subtended by each ray. The term cosy; accounts for

the angle with which the ray leaves the pixel surface. The starting location of the i ray

( i VainZ “) from the pixel was calculated by taking the weighted average of the

possible starting locations in the y' and z’ directions (Fig. 4.13), where the prime symbol
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indicates that the positions have been rotated about the z-axis to account for the

projection angle. The value of y, , is given by the following equation:

Z W(rj.slart ’ ri,end )y'j,slarl
V=" 4.7)

Z _1 start ’ i.end )

where the index j loops over the possible starting locations in the detector pixel with W
used to calculate ray weight given two points on the ray as shown in Fig. 4.12(left). As

shown in Fig. 4.12(right), r is the /™ starting position of the ray sampled in the pixel,

> % j.sart

1,

;... s the pre-selected end location of the ray, and ', ,,, is the y' component of r

j start *
The x' position of rjsaq is assumed to be on the detector face, and the x' position of rjend

is at the center of the pinhole. The value of z, ; is calculated in the same way:

Z W( J.start ’ iend )z'j,slarl
z, .= (4.8)

.\‘.l m
Z _/ start ? r end )

The calculations in Eq. 4.6 through Eq. 4.8 effectively integrate the raylet weights over
the surface of each detector pixel to account for the effect of finite pixel size, and then

bas the ray starting position on the weighted average of the result.
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Fig. 4.13: The definition of the coordinate system used in the reconstruction algorithm is
shown in this figure. The (x',)',2') coordinates are defined by rotation about the z-axis

by the projection angle. In the left figure, the x'-axis extends into the page, and is
orthogonal to the plane of the detector. In the drawing on the right, the y’-axis extends
into the page.

Once the starting point of the ray was determined, the ray was then propagated
through the image matrix (i.e., the object) to mimic the image acquisition process, with
information about the ray path through the image matrix stored in computer memory for
later use. The process repeated for the other rays and detector pixels, as shown in the
flow chart in Fig. 4.14. After the ray paths and weights have been determined, the
projection images can be determined by following the rays through the image matrix to
numerically calculate the line integral along each ray. The same rays can also be used for
backprojection. Details about the projection and backprojection processes can be found

in Appendices 2 and 3.
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Fig. 4.14: Flow chart describing the process for determining the two points which define
the path of a ray.

4.3.1.2. Monte Carlo simulations

In order to test and evaluate the reconstruction algorithm described in the previous
section, we generated radionuclide projection data using Monte Carlo simulation. In
particular, Monte Carlo simulations are useful because they can be used to model
stochastic processes such as photon absorption and scatter in the object, collimator, and
detector, and allow precise and repeatable control of source geometry and location, which
is otherwise difficult given the small length scales encountered in small animal imaging.
In addition, simulations can model useful ideal cases, such as a point source, which can
not be physically created. The Monte Carlo simulations in this thesis were performed
using the GATE software package(Geant4 Application for Tomographic Emission) [22,
23]. This package was created by the OpenGATE collaboration, and is an application

developed for PET and SPECT based on the Geant4 libraries, which are general purpose
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Monte Carlo simulation codes used in a wide variety of physics applications such as high
energy, space and radiation, and nuclear physics. The simulations in this section were
performed to study the collimator response and to verify the accuracy of the ray-tracing
model used in the projector/backprojector.

The Monte Carlo simulation performed with GATE followed photons emitted by the
radionuclide in the object as they passed through the pinhole and are captured by the
detector. Both primary and scattered photons reaching the detector were recorded in
terms of their (x,y) locations on the detector as well as their individual energies. The
simulations used a simplified model of the X-SPECT imaging geometry (Fig. 4.15). The
pinhole aperture was accurately modeled in terms of the dimensions and angles used to
construct the “keel-edge” pinhole aperture (Fig. 4.15); however, the collimator “cone”
used to support the pinhole in front of the detector was replaced with a tungsten disk
positioned in space in front of the detector to simplify the simulation geometry. The
distance from the front surface of the detector to the center of the pinhole was 9 cm to
mimic the pinhole-detector distance on the X-SPECT system. The detector was modeled
as a single, rectangular crystal of Nal(Tl), with dimensions of 12.5x12.5 cm and a
thickness of 6 mm, surrounded on the sides by a rectangular lead shield. The “energy
blurring module” in GATE was used to add realistic energy resolution to the data, and the
simulated projection data were recorded in a 54x54 matrix that modeled the pixelation of

the detector in the X-SPECT system. The energy resolution of the simulated system was
based on the value of 11.3+1.4 %FWHM at 140 keV published by the manufacturer [24].

The energy resolution was adjusted appropriately for the different isotopes by scaling the

energy resolution at 140 keV by 1’ 140;(eV , Where E is the photon energy in keV. This
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correction assumes that the energy resolution is proportion to the standard deviation of
the Poisson-distributed number of scintillation photons produced by each gamma ray

captured by the detector, that in turn is proportion to the energy E of the captured gamma

ray. .
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Fig. 4.15: The left figure shows a detailed view of the pinhole aperture, and corresponds
to the area in the dashed box in the right hand image, which shows the simplified
geometry used for the Monte Carlo simulations. The values for the various dimensions
of the pinhole aperture are given in Table 4.4.

Table 4.4: Pinhole aperture dimensions

1 mm aperture, low 2 mm aperture, low 2 mm aperture,

energy energy medium energy
Pinhole thickness 6.4 mm 6.4 mm 23 mm
Pinhole diameter 1 mm 2 mm 2 mm
Keel length 0.8 mm 1.8 mm 1.8 mm
Cone angle 90° 90° 90°
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4.3.1.3. Testing of the projector

The behavior of the projector was characterized using numerical phantoms consisting
of a source placed in different locations. A “point” source was modeled as a small cube,
with dimensions of 0.7x0.7x0.7 mm® (2x2x2 voxels). The first step was to measure the

sensitivity as a function of distance from 3-6 cm between the point source and the pinhole
aperture. The second test measured the relative sensitivity of the collimator, expressed in
terms of the relative intensity in the projection image as a function of angle, for a
simulated point source placed at difference lateral positions across the field of view.
Finally, the point spread functions for sources at different locations and calculated using
the ray-driven projector (Section 4.3.2.1) were compared with results generated with
Monte Carlo simulations.
4.3.1.4. SPECT measurements

