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ABSTRACT 
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Our goal is to develop a single-photon emission computed tomography (SPECT) system 

for dynamic cardiac imaging so that heart disease may be more accurately evaluated. 

Conventional SPECT systems, widely used in nuclear medicine imaging, make use of a rather 

large single-crystal gamma-ray camera that must be rotated around a patient's body in order 

to collect an adequate number of angular samples for image reconstruction. These systems are 

not capable of rapid dynamic imaging. In the past several years, we have developed multiple, 

stationary, modular scintillation cameras that allow for dynamic imaging because of large 

detector area, large collection efficiency, high count-rate capability, and no motion of 

detector, collimator, or aperture. We make use of coded-aperture pinhole arrays as an 

alternative to conventional nuclear medicine collimators because they increase photon-

collection efficiency. The coded apertures allow for overlapping projections or multiplexing 

of an object onto the detector face. We have designed a novel collimation system that allows 

for an increased number of pinhole projections without substantial multiplexing. This new 

method is called "subslicing". The system divides the detector strip devoted to one object 

tomographic slice into smaller strips, referred to as subslices. Each subslice within a given 

slice views the same object slice through a focussed slat collimator and a pinhole coded 

aperture that is different for each subslice. Thus, we increase the number of independent 

measurements associated with each object slice multiplicatively by the number of subslices, 

allowing for increased angular sampling and sensitivity without increased multiplexing. We 

verified the subslice concept both in computer simulation and with our 16-moduIe ring 

imaging system. Comparison of results with and without subslicing shows that the new 

approach substantially reduces artifacts in the image reconstruction. The subslicing technique 

is a significant step towards the goal of dynamic cardiac SPECT imaging. 
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INTRODUCTION 

The desire to measure physiological or pathophysiological processes has led to a method 

of imaging called nuclear medicine. Nuclear medicine is different from transmission 

radiography where a beam of x rays, directed to pass through a region of interest in the body, 

becomes attenuated by the body's internal structures and is detected after it exits the body. 

The recorded image in transmission radiology contains spatial distribution information of the 

attenuating tissues in the region of interest. Changes in attenuation coefficient that are due to 

different tissue type, some disease process, or trauma can be detected in the image. There are 

however, disease processes that do not cause a significant change in attenuation coefficient, or 

organ functions that are not reflected as a change in attenuation coefficient and therefore 

cannot be detected by transmission radiology. 

Nuclear medicine is accomplished by using radiopharmaceuticals that concentrate 

selectively in a targeted organ upon vascular injection or oral ingestion. The 

radiopharmaceutical is made up of two parts: the compound and the radionuclide label. The 

radionuclide Technetium-99m (""Tc) is used as a label for many radiopharmaceuticals, 

where 99 is the atomic weight and m stands for metastable. The radionuclide is manipulated 

to label many types of compounds. Examples of radiopharmaceuticals and the mechanism of 

localization to an organ are: """To-labeled macroaggregated albumin, localized in the lungs 

due to capillary blockade in the alveoli; 9fimTc-labeled phosphate, absorbed onto bone crystal; 

"""To-labeled glucoheptonate, excluded from the blood-brain barrier except when altered by 

disease, and 99mTc-Iabeled red-blood cells, circulated in the vascular system. The 



radiopharmaceutical is metabolized by the target organ the same way that the non-radioactive 

compound is metabolized, so that the radioactivity does not disturb the process being 

measured. During the course of metabolism, the tagged compound becomes concentrated 

within the target organ. The radionuclide distributed within the three-dimensional organ 

undergoes nuclear disintegration so that gamma rays are emitted isotropically. A nuclear 

imaging system is used to detect the gamma rays. 

The gamma emission energies useful for nuclear medicine imaging range from about 50 

to 500 keV. Because the gamma-ray photons have such high energies, they cannot be 

reflected, refracted, or diffracted, so that other methods must be employed to image the 

emitted photons. Image-forming devices are made from dense materials with high attenuation 

coefficients, such as lead, that absorb gamma rays whose trajectories are other than those 

desired. The conventional parallel-hole collimator makes use of a large number of bores, 

typically greater than 10,000, to collect gamma rays in parallel for use with position-sensitive 

detectors. The collimator resembles a honeycomb several centimeters in length. Each bore in 

the parallel-hole collimator allows for the collection of only those photons whose trajectories 

lie within a cone defined by the bore. Since the solid angle viewed by the detector through 

the parallel-hole collimator is only a small fraction of the solid angle of the entire sphere, 

most of the photons are not collected. These low photon count images are degraded by 

Poisson noise. 

An Anger camera is the most common position-sensitive detector (Anger, 1958). The 

camera consists of a scintillation crystal, photomultiplier tubes (PMTs) arranged in a two-

dimensional array, and position-estimating electronics. Commercially available cameras use 

1/4-1/2 inch thick scintillation crystals of diameters as large as 50 cm with as many as one 

hundred PMTs. The scintillation crystals that convert high energy photons to visible light are 

usually thallium-doped sodium iodide (Nal(Tl)). The thallium impurity of the crystal 



produces luminescent centers that can be excited by ionizing radiation. When a high-energy 

photon is absorbed in the crystal, it transfers most of its energy to a secondary electron. The 

electron loses most of its energy to heat, but a fraction of the energy excites the luminescent 

centers. The number of optical photons produced by a given photon is proportional to the 

energy deposited in the scintillator. An optical light guide coupled to the crystal is used to 

collect light from each scintillation and to distribute it to each PMT. The light guide is 

coupled to the PMTs by a thin layer of a silicone rubber compound. Each PMT converts the 

light into a proportional electronic signal. The (x, y) position of the gamma ray on the crystal 

can then be estimated by the electronics from the relative strengths of the PMT signals. An 

image is built up as the sum of a large number of events, recording (x,y) positions onto a 

device such as a piece of film or an oscilloscope. A planar image is created by this simple 

technique and no reconstruction algorithm is necessary. However, the two-dimensional image 

representation of the three-dimensional activity distribution causes all the structures within 

the projection to be superimposed, and there is an inherent loss of information. This case is 

analogous to the inherent loss of information in a two-dimensional x-ray image of a three-

dimensional attenuating object. 

Emission computed tomography (ECT) is a method in which the distribution of gamma 

rays that originate within the body section of interest is detected and then reconstructed into 

transaxial images by computer. There are two types of ECT imaging: single-photon emission 

computed tomography (SPECT) and positron emission tomography (PET). In SPECT, the 

gamma-emitting radionuclide undergoing nuclear disintegration emits a single gamma ray. In 

PET, the nuclide emits a positron which interacts with an electron by annihilation to produce 

two gamma rays travelling in paths approximately 180° from each other. These two rays are 

detected by a coincidence detector. The advantages of ECT over planar imaging are 
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improved contrast, better definition of organ size and shape, and, by collectively considering a 

number of tomographic slices, three-dimensional activity distribution information is obtained. 

PET is a biologically significant imaging modality because there are positron-emitting 

isotopes of carbon, nitrogen, oxygen, and fluorine, making the imaging of almost all 

physiological functions possible. An advantage of circular detector arrays used in PET 

imagers is that, because the system is stationary, dynamic studies are possible. To date, 

however, only slow dynamic studies, such as radioactive-labeled glucose or water metabolized 

by the brain, have been accomplished. A disadvantage of PET imaging is that positron 

radionuclides are presently produced only by on-site particle accelerators which introduce a 

significant expense in equipment, personnel, and ultimately in the cost of the study to the 

patient. 

We have directed our research towards the improvement of SPECT imaging in the areas 

of instrumentation, reconstruction algorithm development, and quantitative measurement with 

a key technical goal of dynamic cardiac imaging. Current clinical SPECT systems all use 

some sort of rotating mechanism to collect angular samples of the object space. For example, 

a single standard Anger camera can be used to obtain tomographic images by rotating 180° or 

360° around a patient's body. About 100 views are obtained, with acquisition time on the 

order of 30 minutes. In recent years, two, three, and four Anger cameras have been used 

simultaneously to decrease the acquisition time by the number of cameras used, but the speed 

is still not fast enough for dynamic imaging. Rogers, et al. (1982, 1988) have utilized a ring 

of modular cameras which decrease acquisition time, but the system makes use of a rotating 

collimator so it is also not capable of rapid dynamic imaging. 