Phantom studies were performed experimentally, and the data were reconstructed to
determine how modeling the collimator response in the reconstruction algorithm affected
the spatial resolution in the resulting tomograms. The spatial resolution measurements
were performed using both a hot rod phantom with rods 1.2-1.6 mm in diameter and an
edge phantom (Chapter 2, Fig. 2.15). The hot rod phantom was filled with *™Tc-
NaTcO4, and then imaged with the X-SPECT scanner using the radionuclide detector
fitted with a pinhole collimator having a 2 mm diameter aperture. Projection data were
acquired at 64 angles over 360°, with approximately 200,000 counts per angular view.
The acquisition was repeated using the 1 mm pinhole aperture using the same parameters,
with only 90,000 counts per angular view, due to the reduced detection efficiency of the
smaller pinhole opening. Data were also acquired using an edge phantom to provide an

independent measure of spatial resolution. The edge phantom was filled with
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approximately 300 MBq of 99mT¢-NaTcOs, and then scanned with both 1 mm and 2 mm
pinholes using a nominal radius of rotation of 4.0 cm. A total of 64 projections over 360°
(40 s/projection) were acquired using each pinhole. Data from both phantoms were
reconstructed using an OS-EM algorithm with corrections for collimator response as
described in Section 4.3.2.1. For comparison, data were also reconstructed using an OS-
EM algorithm that modeled the collimator as an ideal pinhole, and the resulting images
were visually inspected to evaluate the effect of collimator response on the quality of
reconstructed images.

For the edge phantom, spatial resolution was calculated using the procedure described
in Chapter 2. In addition, the image noise was estimated by calculating the standard
deviation of the image voxel values within a 5x5x3 voxel volume of interest in a uniform
region within the image of the edge phantom, and then dividing the standard deviation by
the mean voxel value to yield the relative standard deviation. Results were calculated for
data reconstructed with and without collimator response, and measured for the 1 and 2
mm pinholes.

4.3.2. Results

This section first presents simulation results demonstrating that the projector is
correctly modeling the behavior of the pinhole aperture, and then uses experimental
results to demonstrate the improved image quality obtained when the collimator behavior
is correctly modeled in the reconstruction algorithm.
4.3.2.1. Test of the projector model

From Chapter 2, we know that the geometric sensitivity g of the pinhole collimator is
proportional to I/b%, where b is the distance between the source and the pinhole (Fig.

2.13). In addition, the geometric sensitivity g is proportional to the square of the
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effective diameter (d.4) of the pinhole aperture (Eq. 2.14), and as expressed in Eq. 2.16,
varies in proportion to cos’@, where 6 is the angle between the line normal to the plane
of the pinhole and the ray passing through the point of interest, i.e.,

dl, cos’> @

- (2.16)

g:

We therefore simulated projection data obtained using numerical phantoms and the
forward projector described in Section 4.3.2.1, and compared the characteristics of the
resulting simulations against the theoretical characteristics expressed in Eq. 2.16. We
first calculated the detection sensitivity of the projector model as a function of object-
pinhole distance (b), and fit the data to a function of the form 1/6" (Fig. 4.16), for which
we obtained a value n=2.003, which agrees with the theoretical value of the exponent,
n=2 (Eq. 2.15). This demonstrates the expected inverse square dependence of the
collimator sensitivity as a function of object-pinhole distance. We also plotted the
collimator sensitivity as a function of object angle & (Fig. 4.17) obtained from both the
Monte Carlo simulations and the projector model (Section 4.3.2.1) as well as from the
Monte Carlo simulations (Section 4.3.2.2). In addition, we plotted a curve proportion to
cos’6, as predicted theoretically by Eq. 2.15. The results of the both the Monte Carlo
simulation and the projector model decrease in sensitivity with angle faster than that of an
ideal knife edge pinhole (Eq. 2.15). This is the consistent with the expected result for a
keel edge pinhole, which is designed to minimize septal penetration, and thus optimize
spatial resolution, at the cost of decreased acceptance angle and detection efficiency in

regions lying off the central axis of the pinhole [25, 26].
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Fig. 4.16: Test of sensitivity as a function of distance for the multi-ray projector. A line
fit to the points has the equation of 388 >°®, which demonstrates the expected relation
between the source to pinhole distance r and the geometric sensitivity.
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Fig. 4.17: Projection values as a function of angle. The angular sensitivity falls off

faster than cos’$ (line), which is the expected result for a keel edged pinhole aperture.
The Monte Carlo simulation results are shown as for comparison.

The simulated point spread functions at various locations are shown below in Fig.
4.18 and Fig. 4.19, and the results show that the projector accurately models the width
and the location of the point spread function. However, the projector does not perfectly

model the edges of the point spread function. Later, this was found to be due to the depth
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of interaction (DOI) effect, also known as parallax error, which was described in Chapter

3, and which will be discussed in more detail in Section 4.3.4.1 below.
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Fig. 4.18: Line profiles through the point spread function for the 2 mm pinhole
collimator generated using Monte Carlo simulation compared with PSF created from
numerical simulations. The data shown here represent a point at the center of the field of
view (left), and one towards the edge of the field of view (right). The full widths at half
maximum of the point spread functions in the left image are 7.9 mm and 11.7 mm for the
projector and Monte Carlo results, respectively. In the right image, the FWHM values
are 4.0 mm and 4.5 mm for the projector and Monte Carol results, respectively.
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Fig. 4.19: Line profiles through the point spread function (PSF) for the 1 mm pinhole
collimator generated using Monte Carlo simulations compared with PSF created from
numerical simulations. The data shown here represent a point at the center of the field of
view on the left, and one towards the edge of the field of view on the right. The FWHM
of the PSF in the left image is 4.7 mm for the projector and 4.3 mm for the Monte Carlo.
The FWHM values in the right image are 2.6 mm and 2.8 mm for the projector and
Monte Carlo simulation results, respectively.
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4.3.2.2. SPECT measurements

The image quality (e.g., spatial resolution and noise) of SPECT images depends on
several factors, including the detector performance, collimator design, acquisition
protocol, and the algorithm used to reconstruct the data. The following results show the
effect of modeling the collimator response in the reconstruction algorithm on SPECT
images obtained from experimentally measured data. The results in Fig. 4.20 show
images of the hot rod phantom reconstructed using OS-EM with collimator response.
These images demonstrate improved spatial resolution at the cost of needing more
iterations (i.e., more computational time) by the reconstruction algorithm, which is a
known property of reconstruction algorithms which model the collimator response [27].
In comparison, data reconstructed without collimator response for many subsets do not
show improved spatial resolution after 5 iterations. The improvement in spatial
resolution is particularly improved with the larger pinhole apertures (Fig. 4.21), because
the larger pinholes deviate more from ideal, and thus accurately modeling their behavior
will have a larger impact on the reconstructed image.

The edge phantom data gave results for the full-width-half-maximum that were
consistently slightly lower better the results that are obtained by visually interpreting the
test pattern. The noise is plotted as a function of spatial resolution in Fig. 4.22 for
various combinations of reconstruction algorithms and pinhole sizes. The noise and
spatial resolution were varied by modifying the number of iterations. These results
demonstrate that the trade-off between noise and spatial resolution can be adjusted by
changing the number of iterations in the reconstruction algorithm. The results also show
that modeling the collimator response in the algorithm will improve both spatial

resolution and noise.
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Iteration 5 Iteration 10 Iteration 20 [teration 40 Iteration 60

OS-EM

Fig. 4.20: Image resolution versus iteration (8 subsets). Data were acquired using a 2
mm pinhole with a radius of rotation of 3.5 cm and the test pattern shown in Fig. 2.15.
Data were reconstructed using OS-EM with 8 subsets, and iteration 5, 10, 20, 40, 60 are
shown. The top row shows results reconstructed without collimator response, and the
bottom row shows results reconstructed with collimator response. Note that images with
collimator response require more iterations to converge.

0.5 mm aperture 1.0 mm aperture 2.0 mm aperture
OS-EM, no
CR
no data available
OS-EM +
CR

Fig. 4.21: Comparison of data acquired with various pinhole apertures and reconstructed
with different algorithms. Data acquired at ROR = 3.5 cm and the test pattern shown in
Fig. 2.15. Note that the image acquired with the 0.5 mm aperture is oriented differently
than the other data because of the placement of the phantom in the scanner was different.
Data without collimator response were reconstructed using 5 iterations (8 subsets) and
data with collimator response were reconstructed using 50 iterations (8 subsets).
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Fig. 4.22: Plot of the noise as a function spatial resolution for data acquired using 1 mm
and 2 mm pinholes, and reconstructed using OSEM with and without collimator
response. The trade-off between spatial resolution and noise was accomplished by
varying the number of iterations used in reconstructing the image. Iterations 3, 5, 10, and
20 were plotted for data reconstructed with collimator response. Iterations 2, 3, and S
were plotted for data reconstructed without collimator response.

4.3.3. Discussion

One cost of modeling the depth dependent collimator response is increased
reconstruction time. This is due to the increased number of iterations needed to realize
improved spatial resolution, as well as the increased computation complexity required to
realistically modeling the behavior of the pinhole. The reconstruction time is
approximately proportional to the number of iterations (approximately 5 to 10 minutes
overhead is required to pre-calculate ray paths and estimate the normalization matrix). In
addition, the reconstruction time is also a function of the number of rays used to model
the collimator. Depending on the specific details (i.e., number of projection angles,
number of iterations, image matrix size), reconstruction time can be increased from
approximately 20 minutes (no collimator response, 5 iterations) to approximately 2 hours
(collimator response, 20 iterations) on a 1.8 GHz Pentium 4, using a matrix size of (64)°.
The time needed to reconstruct a test case (54x54x64 projection matrix size, (64)° output

size) using different algorithms on a 1.8 GHz personal computer are shown in Table 4.5.
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Given the decreasing cost of computer memory and the increasing availability of multi-
processor computers, the increased computational complexity should not prevent the use
of a reconstruction algorithm that models the collimator response.

Table 4.5: Reconstruction time for a (64)° image using a personal computer

Algorithm Rays / pixel Iterations Reconstruction
(subsets) time (minutes)
OSEM, no CR 49 5(8) 11
OSEM, with CR 100 5(8) 21
OSEM, with CR 100 20(8) 74
OSEM, with CR 256 20 (8) 134

4.4. Depth of interaction

In pinhole imaging, photons can reach the detector with a trajectory that is not normal
to the detector surface. This can result in blurring of the recorded image through the
depth of interaction (DOI) effect (also known as parallax) because the photons interact at
a finite depth within the scintillator crystal, rather than at the scintillator surface,, which
affects the position of interaction recorded by the detector. The magnitude of this effect
increases when the energy of the incoming photon is increased or the photons enter the
detector at a more oblique angle.

The depth of interaction effect results photons interacting at varying depths within the
scintillator crystal. When the photons strike the detector at an oblique angle, the
interaction of the photons with the scintillator may be recorded in multiple detector
pixels. This effect is not a significant factor in clinical SPECT imaging which is
normally performed with parallel hole collimation where the photons are received normal
to the detector surface. However, because small animal data are acquired using pinhole
collimation and require high resolution images, the loss of image quality from the depth

of interaction effect may become significant.
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44.1. Methods

We first describe a method that models the depth of interaction effect in the
reconstruction algorithm by modifying the result given by the ray-driven projector
described earlier in this chapter. We then demonstrate the effect of DOI on the point
spread function, and finally use the experimentally acquired SPECT data of a hot rod
phantom to demonstrate the effect of modeling depth of interaction on reconstructed
images.
4.4.1.1. Modeling depth of interaction effect

We modeled the depth of interaction effect using an algorithm applied to projection
data estimated using a forward projector such as the one described in Section 4.3.2.1.
The algorithm used simple physical model of the process, in which the scintillator was
divided into 50 slices (Fig. 4.23). A line passing through the center of the pinhole is
drawn through the center of a detector pixel. The algorithm starts at the top surface of the

detector, and steps through stacked “slices” of the scintillator. At each slice, we can
calculate the number An of photons deposited in thickness Ax of the scintillator slice as:

An

n

= —pAx 49)

where n is the number of photons entering the scintillator slice, and u is the linear
attenuation coefficient of the scintillator. The value of » for the first slice is obtained
from the results of the ray-driven projector. The number of deposited photons is added to
the detector bin corresponding to the center of the line segment traversing the slice, and
then subtracted from the incident number of photons to calculate the number of photons
entering the following slice. The process is repeated until either all photons have been

absorbed (i.e., n = 0), or the ray has traversed all the slices forming the scintillator. The
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algorithm performs this process for all the detector elements, with the final result being a

projection image that accounts for the effect of depth of interaction on the data.

Pinhole g
A n photons
v Pixel 2 Pixel 1

Fig. 4.23: Schematic diagram of the method used to add blurring due to the depth of
interaction (DOI) effect to simulated projection data. The scintillator crystal is divided
into thin slices, and a line is drawn from the pinhole to the center of a pixel (point A).
The number of incident photons » is taken from the original result (without DOI). The
number of photons deposited in the first slice (and thus in pixel 1) is proportional to n, the
distance between points 4 and B, and the linear attenuation coefficient of the scintillator
material. The number of photons is updated, and the process is repeated for the
scintillator volume between points B and C.