In order to achieve the goal of rapid dynamic SPECT, there can be no mechanical 

movement within the instrumentation. Towards the goal of a stationary SPECT cardiac 

system, we have developed modular scintillation cameras with useful crystal area throughout a 



full 10cm x 10cm field (Milster et al., 1984, 1985, 1990). Because the cameras are modular 

and the full field is useful for imaging, modules can be arranged in various geometrical 

configurations and thereby operate efficiently as a system. We have chosen a ring geometry 

that surrounds a patient's thorax for cardiac imaging. The spatial and energy resolution as 

well as the counting speed of the individual modules are comparable to those of a standard 

scintillation camera. The count-rate capability, however, for a SPECT system that 

incorporates a number of modular cameras is much higher than that of conventional SPECT. 

For example, for a system of N modules, the count rate is N times that for a single module. 

The signal processing electronics for the modular camera system are currently capable of data 

acquisition rates fast enough to image a heart at 70 frames/second. This fast data acquisition 

rate is sufficient to eliminate the effect of heart motion for all but very fast heart rates. 

Coded apertures may be used as image-forming elements instead of conventional 

collimators. The coded aperture is either a flat or curved plate with a spatial distribution of 

openings that allow for the projection of the object onto the detector such that there is some 

overlapping of projected images through more than one opening in the aperture at the 

detector. The overlapping condition is called multiplexing. The types of openings used in 

coded-aperture imaging include pinholes, annuli, and Fresnel zone plates. The discussions in 

this thesis will be limited to pinhole-array coded apertures as incorporated in systems that 

perform transaxial tomography. Pinhole systems that perform longitudinal tomography have 

been considered by others (see, for example, Vogel et al., 1978; van Giessen, 1985), but are 

fundamentally different from our systems and are not considered here. 

Transaxial coded-aperture imaging is accomplished by a two-step process. The first 

step is encoding the object onto the detector. Each pinhole aperture produces a geometrical 

shadow image on the gamma-ray detector. The size of the image on the detector is dependent 

upon the distance of the object from the detector, while the lateral location of the image on 
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the detector is an encoding of the lateral position of the object. Thus, the overall coded 

image, consisting of many pinhole projections, contains considerable information about the 

three-dimensional structure of the object. This information can be recovered in the second 

step—decoding—-which is usually performed in a computer via reconstruction algorithms. 

Each pinhole in the coded aperture results- in the projection of the radiating object 

distribution as a series of line integrals that converge at the pinhole. The parallel-hole 

collimator, in contrast, results in the projection as a series of line integrals that are parallel. 

Conventional SPECT systems make use of a parallel-hole collimator and must rotate around 

the patient in order to collect angular samples. Multiple-pinhole coded apertures, on the 

other hand, placed around a patient's body accomplish angular sampling by projecting the 

three-dimensional object distribution onto a gamma-ray detection system without need of 

rotating the collimator. A disadvantage of coded-aperture imaging is that more than one line 

integral from the radiating object can arrive at a single detector element, whereas in parallel-

hole systems, there are no multiple projections to a single detector. The multiplexing in 

coded-aperture imaging results in image artifacts within the reconstruction because it is 

difficult to determine which line integral contributed a photon count to a given detector. 

The goal of this thesis is to address the task of acquiring an adequate number of 

independent measurements for obtaining high-quality cardiac images without introducing a 

high degree of multiplexing that would degrade the images. As a solution to the task, we 

make better use of the available space-bandwidth product (SBWP), or the product of the 

object area in object space and the area of its transform in Fourier space (bandwidth), 

afforded by our module. A novel slat-collimation system, which we refer to as subslicing, 

used in conjunction with a pinhole coded-aperture has been designed to increase the number 

of independent measurements without increasing multiplexing (Rogers, 1990). The subslice-

collimator used with pinhole-coded apertures is incorporated in a 16 module SPECT system 



and has been tested in both simulation and the laboratory. Results indicate that the stationary 

modular camera system is capable of obtaining adequate sampling for high-quality 

reconstructions for objects up to 30 cm in diameter with current designs and is an important 

step towards the goal of dynamic SPECT imaging. 

The organization of this thesis is as follows. Chapter 2 discusses the anatomy of the 

heart, heart disease, and current techniques of imaging in nuclear cardiology. In Chapter 3, a 

review of modular cameras is presented, the advantages of their use in a SPECT system is 

discussed, previous systems are described, and the laboratory system as configured for the 

work presented in this thesis is described. Chapter 4 presents some mathematical background 

on issues relevant to this thesis and discusses analogies made for sampling requirements 

between parallel-hole collimators and pinhole coded-apertures. In Chapter 5, subslice-

collimation systems used in conjunction with coded-apertures to increase angular sampling are 

described. Computer simulation results demonstrating the benefit of the subslicing design are 

given in Chapter 6. Chapter 7 presents laboratory results from a complete 16-moduIe 

laboratory system that incorporates the subslicing-collimator design. A summary of this work 

and directions for future research are given in Chapter 8. 
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THE HEART 

The main goal of the research reported in this thesis is to increase independent 

measurements of an object for image reconstruction in a stationary SPECT system. Our 

ultimate goal, however, is to use this instrumentation to image the functioning heart 

dynamically. An understanding of anatomy, function, and disease of the heart serves as a 

basis for the creation of improved SPECT instrumentation. 

Anatomy and Function of the Heart 

The heart is a cone-shaped, hollow, muscular organ approximately the size of a closed 

fist. It is positioned obliquely in the thorax and has three surfaces. The anterior surface faces 

the sternum, the posterior surface (base of the cone) faces the vertebral column, and the 

inferior surface rests on the diaphragm (Figure 2.1). The heart is divided into halves, the left 

and right heart, by the atrioventricular septum. Each half consists of two cavities, an atrium 

and a ventricle, which are separated by a valve. 

The heart receives blood via the veins and returns it through the arteries. 

Deoxygenated blood enters the right atrium from the superior and inferior vena cavae. The 

blood then enters the right ventricle after passing though the tricuspid valve and is pumped to 

the lungs via the pulmonary arteries. The blood is oxygenated and returned to the left atrium 

via the pulmonary veins, passes through the mitral valve to the left ventricle, and is pumped 

to the rest of the body via the aorta and its branches. The internal anatomy of the heart is 

shown in Figure 2.2 and a flow diagram of vascular circulation is shown in Figure 2.3. 



Fig. 2.1. 
Position of the heart within the thorax of the body. 
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Flow diagram representing the circulation of the blood where RA is the right atrium, RV is 
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Blood flows in one direction through the heart because of the four valves that guard the 

opening of the ventricles and prevent backflow. The tricuspid and mitral valves, as 

mentioned above, are between the atria and the ventricles. The pulmonic and aortic valves 

guard the opening from the ventricles to the pulmonary arteries and to the aorta. The valves 

are passive structures that respond to pressure differentials. For example, when the pressure 

in the atrium is greater than that of the ventricle, the valve between the chambers opens; 

when the reverse relation occurs, the valve closes. 

The wall of the heart has three layers. The outer protective layer is the epicardium, or 

pericardium; the inner lining layer is the endocardium; and the bulk of the heart wall 

between the other two layers is the cardiac muscle, or myocardium. Blood is supplied to the 

myocardium via the coronary arteries which originate from the ascending aorta and encircle 

the heart. The blood from the myocardium is returned to the right atrium via the coronary 

veins. 

The atria of the heart collect blood from the body and fill the ventricles. The 

contraction of the myocardium is the mechanism whereby the ventricles eject blood to the 

arteries. The contraction of the heart originates in the right atrium at a location where a small 

mass of specialized tissue, termed the sinoatrial (SA) node, initiates an electrical impulse. The 

impulse spreads throughout the atria but is not transmitted across the atrioventricular septum. 

Instead, another specialized mass of cells lying between the atria and ventricles is activated. 

This atrioventricular (AV) node is the only normal pathway through which the impulse 

propagates from the atria to the ventricles. If the AV node is destroyed by disease, the atria 

and ventricles then contract independently and at different rates. The electrical activity 

associated with the contraction of the myocardium can be recorded graphically by an 

electrocardiogram (abbreviated EKG or ECG). 
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Pressure within a chamber can be represented as a ratio between the size of the 

chamber and the volume of fluid forced into it. Pressure in the pulmonary arteries is 

significantly lower than in the aorta. Therefore, the pressure attained in the left ventricle is 

greater than that attained in the right ventricle. Forces in the left wall are greater than those 

of the right wall, but the wall on the left is much thicker so that the wall stress on both sides 

is about equal. 