4.4.1.2. Testing of DOI model

The DOI model was tested by comparing the analytically derived results with the
results of the Monte Carlo simulations. A point spread function was estimated using the
ray-driven forward projector with a numerical phantom as described in Section 4.3.2.3.
The estimated projection data obtained with the ray-driven projector was modified by
blurring the image with the depth of interaction model,and the final point spread function
was compared with the result obtained using Monte Carlo simulation described in

Section 4.3.2.2.
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4.4.1.3. Application to experimental data

The effect of depth of interaction modeling on reconstructed data was experimentally
assessed using SPECT projection data acquired using the hot rod phantom and the 2 mm
pinhole aperture, as described in Section 4.3.3.2. The data were reconstructed using 50
iterations (8 subsets) of the OS-EM with collimator response, with and without depth of
interaction modeling.

4.4.2. Results
4.4.2.1. Comparison with simulation results

We previously found that the point spread function generated by the ray-driven
projector did not exactly match the point spread function obtained using Monte Carlo
simulations, particularly for point sources located away from the center axis of the
gamma camera. After the projector program was modified to include the depth of
interaction effect, the resulting point spread function is a much closer match to the result
predicted by the Monte Carlo simulation (Fig. 4.24). The inclusion of the DOI effect
shifts the location of the maximum by ! pixel (2.2 mm), and changes the shape of the

peak.
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Fig. 4.24: Line profiles through the point spread function, where the source is located 22
degrees off the central axis. The point spread functions were generated using the ray-
driven projector both with and without the depth of interaction effect, simulating the

projection of a technetium-99m point source located 23° off of the normal axis through a
1 mm pinhole. The results including the DOI effect better matched the results obtained
with Monte Carlo simulations.

4.4.2.2. Experimental results

We found that when imaging technetium-99m using the pinhole collimator with the
X-SPECT scanner, the depth of interaction effect degrades the images slightly,
particularly near the edge of the field of view, and can be compensated by modeling the
effect in the reconstruction algorithm (Fig. 4.25). With technetium-99m the effect was
observed to be very subtle, but the DOI effect is expected to be larger when imaging
higher energy isotopes such as indium-111. In addition, the detector pixel size was fairly
large (2.2 mm), which would also reduce the effect of this error on image quality. Other
factors which are expected to increase the effect of DOI errors include larger angles of

incidence of the incoming photons, and scintillator (or detector) materials with lower

linear attenuation coefficient.
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Fig. 4.25: High resolution test pattern (Fig. 2.15) data acquired with a 2 mm pinhole, and
reconstructed using OSEM with collimator response. The “hot rods” range in size from
1.2 — 1.7 mm in diameter. The image on the right was reconstructed using OSEM with
both collimator response and a model for the depth of interaction effect, and exhibits
slightly sharper images of the rods near the edge of the field of view. Both images were
reconstructed using 120 iterations (8 subsets).

4.5. Scatter correction

As mentioned previously, photons emitted by the radionuclide tracer within the body
can interact with surrounding tissues in various ways. If the photon interacts through a
photoelectric interaction, it is absorbed and as a result does not emerge from the body and
is not detected. However, if a photon interacts with matter through Rayleigh or Compton
scatter, it is still possible for it to reach the gamma camera and be detected. If the photon
has lost energy through its interaction with matter, it is then possible for the gamma
camera to distinguish the scattered photon from a “primary”, or unscattered, photon, and
the scattered photon can be rejected electronically so that it does not contribute to the
final image. However, it is also possible for the scattered photon to have an energy that
lies within the acceptance window of the gamma camera, in which case the scattered
photon can not be distinguished from a primary photon. This leads to an error in the
formation of the image, because the trajectory of the scattered photon has been altered by

the scattering event.
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In clinical imaging, scatter radiation degrades the quality of the reconstructed images.
This primarily results in a reduction of contrast in the recorded images, arising from the
distribution of events in areas outside of the actual distribution of radioactivity in the
body. As with photon attenuation, the magnitude of the effect depends on the
composition and distribution of tissue, and thus scatter is expected to be less important in
small animal imaging than in human imaging.

Scatter correction algorithms can be divided into four broad categories [28]. The first
category attempts to compensate for scatter by applying deconvolution to the
reconstructed image [29]. The second and third categories remove scatter from the
projection data prior to reconstruction, using either data from transmission measurement
data or obtained from the energy spectrum of the detected photons [29, 30]. The last
category of algorithms attempts to model photon scatter in the reconstruction algorithm
[31-33]. The first method (deconvolution of reconstructed images) has limitations
because the blurring due to scatter is not invariant throughout the image. Methods using
analysis of the energy spectra to remove scatter from projections have been shown to be
quite accurate, but may not be applicable to imaging iodine-125, where the photons have
relatively low energy resulting in poor energy resolution performance with most gamma
camera designs. Because we have anatomical information from coregistered CT images,
the last approach (iterative reconstruction with scatter modeling) was selected as the best
candidate for the measurements pursued in this dissertation project.

4.5.1. Methods
4.5.1.1. Determination of scatter-to-primary ratio

Scatter, like photon absorption, is a function of the size, shape, chemical composition,
and physical density of the object, as well as the energy of the incident photon. In human

imaging with technetium-99m, the scatter-to-primary ratio (the number of scattered

130



photons detected divided by the number of unscattered photons detected) is estimated to
be approximately 45% (simulation results obtained using a 20% energy window and
energy resolution of 10% FWHM) [34]. However, the photon scatter in small animal
imaging has not been extensively studied. Therefore, we first performed a Monte Carlo
simulation using GATE in order to estimate the scatter-to-primary ratio in small animal
imaging for both technetium-99m and iodine-125, to estimate the magnitude of scatter in
small animal imaging. These two isotopes were selected because their photon energies
bracket the lower range of photon energies commonly encountered in SPECT imaging.
In the simulation, a spherical source (2 mm radius, 50000 Bq) was placed at the center of
a cylinder of water. The water cylinder had a height of 3 cm, with its radius varied
between 0 and 2.5 cm to assess the effect of the cylinder dimensions on the amount of
scatter. The simulated imaging geometry was defined as described in the previous
section (see Fig. 4.15). The detector energy resolution was 26% FWHM and 12%
FWHM for iodine-125 and technetium-99m, respectively, based on published values for
the X-SPECT detector energy resolution for technetium-99m [24]. The energy windows
were defined from 10-50 keV for iodine-125, and 126-161 keV for technetium-99m,
which are the windows used for performing experimental measurements with the X-
SPECT scanner. A total of 64 projections (30 s/proj) were generated for each simulation.
The simulations were used to model the SPECT imaging process in generating projection
data. The results were used to estimate the amount of scatter in small animal SPECT
projection data.
4.5.1.2. Model of scatter