The Cardiac Cycle 

The cardiac cycle can be divided into two main phases, systole and diastole. Systole is 

the phase of the cardiac cycle during which the myocardium contracts, and diastole is the 

phase in which the muscle relaxes. Each of these phases can be subdivided into several parts. 

Figure 2.4 (after Langley, 1974) illustrates the events of the left heart during the cardiac 

cycle. Most of the pathology of the heart involves the left side, in particular the left 

ventricle. Therefore, the ensuing discussion refers only to the left side, but simultaneous and 

similar events occur on the right side. 

The phases and sub-phases of the cardiac cycle are described in relation to the 

ventricular pressure curve in the following discussion that closely follows Langley (1974). At 

the extreme left of the diagram, the pressure in the ventricle is less than that in the atrium, 

causing the AV valve to open and blood to flow from the atrium to the ventricle, 

progressively increasing the pressure of the ventricle. The ventricle is maximally filled with 

blood, and the volume at this point is called the end-diastolic volume (EDV). The rise at a in 

Figure 2.4 is the atrial systole followed by ventricular systole at line 1. The ventricular wall 

forcibly contracts which sharply increases the intraventricular pressure. As soon as the 

ventricular pressure exceeds the atrial pressure, the AV valve shuts, completely separating the 

two chambers. The wall continues to contract, which sharply increases the ventricular 
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pressure. This part of the cardiac cycle is the isometric-contraction phase. During the 

isometric-contraction phase the ventricular pressure exceeds the aortic pressure. Blood forces 

the aortic valve open, indicated by line 2. Between lines 2 and 3, the pressure in the ventricle 

continues to rise, causing the blood to rapidly leave the ventricle as shown in the ventricular 

volume curve. This is the rapid-ejection phase. The pressure of the ventricle starts to slowly 

decrease. Blood continues to be ejected between lines 3 and 4, but at a slower rate during this 

reduced-ejection phase. At line 4, systole (ventricular contraction) ends. The volume in the 

left ventricle at this point is called end-systolic volume (ESV). The ventricle now has very 

little blood in it causing a rapid decrease in pressure of the chamber. At line 5, the 

ventricular pressure falls below the aortic pressure. The blood in the aorta begins to reverse 

its flow, noted on the diagram as the dicrotic notch, causing the aortic valve to shut. The 

short period between the end of systole and the aortic valve closure, or the first part of 

diastole, is called the protodiastolic phase (region 4-5). At the dicrotic notch, the ventricle is 

again a closed chamber with no blood entering or exiting. The myocardium continues to relax 

during the period'called the isometric-relaxation phase (region 5-6). At line 6, the ventricular 

pressure falls below the atrial pressure which opens the AV valve. The blood that has built 

up in the atrium since the closure of the valve during systole rushes into the ventricle. This 

period is called the rapid-inflow phase. The final phase of the cardiac cycle is diastasis 

where relatively small changes in pressure or volume occur. The cardiac cycle then repeats. 

An example of the time relations of the phases of the cardiac cycle are shown in Table 2.1 for 

a heart rate of 72 beats/min. 

Cardiac Output 

Cardiac output is defined as the quantity of blood ejected by one side of the heart in 

one minute. The quantity of blood ejected by one side of the heart per beat is the stroke 
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PHASE DURATION, SEC 

DIASTOLE: 
Protodiastolic 0.04 
Isometric relaxation 0.08 
Rapid inflow 0.09 
Diastasis 0.18 
Atrial systole 0.09 

Total 0.48 

SYSTOLE: 
Isometric contraction 0.08 
Rapid ejection 0.12 
Reduced ejection 0.15 

Total 0.35 

Table. 2.1 
Approximate duration of phases of the cardiac cycle for a heart rate of 72 beats/minute (from 
Langley, 1974). 
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volume. As explained above, at the end of diastole, the left ventricle is filled to its end-

diastolic volume (EDV) and at the end of systole, the ventricle reaches a minimum volume 

called the end-systolic volume (ESV). The difference between these two volumes is the 

stroke volume. The stroke volume multiplied by the heart rate is the cardiac output. For a 

normal patient, the volume of blood ejected by both sides of the heart is usually the same. A 

few of the more common conditions associated with altered cardiac output are briefly 

discussed below. 

Heart Disease 

There are many disorders of the heart that alter cardiac output. A few examples will 

be given that are of interest to nuclear medicine studies, for illustrative purposes. For a more 

complete overview of heart disease, the reader is referred to the literature. 

Aortic valve insufficiency is a condition in which the valve does not completely close, 

so that part of the blood ejected into the aorta during systole regurgitates into the left 

ventricle during diastole. The heart progressively enlarges (dilates) or the heart muscle 

thickens (hypertrophies) in response to the abnormal work load caused by this inefficient 

process. 

Narrowing of the aortic valve, or stenosis, causes the ventricle to contract more 

rigorously in order to pump a normal quantity of blood through the narrowed opening in a 

normal period of time. This also creates a load on the heart. 

Obstruction of the coronary arteries may lead to a temporary loss of myocardial 

function (ischemia) or it may lead to necrosis due to oxygen deprivation (infarction). 

Connective, or scar, tissue replaces the damaged tissue but does not contribute to the force of 

the ventricular contraction; as a matter of fact, it may even give way during cardiac 

contraction, diluting the force of the contraction. 
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Septal defects, referred to as shunts, are caused by a few different conditions. For 

example, on the septum between the right and left atria there is a shallow depression, the 

fossa ovalis, that marks the site of an opening, the fossa ovale, which during fetal life allowed 

blood to flow directly from the right atrium to the left atrium. Thus, the non-functioning 

lungs were bypassed. The fossa ovale normally closes during the first few months of an 

infant's life but occasionally does not, leading to an atrial septal defect. 

There are two other septal defects that can form during embryo growth. A partitioning 

process occurs to form the four different chambers of the heart. If the septum fails to form 

completely, there will be an opening between chambers of the heart and possibly 

intermingling of the blood. A special blood vessel that forms during embryonic growth joins 

the main pulmonary artery and the aorta. Failure of this vessel to close after birth may result 

in direct communication between the vessels, resulting in a lesion called a patent ductus. 

Nuclear Medicine Studies of the Heart 

Gated Blood-Pool Studies 

The extent of myocardial damage can be assessed by the study of wall motion as well as 

by the study of volume and pressure changes in the heart. The chambers of the heart are 

studied in nuclear medicine by a procedure called multiple gated acquisition (MUGA), also 

known as a gated blood-pool study or a radionuclide equilibrium study. A radiotracer, 

usually ""To-labeled red blood cells, is injected into the vascular system. The activity is 

allowed to reach a homogeneous distribution over the blood volume. An Anger camera is 

used to detect the activity distribution of the patient in a left-anterior-oblique (LAO) 

position. This view allows the left and right ventricle to be projected such that they are 

clearly separated in the image. 
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In order to study volume changes during the course of the cardiac cycle, dynamic 

acquisition is employed. Since count rates are low in planar studies, imaging over one cardiac 

cycle does not result in an acceptable image. Instead, many cycles are averaged in order to 

generate a representative cycle. The cardiac cycle is divided into many frames (usually 

25-40), and images are collected for many subsequent cycles. The beginning of each cardiac 

cycle is triggered by the R-wave of an ECG and, with the assumption of constant cycle 

length and identical volume changes, counts from each different phase of the cycle are added 

together. Abnormally short or long cycles are automatically rejected. The representative 

cycle results from the series of images formed from the average activity distribution of all 

the frames of the cardiac cycle. The images of the summed cycle can be displayed 

individually, or cinematically as an endless loop which gives the impression of a beating heart. 

The cardiac wall motion can then be analyzed by viewing the series of images. 

An assumption is made in MUGA studies that there is a linear relationship between 

volume and counts measured. The ejection fraction (EF) is calculated in the following way; 

FP _ (EDC-ESO = SC 
EDC EDC ' 

where the counts of the left ventricle are EDC (end-diastole counts), ESC (end systole-counts) 

and SC (stroke counts, SC = EDC - ESC) that are determined by establishment of the left 

ventricular boundary. 

The left ventricular EF is a sensitive indicator of left ventricular dysfunction. The 

ejection fraction is normally greater than 55%, but in patients with recent myocardial 

infarction, there is a decrease in the ejection fraction. The ejection fraction can be used to 

evaluate initial prognosis and also in management of therapeutic intervention to determine 

ventricular performance. 

Gated blood-pool images are also used for detection of regional left ventricular wall 

motion abnormalities, found in patients who have suffered myocardial infarcts, such as 
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hypokinesis (decreased movement), akinesis (no movement), or dyskinesis (paradoxical 

movement, as with a left ventricular aneurysm). The size of the ventricular wall region 

displaying abnormal movement correlates closely with the size of the myocardial defect. 

Other applications of the technique include right ventricular ejection fraction and regurgitant 

fraction in patients with valvular heart disease. 

First-pass Studies 

Techniques using scintillation cameras can be used to detect congenital heart disease 

that results in a distortion of the blood flow sequence, i.e. a shunt. There are two types of 

heart shunts: left-to-right and right-to-left. For first-pass studies to be valid, a crisp, short 

radioactive bolus is delivered to the venous system. The bolus consists of "mTc tagged to any 

substance which passes easily through the capillaries of the lung. The data are collected in the 

posterior projection. Planar images are taken with any Anger-type scintillation camera. A 

high resolution camera is not necessary since high sensitivity is more important in a first-pass 

study. The hardware needs to be capable of collecting data for about 60 seconds. 

Visual inspection of the images is useful only for gross abnormal vascular defects. The 

method is not sensitive enough for finer defects. Visual inspection is also useful for 

confirming crisp bolus delivery. The final interpretation, however, is made from curve 

analysis and quantitative assessment. 

Left-to-right shunting results in early pulmonary recirculation and is caused by a 

patent ductus, a ventricular septal defect, or an atrial septal defect. These defects result in a 

distortion of what is called the pulmonary activity elution curve (Goris & Briandet, 1983). 

The curve represents lung activity versus time, starting when the bolus is injected and 

including the first transit and first recirculation. Quantitative analysis of the percentage 

shunting is based on the lung elution curve distortion. The shunt size is expressed either as a 
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proportion between pulmonary flow and systemic, or as the percentage of blood that follows 

the abnormal pathway. Evaluation of ventricular function can also be determined with the 

first-pass study by first selecting a region of interest (ROI) placed over the ventricle. A time 

activity curve is generated that demonstrates the beat-to-beat oscillations in ventricular 

activity from which ejection fraction can be determined. 

Right-to-left shunts may result from atrial-septal defects, ventricular-septal defects, 

and pulmonary arteriovenous anastomoses. The right-to-left flow in the intracardiac 

abnormalities occurs only if the pressure on the right side is greater than the left side. The 

detection of right-to-left shunting is indicated by the appearance of activity in the left heart 

and aorta before the appearance of activity in the lungs. However, quantitation of right-to-

left shunting is not typically evaluated with first-pass imaging. Instead, a lung scan is 

performed using 99mTc-labeIed macroaggregated albumin by a technique more fully described 

by Goris and Briandet (1983). The right-to-left shunt evaluation study is very different than 

the types of studies to be evaluated with our cardiac imager and therefore will not be 

discussed further. 

First-pass studies are also used as a screening procedure for diagnosis of vascular 

obstructive lesions of vessels such as the superior vena cava and the abdominal aorta. 

Myocardial Studies 

A normally functioning heart is well supplied with oxygen via circulation of blood 

through the coronary arteries. If the coronary arteries become blocked or partially blocked 

without sufficient collateral flow, the myocardial tissue can become damaged (ischemic) or 

necrotic (infarcted). Myocardial studies are performed in order to assess the damage from 

heart disease. These studies use two different tracers, one that localizes in healthy tissue 

(Thallium-201 chloride [201T1] or isonitriles ["""Tc]) or one that localizes in diseased tissue 
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(pyrophosphate [99mTc]). The reader is referred to the literature for more information on 

isotopes, particularly isonitrile, currently being developed for myocardial imaging. 

In this section we shall briefly describe myocardial perfusion studies performed with 

Thallium-201 (2tnTl). Abnormalities of potassium transport in the myocardium are indicative 

of acute myocardial ischemia and infarction because the potassium uptake in the heart muscle 

depends directly on the oxygen supplied by the blood. Thallium-201 (201T1) is treated 

similarly to potassium by myocardial cells and emits photons in a range of energies (68-80 

keV) useful for imaging. 

SPECT imaging is commonly used for imaging multiple transaxial projections of 

myocardial perfusion. Normal images of a myocardial study show the ventricular cavity of 

the heart as an area of decreased activity surrounded by a uniform distribution of the left 

ventricular myocardium. Abnormal regions of the myocardium caused by ischemia or infarct 

appear as focal areas of diminished activity. It is difficult to distinguish between conditions 

of acute myocardial infarction, myocardial scars from previous infarctions, and transient 

myocardial ischemia. Stress tests are usually performed for diagnosis of transient myocardial 

ischemia where separate images are obtained and compared for some combination of resting, 

exercise, and post-exercise studies. Evaluation of the myocardial study is done mostly 

through visual interpretation augmented by clinical information. Some quantitative techniques 

are available and can be found in the literature. 

The three types of cardiac studies discussed above (MUGA, first-pass, and 

myocardium) are accomplished by either planar, dynamic planar, or by non-dynamic SPECT 

imaging. None of the studies are accomplished by dynamic SPECT imaging because of the 

motion involved with conventional SPECT. Dynamic cardiac SPECT imaging will add a 

fourth dimension, that of time, to these studies. 



CHAPTER 3 

33 

MODULAR CAMERAS 

This chapter presents a review of the individual modular camera, describes the 

advantage of building an entire SPECT system from a geometrical configuration of modules, 

discusses results from previous systems built, and describes the 16-moduIe cardiac imager 

used for research in this thesis. 

Individual Modules 

Our modular cameras have a 10cm x 10cm Nal(Tl) crystal, a 1.9 cm thick quartz light 

guide, and four 5 cm square photomultiplier tubes (PMTs) assembled within an 

11cm x 11cm x 26cm anodized aluminum housing (Figure 3.1). External to each module is 

electronic circuitry that digitizes and processes the PMT signals. The modular gamma camera 

has been described by Milster et al. (1990), who showed that the entire crystal face is useful 

for imaging due to implementation of a statistical estimator for photon position that is realized 

through digital electronics and a lookup table. 

Signal processing of the modular camera is accomplished in a sequence illustrated in the 

schematic of Figure 3.2. Each of the four PMTs of a camera responds to a gamma-ray event 

with an analog signal. The interface electronics digitize each PMT signal to 8 bits which are 

then, because of memory constraints, compressed to 5 bits via a square-root mapping 

implemented in an erasable, programmable, read-only memory (EPROM). Signals from the 

four EPROMS are concatenated into a 20-bit digital signal, which is used to address a lookup 

table where position estimates, ft and $>, are stored. If the collection of the four EPROM 
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Fig. 3.1. 
The modular gamma camera. Four square PMTs are attached with optical silicone to a 1.9 cm 
thick exit window mounted on a 10 cm x 10 cm Nal(Tl) crystal. The assembly is housed in 
anodized aluminum. 
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Flow diagram of the signal processing and data acquisition in the modular gamma camera. 



36 

signals are determined to be caused by a photoevent and not by background or scatter, the 

position estimate is incremented in image memory. The lookup table is a many-to-one map 

since there are 220 possible combinations of the 20-bit signal and there are only 64 x 64, or 

212 possible position estimates allowed across the 10 cm x 10 cm field of view of the camera 

with 1.6 mm x 1.6 mm pixels. Some of these possible combinations do not, however, 

represent feasible position estimates. 

Calibration is performed on each module, prior to using the module for imaging, to 

determine PMT response as a function of scintillation position. The responses of all four 

PMTs to a collimated ""Tc source at 64 x 64 (4096) resolution elements of the crystal are 

determined by measuring the response of a subset of the elements and interpolating to the full 

set. The characterization is performed as follows. The point source is moved in a 16 x 16 

array via a computer-controlled x-y table. At each point in this array, a fixed number of 

photo-events is counted. For each event, a 20-bit signal from the digitized PMT responses is 

produced. This signal points to a memory location which is incremented each time a 

particular signal occurs. A histogram is generated from this process. The histogram 

represents the probability law for the signals, as determined by the statistics of photoemission 

and the EPROM compression. We then use maximum likelihood (ML) estimation to 

determine the mean number of photoelectrons, which we call the mean detector response 

function (MDRF). The response of the 16 x 16 array is then interpolated to a 64 x 64 array. 

Further details on the module calibration and the lookup table formation are given by Milster 

et al. (1990), Mar (1989), and Aarsvold et al. (1988). 

Spatial resolution was tested with a """Tc collimated source on an 8 x 8 grid centered 

on the module (see Figure 3.3). Spatial resolution is 3.5 mm FWHM in the center of the 

crystal. Also, no warping of the grid is seen, indicating excellent position estimations. 