In order to correct for the effects of photon scatter, an analytical model of the scatter

was incorporated into the OS-EM reconstruction algorithm that also modeled photon
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attenuation and collimator response. Photon scatter is modeled in the reconstruction
algorithm by using the estimated radionuclide distribution in combination with results
from Monte Carlo simulations and information provided by the attenuation map, in a
manner analogous to that described by Welch, et al [35]. The first step in this process is
to create a virtual “scatter source”. The scatter source is an image where each voxel’s
intensity represents the number of photons scattered towards the pinhole from that
location for a given distribution of radionuclide tracers and material characteristics
expressed by the three dimensional distribution of linear attenuation coefficients in the
object. This scatter source is then used as an input to the forward projector of the
reconstruction algorithm. The projector produces the scatter projection, which represents
the contribution of scatter photons to the expected projection image.

To create the scatter source, the algorithm loops over all image voxels, and treats each
in turn as a potential scatter site. Each other voxel then represents a source of photons
that can be scattered at the voxel of interest. The scatter angle, ¢, required for a photon
emitted at the source to scatter into to the pinhole from the scatter site is calculated, and
the contribution of the source voxel to the scatter voxel is then calculated using the

following equation:

=8 4 exp(- ) 4.10)

X

where k is a proportionality constant determined empirically using Monte Carlo
simulations, x;; is the contribution from the voxel i to voxel j in the scatter image and has
the same units as the reconstructed image (i.e., activity/volume), F(¢) is the angular

distribution of scatter photons detected within the energy window (as determined by

Monte Carlo simulation), 1/&* accounts for the geometric probability of a photon
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interacting at the scatter site, and the exponential term accounts for photon attenuation
between the source and scatter voxels (Fig. 4.26). This model assumes that the majority
of scattered photons that are detected are only scattered once, and that the probability of
scattering is proportional to the linear attenuation coefficient. The scatter image is then
used as an input to the forward projector along with the attenuation map to generate the
scatter projection, which represents the expected contribution of photon scatter to the

estimated projection data.

source voxel

\
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Fig. 4.26: Geometry used for estimating scatter. The algorithm loops over the image
space and treats each voxel as a potential scatter site, and then calculates the contribution
from all the other voxels to the scatter at the scatter voxel. The scatter voxel has linear

attenuation coefficient .

A Monte Carlo simulation was performed in order to determine the angular
dependence of photon scatter, to estimate F(¢) in Eq. 4.10. As shown in Fig. 4.27, to
model scattering of photons from iodine-125, a simulated photon source emitted a beam
of 27.5 keV photons directed at a small cube of water. The photons were then detected
using a simulated spherical detector. Unscattered photons and photons that had a

measured energy outside the 10-50 keV energy window were rejected. The scatter angle

then was calculated for each of the 25000 remaining photons to calculate values of F(@).
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Fig. 4.27: Simulation geometry used to determine the amount of scatter as a function of
scatter angle. The simulated Nal(Tl) detector is actually spherical, so this drawing
represents a slice through the simulation geometry.

4.5.1.3. Acceleration methods for scatter correction
Although this scatter model is physically intuitive, it also is computationally intensive
because the calculation is of order n6, where n is the voxel dimension of the reconstructed

3 source voxels need to be considered for each of the n’ voxels.

image matrix, where n
Thus, in order for scatter correction to be feasible, several approximations based on the
work of Kadrmas, et al. [36] were introduced in the calculation of the scatter image.

The first approximation is to down-sample the matrix by a factor of 2 in all
dimensions (e.g., 64x64x64 to 32x32x32) when calculating the scatter source. Because
the number of computations required is approximately proportional to #n°, where n is the
matrix size, a reduction in the matrix size by a factor of two leads to approximately a
thirty-fold reduction in computation time. This approximation takes advantage of the fact
that the scatter projection generally is smooth spatially, and thus little information is lost

by down-sampling. The second approximation is to limit the number of updates to the

scatter estimate. This approximation is based on the fact that the scatter estimate does not
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change much after the first several iterations of the algorithm. This is reasonable, given
that the scatter estimate is dependent on the estimated radioactivity distribution, which
only requires a few iterations to reach an approximation of its final form. The third
approximation is to only include scatter in the forward projector. This concept is known
as the mismatched projector / backprojector, and has been shown to be a valid approach
for iterative reconstruction by Zeng, et al. [37].

The net result of these approximations is a significant reduction in the time needed to
reconstruct data with scatter correction. Without down-sampling, a 1.8 GHz Pentium 4
personal computer would require approximately 15 hours to generate 64 scatter
projections for a (64) voxel scatter matrix size. If 64 scatter projections are generated
for each iteration, then reconstructing the data could take several days. With all the
approximations used to accelerate the reconstruction, the total time to reconstruct the data
is reduced to approximately 6 hours.
4.5.1.4. Simulation for testing

Monte Carlo simulations were used to generate projection data for testing the scatter
correction algorithm. The first simulation had a spherical source of iodine-125 (2 mm
radius) at the center of a cylinder of water (radius=2 cm). The source emitted 27.5 keV
photons that were imaged using the detector geometry described above, and a 2 mm
pinhole. A second simulation used an annular source, with radial thickness 0.4 cm, an
outer radius of 1 cm, and an inner radius of 0.5 cm. Inside the annulus was a cylinder of
water, with a radius of 0.5 cm and height of 0.4 cm. The geometry of this simulated
phantom was designed to demonstrate qualitatively the effects of scatter, by placing a

scattering medium close to the source, and with minimal attenuation outside the source.
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One advantage of using Monte Carlo simulations is that the unscattered and scattered
photons can be distinguished. Therefore, the simulation results were organized to
generate two projection data sets for each simulation. The first set of projection data for
each simulation included all detected photons within the energy window, while the
second set of projection data set was generated using only primary photons. By creating
these two data sets, we are able to reconstruct the data without any scatter, allowing us to
directly assess the effect of scatter on the reconstructed images.
4.5.1.5. Experimental measurement

A phantom containing iodine-125 was imaged in order to assess the effects of scatter
on experimental data and to evaluate the scatter correction algorithm. A micro hollow
sphere phantom (0.25 mL volume, 7.8 mm diameter, Data Spectrum Corporation) filled
with approximately 0.5 MBq '*’I-Nal was placed at the center of a water filled acrylic
cylinder having an outer diameter of 3.2 cm. SPECT projection data were acquired with

the 2 mm pinhole collimator at 64 projection angles over 360°, using an energy window

of 10-50 keV. The SPECT acquisition was followed by acquisition of CT data, which
were used to create an attenuation map. The data were reconstructed using the OS-EM
algorithm with and without attenuation correction, and also were reconstructed with the
OS-EM algorithm that included the scatter correction model in addition to attenuation
correction. The reconstructed images were evaluated by defining volumes of interest
corresponding to the source and the surrounding cylinder. The total radioactivity in these
volumes was measured, and the ratio of radioactivity in the target VOI to the

radioactivity in the surrounding VOI was calculated.
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4.5.2. Results
4.5.2.1. Scatter-to-primary ratio

The scatter-to-primary ratio is plotted for technetium-99m and iodine-125 as a
function of the radius of the surrounding water cylinder in Fig. 4.28. The results lead us
to believe that scatter will not significantly degrade data acquired with technetium-99m.
The result for iodine-125 shows much more scatter than the result for technetium-99m,
but the scatter-to-primary ratio is still lower than the scatter-to-primary ratio of
approximately 50% observed in human imaging with technetium-99m. Energy spectra
obtained from Monte Carlo simulations of iodine-125 imaging are shown in Fig. 4.29 for
a simulated sphere in air and for a simulated sphere in the center of a cylinder of water
with 2 cm radius. The results show that the spectrum is not significantly changed by the

presence of water, thus making the use of energy spectrum based scatter correction

infeasible.
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Fig. 4.28: Scatter-to-primary ratio detected from a source at the center of a cylinder of
water. The scatter-to-primary ratio is defined as the number of scattered photons detected
within the energy window divided by the number of primary photons detected in the
window.
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Fig. 4.29: Energy spectrum obtained by simulating the imaging of an iodine-125 source
with and without a cylinder of water of 2 cm radius surrounding the source. A detector
energy resolution of 25% full-width at half-maximum is modeled in the simulation. The
spectrum is not changed significantly by the presence of water.

4.5.2.2. Simulations for scatter angle

A graph of the probability of scatter as a function of angle is shown in Fig. 4.30, in
which 0° represents the direction of the incident photon. A second order polynomial was
fit to the data to create a simple model for F(¢) (for 0° < ¢ < 180°) in Eq. 4.10, for use in
the scatter model. The results show that a large number of photons which scatter at

angles between 5 and 15 degrees from the forward direction, with a smaller number being

backscattered (i.e. scattered at 180°).
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Fig. 4.30: Hisiogram of scatter angle. A second order polynomial was fit to the data, in
order to provide a simple model for scatter as a function of angle.

4.5.2.3. Monte Carlo simulations

Projection data generated using Monte Carlo simulations were reconstructed in order
to verify that the reconstruction algorithm correctly compensated for photon scatter. A
key step in this process is to verify that the algorithm correctly models scatter in the
imaging process. An image of the scatter source estimate generated by the reconstruction
of the Monte Carlo simulation data is shown in Fig. 4.31, along with the corresponding
projection data. As expected, the scatter source is asymmetric, with more “forward”
scatter compared to back scatter, and the resulting scatter projection looking similar to the
result predicted by the Monte Carlo simulation, albeit without any noise. A line profile
through the scatter contribution to the projection data estimated by the reconstruction
algorithm is compared to the result predicted by Monte Carlo simulation, and shows
reasonable agreement between the analytical scatter estimate and the Monte Carlo
simulation, with the main difference in regions close to the source. This difference is

likely due to an underestimation of small angle scatter due to the polynomial fit used to
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model the angular distribution of scatter. Nevertheless, the results indicate that the
algorithm gives a reasonable estimate for the detected scatter.

The image reconstructed from the projection data generated with the simulated
annular source is shown in Fig. 4.32. A line profile through the image (Fig. 4.33) shows
that scatter causes the spurious appearance of radioactivity in the center of the annulus.
When the data were reconstructed using only primary photons, the apparent radioactivity
in the center is reduced, but not eliminated, and arises from blurring caused by the finite
spatial resolution of the system. In order to quantitatively analyze the effect of scatter,
the area under the curve in the line profile can be divided into two areas. The first area
contains the two peaks and corresponds to the annulus. The second area consists of the
region between the peaks (i.e., the valley), which contains water and no radioactivity. In
the ideal case, the peak to valley ratio is infinite. In the three reconstructed images, the
ratio was 15:1 when the image was reconstructed with only attenuation correction, 34:1
with the addition of scatter correction, and 29:1 using attenuation correction with scatter
free data. This demonstrates that scatter correction effectively compensates for the

contrast lost due to photon scatter.
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Fig. 4.31: Scatter source estimate used in reconstruction of the data (top left). The
intensity of each voxel represents the probability that a photon scattered in that voxel will
be detected. The image oriented such that the pinhole is positioned to the right, along the
x-axis. This scatter source is used as an input to the forward projector to calculate the
scatter contribution to the projection data (top middle). The scatter in the projection as
predicted by the Monte Carlo simulation is shown on the top right. On the bottom is
shown a line profile through the scatter projection estimated by the reconstruction
algorithm and the corresponding Monte Carlo result.
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Fig. 4.32: Center slice from image reconstructed from the simulated projection data.

(a) The data reconstructed using OSEM with collimator response, attenuation correction,
and scatter correction. (b) The source distribution used to generate projection data. (c)
The attenuation distribution is a uniform cylinder of water at the center of the annulus.
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Fig. 4.33: Line profiles through the image reconstructed from Monte Carlo simulation
generated projection data of an annular source (solid line) around a cylinder of water.
The data were reconstructed with attenuation correction using either all photons (dotted
line), only primary photons (solid line), and all photons with scatter correction (dashed
line). The results demonstrate that scatter correction reduces the apparent radioactivity
introduced by scatter.

4.5.2.4. Experimental measurement

A single projection image of an iodine-125 filled sphere in a cylinder of water is
shown in Fig. 4.34. The corresponding projection, imaged without surrounding water, is
also shown for comparison. The contrast has been adjusted in the images in order to
accentuate the scatter contribution to the projection images. As can be seen, the sphere
surrounded by water has more scatter in the projection data, as demonstrated by the line

profile in Fig. 4.34.
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Fig. 4.34: Projection views of a microsphere surrounded by water (left). A projection
view of the same sphere without surrounding water is shown in the center. In both
images, scatter from the plastic rod supporting the sphere is visible below each sphere.
The contrast in the images has been adjusted to accentuate the scatter. A plot of the
radial count density (counts/pixel) also shows how scatter reduces the contrast by
increasing the number of accounts in pixels surrounding the image of the sphere.