Energy resolution has been measured (as described by Milster, 1990) with a collimated "mTc 
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Fig. 3.3 
Planar image of a point-source array on a modular camera. A fine single-bore collimator was 
positioned at 64 different locations on an 8 x 8 grid, and the effective width of the beam 
from each source on the camera was about 2 mm. Total counts at each location were about 
25,000. Each display pixel represents 1.6 mm x 1.6 mm. Spatial resolution is 3.5 mm FWHM 
in the center of the crystal. 

Fig. 3.4. 
Planar image of Picker thyroid phantom displaced to the edge of the module to illustrate that 
all of the module is usable for imaging. The phantom was imaged through a parallel-hole 
collimator. The image represents approximately one million counts. 
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source. For the combined signal from the four PMTs, the energy resolution is 10% for a 

source in the center of the camera field. 

Results obtained from testing modular cameras verified excellent performance across 

the entire 10 cm x 10 cm crystal. A thyroid phantom imaged in the corner of a modular 

camera is shown in Figure 3.4. The image data were processed using a multiple-assignment 

position estimation technique (Milster 1990), then divided by a reference flood, and, lastly, 

smoothed. The modular camera certainly rivals the standard Anger camera in performance, 

and exceeds normal performance of existing cameras at the field edge. Because of the useful 

performance out to the edge of the field, individual modules can be abutted and used as a 

system without losing much information at the housing edges. This statement is verified in 

the graphical representation section of Chapter 4. 

Modular Camera Systems 

There is great interest in the continued development and improvement of SPECT 

imaging, particularly since it is a less expensive modality than PET imaging. There are, 

however, several drawbacks to conventional SPECT systems, including low photon count rate 

as well as camera motion. The low photon count rate is due to: "dead time" necessary for a 

gamma camera to process a photon event before it is able to detect another, the limited field 

of view the detector makes with the radiating body; and an inefficient use of detector area by 

the use of parallel-hole collimation (where the projection of the object makes use of only a 

fraction of the available detector area). In conventional SPECT systems, camera motion is 

used to collect the angular samples required for image reconstruction. The time involved in 

rotating the camera around the object space makes the task of dynamic imaging impossible. 

Dynamic SPECT imaging is possible only in a system that requires no motion of the 

aperture or detector, has adequate collection efficiency and good count-rate capabilities, and 
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is able to meet adequate angular sampling requirements. The objective of research in our 

group has been to use a number of modular cameras as detectors instead of one large crystal 

for SPECT imaging. The modular cameras can be arranged in such a way as to 

simultaneously collect an adequate number of line integrals through a radiating object for 

image reconstruction. Since the entire crystal surface of each module is usable for imaging, 

the abutment of the modules to form a system results in a large effective detector area at a 

reasonable resolution. The result is a large space-bandwidth product (SBWP), which can be 

thought of as the area of the detector divided by the area of the resolution cell. Any increase 

in SBWP results in an increase in gsystem performance and is a significant advantage of our 

modular cameras. 

We replace the conventional collimator with coded apertures because parallel-hole 

collimators placed in front of each module in a system result in only a limited number of 

angular samples. In order to fabricate the coded apertures, we make use of a flat plate of 

lead alloy with small openings, or pinholes (not necessarily limited to being round in shape), 

which allow gamma rays to pass. The spatial distribution of the pinholes is referred to as the 

code. Each pinhole of the coded aperture projects the three-dimensional radiating object 

onto the two-dimensional gamma-ray detector. Multiple angular sampling of the object is 

obtained through the pinhole array. The coded apertures in combination with modular 

cameras allow for an imaging system that makes efficient use of detector area and has an 

increase in sensitivity over a parallel-hole collimator SPECT imager. The coded-aperture 

systems are capable of collecting projection data at rapid rates for the following reasons. 

First, since the system is stationary, the entire data set of the radiating object is collected 

simultaneously. Next, the efficient use of detector area, achieved by surrounding the object 

of interest with modular cameras, gives a high photon count. Lastly, each module's signal 
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processing electronics are self contained so, for a system of N modules, the count rate 

capability of the system is N times the count rate capability of a single module. 

The modular-camera SPECT systems built as test beds for optimization of many system 

parameters include a square and an octagonal transaxial cardiac imager (Roney, 1989), and a 

three-dimensional brain imager (Rowe, 1990). The discussion in this text includes only the 

cardiac imagers. 

The cardiac systems were designed to increase sensitivity and angular sampling by 

surrounding the object space with a contiguous ring of 16 modular cameras. With these 

symmetric configurations, it was possible to emulate an entire stationary system using one-

fourth of the required hardware to perform single-slice, two-dimensional SPECT imaging. 

At the time these geometries were investigated, only a limited number of modules were 

available. Therefore, by rotating the object by 90° four times, only four modules were 

needed to emulate the characteristics of systems with 16 modules. 

Both the square and octagon systems were used to perform single-slice, two-

dimensional SPECT imaging. The systems were used to investigate system parameters such as 

variations in distance from object center to aperture plane (Sj), the distance from aperture 

plane to detector plane (s2), pinhole spacing and location, and total number of pinholes. 

Good images were obtained, especially with the octagonal system, by collecting real data from 

a variety of phantoms. Proof of principle for the subslicing technique was accomplished with 

the octagonal system. The limitations of the 4-module emulation systems were that only a 

small object could be accommodated and only four-fold rotatively symmetric geometries 

could be considered. 

Once 16 modules were available along with supporting electronics, geometries other 

than those with four-fold rotational symmetries were possible, including non-contiguous 

modules and elliptical geometries. For the cardiac imager, a lead-lined gantry was designed 
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to house the image-forming elements and the modules (Moore, 1989). The design allowed for 

flexibility in module configuration so that several system geometries could be tested. The 

gantry was mounted on a hydraulic system that allows for horizontal placement of the system 

for laboratory testing or vertical placement for patient imaging. A schematic of the gantry is 

shown in Figure 3.5. 

One of our main considerations in designing the system geometry was patient size. We 

were, however, limited to an availability of 16 modules for use in the cardiac imager. We 

considered both elliptical designs and regular-polygon designs for configuration of 16 

modules. Elliptical geometries bring the modules in closer proximity to the body since for 

thin to medium-sized patients, chest dimensions are somewhat elliptical in shape. (This is less 

true for large patients whose chest dimensions become more circular.) Elliptical 

configurations can accommodate a larger rectangular-shaped object space (desired for imaging 

the thorax) for a given number of modules. However, the distance from object center to 

aperture plane (sj), a parameter that affects magnification of the object onto the detector, is 

not fixed in an elliptical design. Although this variation in magnification may not be a 

problem, it was our intention to fix as many parameters as possible during system 

optimization and therefore, we chose to work initially with polygon configurations of the 

modules. 

We designed the cardiac imager to use the 16 available modules, filling 16 sides of an 

18-sided polygon (see Figure 3.6). The two missing sides in the imager are to be aligned with 

the patient's dorsal side since the vertebral bodies highly attenuate gamma rays and the 

resulting decrease in available information along with the increase in scatter makes this 

direction relatively unimportant for cardiac imaging. With the aperture plane to detector 

plane distance, s2, equal to 8.1 cm, a 29 cm x 37 cm object space is possible with this 

geometry. For a large percentage of the population, this object size will suffice for chest 
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Fig. 3.5. 
Mechanical layout of the gantry of the cardiac imager. A hydraulic system is used to rotate 
the system from a horizontal position, which is convenient for system development and 
imaging phantoms, to a vertical position for patient imaging. 
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Fig. 3.6. 
Overall layout of the cardiac imager. The imaging components consist of 16 modular cameras 
(filling 16 sides of the 18-sided polygon), coded apertures, and subslicing collimators. The 
two missing sides are to be aligned with the patient's dorsal side since the vertebral bodies 
highly attenuate gamma rays. 
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imaging if the system is used in the horizontal orientation and the patient is sitting in an 

upright position. Once the imager is placed in a vertical orientation, and the patient is placed 

on the imaging table which takes up some of the space, we expect that only average to smaller 

patients will be accommodated by the bore. We intend to demonstrate dynamic SPECT 

capabilities in clinical studies with the system as currently configured. However, in order to 

accommodate large patients on an imaging table, a redesign that increases the number of 

modules in the system or that uses elliptical configurations will eventually need to be 

considered. 