A slice through the reconstructed image of the microsphere imaged in water is shown
in Fig 4.35 in order to demonstrate the effect of scatter correction. Although the scatter
correction does not appear to make a difference initially, when the image contrast is
adjusted, it can be seen that the scatter is decreased in the image with scatter correction.
In addition, the result can be analyzed quantitatively by calculating the ratio of apparent
radioactivity in the target volume to the apparent radioactivity in the surrounding volume.
This value increased from 1.5:1 to 2.7:1 with the addition of scatter correction,
demonstrating that scatter correction reduced the effect of scatter on the reconstructed

image.
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Fig 4.35: A slice from the reconstructed image of an iodine-125 filled microsphere
imaged in a water filled cylinder. Image (a) and (c) were reconstructed with attenuation
correction and collimator response. Images (b) and (d) were reconstructed using the
same algorithm with the addition of scatter correction. Images (a) and (b) are displayed
using normal contrast, and appear very similar. However, increasing the contrast in the
images reveals that scatter correction reduces the noise caused by scattered photons
(Images (c) and (d)).

4.5.3. Discussion

As shown in Fig. 4.28, the scatter-to-primary ratio in mouse or rat imaging with
iodine-125 can reach 30% or more, which is an unexpectedly high value, though still
lower than the scatter-to-primary ratio typically encountered in human imaging with
technetium-99m. However, this result can be explained by examining the contribution of
various mechanisms to the linear attenuation coefficient of water. As shown in Table 4.6,
the Compton component of the linear attenuation coefficient is higher at 27.5 keV than it
is at 140 keV. Additionally, Rayleigh (coherent) scatter becomes significant at these low
energies. These factors, combined with the decrease in primary photons due to
attenuation, explain the unexpectedly high scatter-to-primary ratio.

Table 4.6: Linear attenuation coefficient for water

Photon Rayleigh Compton Photoelectric Total

energy Scattering scattering absorption attenuation

(keV) (cm™) (cm™) (cm™) (cm™)
27.5 0.0541 0.182 0.194 0.430
140 0.0028 0.150 0.0009 0.154

The histogram of scatter angle also gave an unexpected result (Fig. 4.27). Although

the results look similar to the predictions of the Klein-Nishina equation for Compton
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scatter, there is an extra peak at low angle (5 degrees) in our simulation data which arises
from the low angle Rayleigh (coherent) scatter. By comparing the contributions of the
different components to the linear attenuation coefficient of water, it can be seen that the
coherent scatter accounts for about 20-25% of the scatter interactions, which is consistent
with the result of the Monte Carlo simulation which showed that approximately 24% of
the detected scatter photons underwent coherent scatter. Rayleigh scatter should not
degrade image quality as much as Compton scatter, because the scattering angles
resulting from coherent scatter are relatively small, thereby leading to smaller errors in
the photon trajectory. Therefore, despite the relatively high scatter-to-primary ratio
observed when imaging with iodine-125, scatter correction in small animal imaging with
iodine-125 will not be as important as scatter correction in human imaging with
technetium-99m and other radionuclides commonly used for diagnostic imaging in the

nuclear medicine clinic.
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Fig. 4.36: The angular distribution of photon scatter from an iodine-125 source,
determined by simulating a beam of photons directed at water. The Rayleigh scatter
accounts for the low angle scatter. The angular distribution of the Compton scatter
agrees with the result predicted from the Klein-Nishina equation, which is shown by the
line.
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The scatter model used in the reconstruction algorithm assumes that photons are only
scattered once in the object prior to detection. This assumption is validated by the results
of the Monte Carlo simulations, which show that the majority of detected scatter photons

are only scattered once in the phantom (Fig. 4.37).
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Fig. 4.37: Number of photons as a function of the number of scatter events in the
phantom for photons detected within the energy window in the Monte Carlo simulations.
Data are from simulations of a spherical source and of an annular source within a

cylinder of water.

4.6. Conclusion

This chapter described improvements to the SPECT image reconstruction algorithm
that result in improvements to image quality. These improved algorithms create a more
accurate model of the imaging process by including realistic models for the collimator
response, photon attenuation, and photon scatter.

Adding collimator response can greatly improve the spatial resolution of the
reconstructed images, particularly with larger apertures or with higher energy isotopes
where septal penetration is significant. However, a large number of iterations is
necessary to fully realize the improved spatial resolution. Alternatively, a smaller

number of iterations can be performed to produce images with reduced noise.
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Attenuation and photon scatter correction are important mainly for low energy
isotopes such as iodine-125, and is less important for higher energy isotopes. In this
chapter, we have described a method to calibrate and rescale x-ray CT data to create
attenuation maps, which were used as input to the reconstruction algorithm. We then
demonstrated that CT data can be used to correct for photon attenuation and scatter to
reduce artifacts in images reconstructed from data acquired with iodine-125. Data
acquired with technetium-99m are not significantly degraded by photon scatter, due to
the short path lengths encountered in small animal imaging; the scatter to primary ratio
was estimated to be less than 15% for small animals such as mice and rats.
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Chapter 5: Error Sources in Quantitative SPECT Imaging
5.1. Introduction

In current clinical practice, nuclear medicine images are generally interpreted in a
qualitative manner in which the results are visually inspected to determine the presence
or absence of a pathological condition. However, the consistency, sensitivity, and
arguably the clinical utility of the interpretation of these data would be increased if they
were analyzed and recorded quantitatively, and in fact, various approaches have been
developed to analyze nuclear medicine data in a quantitative manner. For example, the
glucose metabolism rate can be quantified using compartmental analysis of a dynamic
sequence of PET images acquired with '8E_fluorodeoxyglucose [1]. In another example,
the regional uptake of radiopharmaceuticals such as **™Tc-sestamibi or 2°'Tl-thallous
chloride often are compared against results from a database of scans from normal
volunteers to quantify the severity of perfusion defects in the myocardium of patients
with coronary artery disease. These examples illustrate two of the many different ways
that quantitative analysis is applied to nuclear medicine images.