The image-forming elements for the stationary SPECT imager are important features in 

the system. The combination subslicing-collimator/pinhole-aperture, to be discussed in 

Chapter 5, was built on a removable ring and then was mounted in the gantry. The cardiac 

imager as described in this chapter has served as a test bed for an extensive series of phantom 

studies which were designed to further optimize aperture code and subslice collimators. The 

computer simulation results are given in Chapter 6 and the laboratory results are given in 

Chapter 7. 
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CHAPTER 4 

THEORY 

The purpose of this chapter is to augment the discussions in other chapters. First, the 

physical processes of photon interaction with matter are discussed. Next, the Radon 

transform is described for CT, followed by the attenuated Radon transform for SPECT. 

Then, sampling requirements are developed for parallel-hole collimator SPECT imaging. 

Radon plots for parallel-hole collimator SPECT and pinhole-coded-aperture SPECT are 

described and then compared. The mathematics that support the imaging equation are 

discussed. Finally, measurement of the system matrix, H, or the system response function, is 

discussed in this chapter because the discussion follows neatly after introduction of the linear 

imaging equation. 

Interaction of Photons with Matter 

There are three distinct ways that photons traveling through body tissue interact with 

electrons: photoelectric absorption, Compton collision, and pair production. All of these 

interactions decrease the number of gamma rays that penetrate the attenuating body and reach 

the detector. For a homogeneous attenuating medium with linear attenuation coefficient n, 

the change in the number of unscattered, primary photons at a distance traveled, x, is given 

by 



46 

where $ is the photon flux in photons per cm2. A solution of the differential equation is 

known as Beer's law; 

where is the number of primary photons at x = 0. For a non-homogeneous attenuating 

medium, n varies with position so that 

The attenuating material may alternatively be described by a volume density of 

attenuating particles (n per cubic centimeter) each of which presents a cross-sectional area a 

to the incident beam as 

— = -a n <p , 
dx ' 

which integrates to Beer's law with substitution /* = an. 

The linear attenuation coefficient can be written as a combination of the three 

interaction mechanisms, 

where /a is separated into each component of pe (photoelectric), C (Compton), and pp (pair 

production). Only the effects of photoelectric absorption and Compton scattering are 

important in the nuclear imaging photon energy range of 50 - 100 keV because the energies 

are too low for pair production. The attenuation coefficient then reduces to the sum of two 

components 

The photoelectric effect is the dominant attenuating mechanism for the lower energy 

range. The effect occurs when the photon interacts with an electron bound to an inner shell 

of an absorbing atom. The ejected electron has kinetic energy, Ee, equal to the energy of the 

$ = <t>0 e"MX 

$ = <fr0 exp - ix' n(x') 

H  =  f i P e + H c + f i P P  , 

H = n + n c .  
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incident photon, E0, minus the binding energy of the electron, Eb: 

E e = E 0 - E b  .  

It has been established experimentally that 

kpZ4 

AE0
3 

where k is a constant that depends on the shell involved, p is the density, A is the atomic 

weight, and Z is the atomic number of the material (Barrett and Swindell, 1981). 

Compton scattering is the dominant mechanism of interaction of photons with tissue for 

the higher nuclear imaging energy range. Compton scattering is an inelastic collision between 

the incoming photon and a free or loosely bound electron. The incident photon with energy 

E0 collides with the electron and is scattered at an angle 6 with energy E'. The recoiled 

electron departs at an angle <f> with energy E (see Figure 4.1). The principles of conservation 

of energy and momentum yield: 

1 1 1 
E' E0 m0c2 ( 1 - cos 6 )  ,  

where m0 is the mass of the electron and mGc2 =511 keV. The kinetic energy of the 

electron is then 

(aE0( 1 - cos 9 ) )  
1 + ct( 1 - cos 6) ' 

where 

(E0) a = 

m0c2 ' 

The scattering angle 6 is related to the electron recoil angle <f> by 

cot <f> = (1 + a) 1311 • 

Scattered events result in mispositioning of events in images. The effect of this 

mispositioning is to degrade the quantitative accuracy of the measurement of the isotope 

distribution. Mathematical corrections for scatter are feasible, but were not implemented in 

this thesis. 
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Fig. 4.1. 
Geometry for Compton scattering. 
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Computed Tomography 

Computed tomography (CT) is a technique by which three-dimensional information is 

obtained by producing a series of two-dimensional cross-sectional images from multiple 

projection data. The basic mathematical concepts are now introduced followed by the 

application of these concepts to single-photon emission CT (SPECT). 

The Radon transform is the mathematical basis of transmission computed tomography. 

In this imaging modality, thin pencil beams of monoenergetic x-rays are directed at an object 

and the transmission value of the exiting beams are detected. Each measured transmission 

value is related to a line integral involving the attenuation coefficient by Beer's law. The set 

of all line integrals for a particular direction of the x-ray beam is a one-dimensional 

"projection" of the two-dimensional (2D) object section. The x-ray beam sources and 

detectors are rotated around the object to produce a data set. The full set of line integrals for 

all possible beam directions is the 2D Radon transform of the attenuation coefficient. The 

reconstruction of the original attenuation distribution from a collected set of line integrals to 

produce a 2D image of the object is an implementation of the inverse Radon transform. 

The object of interest for medical imaging is the human body. The distribution of 

activity per unit volume in the 2D radiating object is denoted as f(r), where vector r = (x, y). 

Two parameters may be used to specify a line of integration through the object (Figure 4.2). 

We use <t>, the angle between the line and the y axis, and p, its perpendicular distance from 

the origin. Alternatively, we may use fl, the unit vector normal to the line, and p. We then 

define the projection A of the general 2D function /i(r) as the integral along the line 

p = r • fl : 

(4.1) 

where the integration is over the full 2D space. 
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Fig. 4.2. 
Geometry for the Radon transform. 
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The one-dimensional Dirac delta function fi[p - r • ft] has the effect of reducing the 

plane integral to a line integral. Equation 4.1 is called the Radon transform. Since the 

projection values are the same for (p , <f>) and (-p , 0+7r), the source-detector need only be 

rotated by tt. 

The inverse Radon transform can be deduced by several methods including the central-

slice theorem (see Barrett, 1984). The important result from the central-slice theorem is that 

the ID Fourier transform of a projection of a 2D function is directly one line through the 

center of the 2D Fourier transform of the function itself. Therefore, by transforming 

projections at different angles <f>, the entire 2D frequency space can be sampled on a set of 

lines passing through the origin. The ID Fourier transform of f(r) we denote as F(p), where 

p is the 2D variable in frequency space. Then, if in collecting the data set A(p,^) the 

sampling requirements are met for representing F(p), the function f(r) can be determined 

from the inverse Fourier transform of F(p). 

Single-Photon Emission Computed Tomography 

The attenuated Radon transform is the mathematical basis of SPECT. In conventional 

SPECT, the parallel-hole collimator allows only for radiation originating from thin pencil-like 

regions within the object to reach the detector. The data set is the count rate at a particular 

gamma detector position. The gamma detector is rotated around the object to produce a data 

set from the line integrals. The line integral in SPECT represents not the attenuation 

coefficient as it did in CT, but the activity distribution within the object. The projection 

data for SPECT are generalized to 

A(p,0) = d2r f(r) a(r -J) <S[p - r • ft]. 
Joo 
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where a(r;^) has been incorporated to represent an attenuation weighting factor (Barrett, 

1984). The probability that a photon emitted at r will reach the detector is given by 

where [i is the space-dependent linear attenuation coefficient (the same distribution as CT), x 

is the line between the point r' and the detector location D. Then, the projections A(p,$) are 

exponentially weighted line integrals of the activity distribution. For CT projections, only 

data sets for 0 to x are necessary. In SPECT, the projection values for (p , <f>) and (p , $+?r) 

are not the same, so that the projections over a full 2x must be measured in order to form a 

complete data set. The projection depends on f(r) and pir), which are, in general, two 

independent 2D functions. In order to reconstruct the object f(r), the form of the function 

/i(r) is assumed, determined by prior CT scan, or determined by making use of phantoms that 

resemble the object of interest. The inversion of the projection equation is a difficult 

problem and has been accomplished only for special forms of /x(r). 

In this section, we discuss sampling requirements that need to be considered in 

instrumentation design for parallel-hole collimation systems for a single-slice imager. Next, 

we describe graphical representations of sampling in projection space for a parallel-hole 

collimation system and for a coded aperture system. We then compare these representations in 

projection space so that qualitative assessment can be made in determining adequate sampling 

for coded-aperture systems. 

a(r tf) = exp - 3x f) 
r 

Sampling Requirements 
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The projection A(p,0) was introduced as a continuous 2D function. However, in 

practice it is necessary to form discrete samples from this distribution so that digital 

reconstruction methods may be implemented. We wish to determine the number of samples 

required by Fourier sampling theory so that reconstructions free of aliasing errors or other 

artifacts can be obtained. First, we need to know the required spacing between increments 

along the line p (Ap) and the spacing between samples in angle (A^). The rotatively 

symmetric geometry of Figure 4.3 illustrates the following discussion. We consider an object 

of circular support with radius equal to a. For a bandlimited object with maximum one-

dimensional spatial frequency £max, each one-dimensional projection must satisfy the Nyquist 

sampling criterion, so that the maximum spacing in the spatial domain is Ap = l/2£max along 

a projection line. 

The total number of samples along a projection line is the object size divided by the 

sample spacing: 

N, = 2a/Ap = (2a)(2£max) . 

In SPECT imaging, projections of object space are required over a full 2tt to form a complete 

data set. The number of angular samples required in 27t is 

N, 
* A0 ' 

The sampling interval in Fourier space is A£ = l/2a. In order to completely sample all of 

Fourier space, 

A(j> =_A£ „ (l/2a) B _Ae 
9 emox 0/2 Ap) a 

This condition results in oversampling for £ < £max . 

Substituting into the equation for the number of angular samples gives 

m _ 

* Ap * 

Then the total number of data points necessary to form a complete data set is 

N = NNi = — — = 7r N 2. 
1 * Ap Ap 8 
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Fig. 4.3 
An object contained in a circular region of diameter 2a, as shown in the upper figure, is 
sampled with evenly spaced detectors. The Radon-space representation of the projection, 
which is shown in the middle figure, is of radius a and is sampled at lateral increments Ap 
and angular increments A<f>. The corresponding Fourier-space representation, shown in the 
lower figure, is of diameter 2£max and is sampled at lateral increments A£ and angular 
increments A^. 
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Graphical Representation of the Line-Integral Sampling 

A graphical representation of sampling may be accomplished by mapping data from the 

x-y space of real objects to the p-^ space of projected data and representing the data in 

Cartesian form. In the Radon transform discussion, we specified a line integral in object 

space by two parameters $ and p, the angle between the line of integration and the y axis and 

its perpendicular distance from the origin, respectively (geometry shown previously in Figure 

4.2). The location of the line integral in object space is represented by a single point in 

projection space with <f> and p as axes. We first consider a series of parallel projections with 

even sampling in p and <f> with the following example. For resolution of 1.5 cm within an 

object 22 cm in diameter, we use the equations above to determine that Ap equals 0.75 cm 

and equals 3.9 °. These incremental spacings result in a rectangular grid when plotted in 

a projection space as shown for a small range of angles in Figure 4.4. 

In Figure 4.5, projections from a uniformly-spaced pinhole coded aperture are plotted 

for one modular camera, again with ^ and p as axes. The points in this plot lie in the same 

range in <f> as the parallel-hole collimator example of Figure 4.4 and warrants the following 

discussion. The module detector length is 10 cm divided into 64 detector elements each of 

width 1.6 mm, the distance from object center to aperture plane, slt is equal to 23.1 cm and 

the distance from aperture plane to detector plane, s2, is equal to 8.1 cm. The single module 

views an object 22 cm in diameter through 4 pinholes equally spaced at 2 cm increments in 

front of the module. Projections from pinholes aligned with the two adjacent modules in the 

system ring are allowed to reach this module and contribute line integrals. Due to the object 

size, only one pinhole from each adjacent module actually contributes information to the 

module. So, in essence, 6 different pinholes contribute line integrals from the radiating object 

to the detector elements of a single module. A few detector elements are labeled in the graph 

in order to illustrate the multiplexing effect. Each skewed curve in the graph represents 
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Fig. 4.4 
Radon plot for parallel-hole collimator system for a small range of angles. For a resolution of 
1.5 cm within an object 22 cm in diameter, a series of parallel projections in object space 
results in a rectangular sampling of projection space with Ap = 0.75 cm and A<= 3.9°. 



57 

iii.no 

i \ \ 

b.dl) 

O 

Q. 

- ii.ni> 

- 1f).uu 

*•* \ M 

I \ \ \ 

n » n t r i i f i-i i i r ri 

*. \ V « 
"» • •, 

* 32 '  51 

i I i i ri ri i ri n f ' ' '"i ( I if' n i i 
.15.00 G5.00 Bb.00 1013.00 

phi (degrees) 
125.0(1 

Fig. 4.5 
Radon plot for an equally-spaced pinhole array for a single module. There are 6 pinholes 
that contribute line integrals to any of the 64 detector elements, each of width 1.56 mm. Four 
of the pinholes are located directly in front of the module, and one pinhole on either side of 
the module contribute line integrals to any of the 64 detector elements of the module. 
Detector elements "illuminated" by the 6 pinholes are indicated numerically. 
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Fig. 4.6 
Radon plot for an equally-spaced pinhole array for two adjacent modules. There are 10 
pinholes that contribute line integrals to the detector elements of the two modules. This 
figure illustrates the inherent loss of sampling in projection space due to the abutment of the 
modules where there is 1/2 cm of housing for each module that is unusable for imaging. 
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projections through a single pinhole. Points along the curve are detector elements which 

become "illuminated." If a given detector element is illuminated through more than one 

pinhole, then multiplexing has occurred making it difficult to ascertain from which line 

integral the events occurred or in what combination. The skewed curve on the left shows 

elements 1-15 illuminated, the next line to the right shows elements 1-32, in the third line 

1-51 are illuminated, the fourth line elements 14-64, the fifth line shows 33-64, and the sixth 

line shows 50-64. Through these six pinholes, most of the elements are illuminated three 

different times. This is the effect of multiplexing or, specifically in this case, triple-plexing. 

A method for using different regions of the detector to obtain information from the same 

number of pinholes without multiplexing is described in Chapter 5. Note that for a smaller 

object than the 22 cm diameter used in this discussion, the multiplexing is reduced until it is 

completely eliminated for objects less than about 8 cm in diameter. 

Figure 4.6 illustrates the line integral contributions to two modules that are adjacent in 

the imaging ring. There is a discontinuity of a pinhole contribution at the abutment of the 

modular cameras since the housing of the modules is 11 cm in length while the active crystal 

area is 10 cm in length leaving an inactive area between modules, which are abutted every 

20°, of about 1 cm. There is therefore a loss of attainable information at the abutment. The 

next figure (Figure 4.7) shows 18 modules placed every 20° in an annular ring and the 

resulting line integrals measured by the 64 detector elements of each module. Projections 

from pinhole-coded apertures result in a skewed grid when compared with projections from 

parallel-hole collimators. This is due to variations not only in Ap for each line integral but 

also in A^. 

The last figure in this sequence (Figure 4.8) represents a parallel-hole collimator as 

described at the beginning of this section except that a full 360° is represented, and the plot is 

scaled the same as the pinhole coded aperture so that they can be compared. There are 2672 



59 

I fi .OO 

E 
u 

• I 5.00 • 
- ico.on flO.OO 20.00 120.00 

phi (degrees) 

i  i  i - r •  

Fig. 4.7 
Radon plot for an equally-spaced pinhole array for a system with 18 modules placed every 
20° so that an entire 360° is filled with modules. There are 72 pinholes that contribute line 
integrals to the detector ring. The loss of attainable information at the module abutments is 
illustrated. 
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Fig. 4.8 
Radon plot for parallel-hole collimator rotated 360° around the object space. This figure has 
been scaled the same as Figure 4.7 so that they may be compared. There are 2672 
independent measurements in the parallel-hole collimator and 3528 measurements, of which 
some are triple-plexed and therefore not independent, in the pinhole coded-aperture 
projection in Figure 4.7. 
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independent measurements in the parallel-hole collimator representation and 3528 

measurements in the pinhole coded aperture representation that also suffers from triple-

plexing. 

The Radon plots illustrate that sampling for pinhole coded apertures is similar to that 

for parallel-hole collimators except for the lack of sampling at the abutments. We 

qualitatively conclude that the sampling requirements of coded-aperture systems are 

essentially the same as those of parallel-hole collimator systems for designs that do not have 

much multiplexing. For designs that do have multiplexing, the effects of multiplexing can be 

reduced by methods described in Chapter 5, at which point the sampling requirements 

become essentially the same as those of parallel-hole collimator systems. 