The term “radionuclide quantification” also has a number of different meanings in the
medical imaging literature. Several definitions include: 1) “semi-quantification”, the
comparison of relative measurements between normal and diseased regions, 2)
“physiologic quantification”, the measurement of a physiologically meaningful
parameter, and 3) “absolute physical quantification”, the accurate measurement of
radioactivity concentration with corrections for perturbations such as photon attenuation
[2]. Within the scope of this thesis, radionuclide quantification is used to mean absolute
physical quantification, or the measurement of the absolute concentration of radiotracer

within a volume of interest.
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S.1.1. Sources of error

Ideally, when analyzing radionuclide images, a physician or scientist would like to
define a “region of interest” on a planar radionuclide image (or a “volume of interest” on
slices from a tomographic radionuclide scan”, and then sum the voxel values within those
regions or volumes of interest to measure the radionuclide uptake in the corresponding
region of tissue in the patient. Typically, these numbers would be reported in terms of
the radionuclide concentration in units of MBq/ml or MBg/cc of tissue. However, when
this is performed experimentally in phantoms or large animals approximating the size of
humans, the noninvasive measurement obtained from the images typically is incorrect
(typically too low) by an order of magnitude. Therefore, although the concept of
“radionuclide quantification” seems straightforward, it remains an elusive goal that in
practice is difficult to perform experimentally. The challenges and difficulties in
radionuclide quantification arise from several potential sources of error which can lead to
erroneous measurements. These sources of error include physical perturbations such as
photon attenuation, photon scatter, and the partial volume effect. Photon attenuation
arises when overlying tissues absorb photon emitted from a target tissue, leading to a
decrease in the number of observed counts, which subsequently can cause a decrease in
the apparent (i.e., measured) concentration of radioactivity and image artifacts.
Similarly, photons from the target tissue can scatter in the surrounding tissue, and
photons from radioactivity in background regions can scatter in regions of the image that
coincide with the region or volumes of interest. As a result, photon scatter can decrease
the image contrast, and introduce false counts into regions of interest when the
reconstructed image is analyzed quantitatively. Partial volume errors arise from the

limited spatial resolution of the imaging system, which causes blurring of the
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radioactivity from the target region into the background region, and similarly blurring of
the radioactivity from the surrounding background into the target. As a result, when the
image is analyzed quantitatively, a region of interest carefully defined over the
anatomical boundary of the target region generally will measure a mix of the
radioactivity concentrations from the target and background regions. This leads to
quantitative errors, especially when the size of the target region is close to or smaller than
the spatial resolution of the imaging system. This chapter will describe these physical
perturbations that lead to errors in radionuclide quantification, estimate the magnitude of
these errors in the context of small animal imaging, and evaluate the effect of improved
reconstruction algorithms on mitigating the effect of these perturbations on the
quantitative accuracy of SPECT images.
5.1.1.1. Photon attenuation and scatter

As discussed in Chapter 4, photon attenuation and scatter radiation result from the
interaction of photons with matter, where the magnitude of the interaction is a function of
photon path length through the body, photon energy, and tissue composition (Fig. 5.1).
The absorption of photons within the patient (human or animal) being imaged decreases
the total number of photons detected, resulting in an apparent decrease in radioactivity
within a given target region. In radionuclide imaging, these errors can be compensated
using attenuation correction techniques. One such technique is to use anatomical
information from an x-ray CT image of the object to create a model of the photon
attenuation that can be incorporated in an iterative reconstruction algorithm as described
in Chapter 4. In human imaging, it is commonly accepted that attenuation correction is
necessary for quantitatively accurate, artifact free data [3], and a number of strategies

have been devised for attenuation correction. In comparison, in small animal imaging,
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the magnitude of errors from photon attenuation, and consequently the need for
attenuation correction has not been clearly established. Likewise, the quantitative effects
of photon scatter in small animal SPECT are not fully understood, nor have scatter

correction algorithms been developed and tested for small animal SPECT.
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Fig. 5.1: Narrow beam photon transmission through water for four isotopes used in
small animal SPECT imaging. The results in this graph were analytically calculated, and
show that iodine-125 (27.5 keV photon) should be much more prone to the effects of
photon attenuation in small animal imaging than higher energy isotopes such as
technetium-99m (140 keV), indium-111 (171 keV and 245 keV), and iodine-131 (365
keV). The shaded areas show the approximate length scales encountered in imaging
mice and rats.

5.1.1.2. Partial volume effect

One of the inherent limitations of radionuclide imaging is poor spatial resolution.
Small animal SPECT and PET systems typically achieve spatial resolutions in the range
of 1-2 mm, in comparison to microCT which can achieve spatial resolution in the range
of 50-100 um or better. As a result, when SPECT or PET is used to measure the amount
of tissue radioactivity, partial volume errors can create quantitative errors in the resulting
data. The limited spatial resolution of a SPECT imaging system can lead to blurring of
the radioactivity distribution, which increases its apparent size, leading to an

underestimation of the concentration of the radioactivity present (Fig. 5.2), an effect
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known as “spill-out”.  Conversely, “spill-in” can result from the presence of
radioactivity in neighboring structures, and leads to the apparent increase of radioactivity

in a volume of interest (Fig. 5.3).
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Fig. 5.2: This figure illustrates the effect of partial volume errors on quantitative
measurements. A line profile through the region of interest (inset) is shown as the
rectangular line. However, due to the finite spatial resolution of imaging systems, the
measured line profile is blurred, and the radioactivity appears to be spread out over a
larger region. A measurement within the region of interest shows an apparent decrease

in radioactivity.
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Fig. 5.3: This illustrates the effect of partial volume errors due to “spill-in” of
background radioactivity into a region of interest. The left image shows an unblurred
target in an elliptical source of background radioactivity. The line profiles show the
radioactivity in the target region (after blurring with a Gaussian) with and without
background radioactivity. The result shows that the apparent amount of radioactivity in
the target region is increased when background radioactivity is present.
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S.2. Monte Carlo simulations

Monte Carlo methods are powerful tools for simulating a variety of physical
processes and are often used to model and evaluate radionuclide imaging. These
simulations are particularly useful for studying quantitative measurements in SPECT
because it becomes possible to simulate the imaging of a well defined radionuclide
source, while modeling complex physical phenomena such as photon scatter. In the
work described below, the simulations were performed using the GATE (“Geant4
Application for Tomographic Emission”) Monte Carlo simulation package [4, 5] based
on Geant4, a general purpose simulation package used for a variety of applications.
(“Geant”, in turn, is an acronym for “Geometry ANd Tracking”.) The simulation
geometry was modeled on the X-SPECT scanner in our laboratory using the simplified
simulation geometry described in Chapter 4, Section 3.2.2. The simulated energy
resolution and energy windows were based on the expected performance of the X-SPECT
system and are shown in Table 5.1 bel<ns1:XMLFault xmlns:ns1="http://cxf.apache.org/bindings/xformat"><ns1:faultstring xmlns:ns1="http://cxf.apache.org/bindings/xformat">java.lang.OutOfMemoryError: Java heap space</ns1:faultstring></ns1:XMLFault>