The goal of emission tomographic imaging is to produce a reconstruction of photon 

emission distributions of a continuous object slice from a discrete set of measurements. In 

order to invoke digital computations and displays, the photon emission distribution and the 

imaging function that relates the distribution to a given data set must both be made discrete. 

This is accomplished by approximating these continuous functions by a finite series using 

basis functions. In our application, the emission distribution of a finite set of j object pixels 

(j = 1,2,...N) is denoted by fj, the average emission distribution over pixel j; g; (i = 1,2 M) 

is the discrete set of observed data for M detector elements; Hjj, is the contribution of the 

jth basis function to the ith detector element and nj is the zero-mean, additive noise in the 

data as recorded by the ith detector element. The image data can then be written as 

Imaging Equation 

(4.2) 

J 
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This equation can be expressed in matrix form as 

g = Hf + n , (4.3) 

where g, f, and 11 are vectors and H is a matrix that we call the system matrix. This is the 

basic form of the discrete linear imaging equation. For N detector elements and M pixels in 

object space, H is a (N x M)-matrix, g and n are (N x l)-vectors, and f is a (M x l)-vector. 

The image reconstruction task is then, given the data set g and the system response matrix H, 

estimate the discretized object f. Because the data vector g is limited by the number of 

detector elements that view a single object slice, its dimension is much smaller than the 

dimension of f, resulting in a severely underdetermined set of equations. Therefore, the 

inverse problem of finding f from g cannot be solved by simply multiplying both sides of 

Equation 4.3 by the inverse of H, it may, however, be determined by statistically estimating f. 

Maximum-likelihood estimates, weighted least-squares estimates, and maximum a posteriori 

estimates are all examples of principles that can be implemented in reconstruction algorithms 

to solve the inverse problem. 

Measuring the System Response Function 

All reconstruction algorithms require knowledge of the system matrix, H. In 

conventional SPECT systems, the matrix is analytically determined based upon an assumed 

model for the system. Therefore, assumptions are made on camera resolution and uniformity 

as well as radiometry effects. For our stationary SPECT system, we measure directly the 

system response H, introduced above, by stepping a point source through a finely-spaced 

pixel grid of the object space and measuring the detector response. In this manner, Hjj, 

representing the ith detector response to the point source at the jth location in space, is built. 

By measuring H directly, we inherently take into account all geometric effects, detector non-

uniformities, septal penetration, cross-talk of collimating slats, and possible misalignments 
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within the system. The measured H matrix can also be modified to correct for attenuation 

and scatter in post-processing by choosing the size and distribution of the attenuating 

medium. Collection time of the H matrix can take many hours, during which the source can 

decay several half-lives. Therefore, a source decay correction is applied after the entire 

matrix is collected. 
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CHAPTER 5 

PINHOLE APERTURES AND SUBSLICE COLLIMATORS 

In this chapter, examples are given to demonstrate the relationship between resolution, 

object size, and number of required samples for a SPECT system. Then, the effect of 

multiplexing which occurs from meeting sampling requirements for larger objects in the 

stationary coded-aperture system is described. Next, a new technique, subslicing, developed 

to increase angular sampling without introducing a great amount of multiplexing is presented. 

Lastly, the pinhole configurations designed to test two- and three-subslice systems are 

described. 

We first give examples of sampling requirements for reconstructing objects of different 

sizes imaged with a single-plane SPECT system that makes use of parallel-hole projections 

(equations developed in Chapter 4). Say we are interested in resolving detail of 0.5 cm and 

have an object 10 cm in diameter so that £max a l/(detail size) = 2 cm-1 and 2a, the object 

diameter, is equal to 10 cm. Then, in order to meet Nyquist sampling requirements, the 

number of samples in each projection is Na =(2a)(2£max) = 40 and the number of angular 

samples N^ = 2a7r/Ap, as described in Chapter 4, equals about 126. Thus, the total number of 

sample points needs to be about 2500. Now, say the object size increases to 20 cm in 

diameter and we are still interested in 0.5 cm detail. The number of linear samples required 

is 80, the number of angular samples required is 251, resulting in a total number of required 

samples equal to about 10,000. For a 30 cm diameter object and the same detail, Na = 120, 

N^ = 377, and N, the total number of samples, is equal to about 45,200. Thus the number of 

samples required to reconstruct an image grows rapidly as the object size increases. 
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Multiplexing 

In this section we demonstrate the effect that results from attempting to adequately 

sample object space with pinhole coded-apertures in the cardiac imager described in Chapter 

3. In this example, we will assume that the distance from object center to aperture plane and 

the distance from aperture plane to detector plane are fixed. If we first consider imaging.a 

small object in the cardiac system, we can implement an aperture design in which the 

pinholes are uniformly distributed around the 320° detector area of the imaging ring and that 

allows for adequate sampling of the object space without causing overlapping projections of 

the object (Figure 5.1). If we next consider a larger object, we must increase the number of 

pinholes in the aperture in order to obtain more required samples (as illustrated above in the 

parallel-hole collimation example). So, a larger object will be undersampled in an imaging 

system that makes use of uniformly distributed pinholes spaced in such a way as to not allow 

for any overlap of object projections (Figure 5.2). In order to meet sampling requirements, 

an increase in the number of pinholes is allowed but causes overlapping of the object 

projections as shown in Figure 5.3. This overlapping of projections is what we refer to as 

multiplexing. 

There is another way to look at multiplexing. For a small object, there may be only 

one line integral from the radiating object that reaches a given pixel (Figure 5.4). For a 

larger object which demands an increase in samples, and therefore more pinholes, there may 

be many line integrals from the object space contributing counts to a single detector pixel 

(Figure 5.5). It is difficult in the reconstruction process to ascertain the number of counts 

contributed by each separate line integral. This is the situation that results in multiplexing. 

We now consider the three-dimensional aspects of the cardiac imaging system but still 

limit our discussions to a single-slice device. For our modules with approximately 3 mm 

resolution, there are about 32 resolvable elements across the face of each module, requiring 64 
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Fig. 5.1. 
Top view of a small object placed in an imager of 16 modules filling 16 sides of an 18-sided 
polygon. The schematic depicts a uniformly spaced array of pinholes closely spaced around a 
portion of the aperture ring, but the pinhole spacing does not induce an overlap of object 
projections at the detector surface. 
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Fig. 5.2. 
Top view of a large object placed in an imager. The schematic depicts a uniformly spaced 
array of pinholes sparsely placed along the aperture ring so that it does not cause an overlap 
of object projections on the detector surface. 



67 

Fig. 5.3 
Top view of a large object placed in an imager. The schematic depicts a uniformly spaced 
array of pinholes closely placed in the aperture ring so that an overlap of object projections 
occurs at the detector surface, which we refer to as multiplexing. 
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Fig. 5.4 
A small object contributes only one line integral to a single detector pixel that views the 
object through a pinhole aperture designed to adequately sample an object of this size. 
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Fig. 5.5 
A large object contributes numerous line integrals to a single detector pixel that views the 
object through a pinhole aperture designed to adequately sample an object of this size. 
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samples to satisfy the Nyguist condition. Since each Nyquist sample is, in a sense, an 

independent measurement, this means that our system of 16 modules provides a maximum of 

16 x 64 (1024) independent measurements of any one object slice. There is, however, 

available space-bandwidth product perpendicular to the object slice afforded by the modular 

cameras that we are able to make use of in a technique that allows for acquisition of an 

adequate number of object samples without degrading the image by multiplexing. 

We take advantage of the high resolution of our detectors in handling the multiplexing 

by separating the multiple line integrals that reach a single detector element and, as a result, 

increase the number of independent measurements. We have done this by designing a 

collimation system that divides a given horizontal detector strip that views a single 

tomographic slice into smaller strips (see Figure 5.6). We refer to these smaller strips as 

subslices. Each of these subslices views the same object slice through a focussed slat 

collimator. In order to illustrate the advantage of the subslice design, we first consider an 

example in which an aperture is placed in front of a subslice collimator that has two pinholes 

aligned along the horizontal axis (see Figure 5.7). In this case, there are line integrals through 

object space obtained by the two subslices that are recorded on different detector strips offset 

in the vertical axis. Because the pinholes are aligned, the set of line integrals projected to the 

detector strips is the same and no new information is gained by using the subslices. If we 

now consider an example in which the pinholes in front of the subslices are staggered 

horizontally, then each subslice in the collimator still views the same object slice, but, the set 

of line integrals projected to the two detector strips are different. Since the detector strips are 

separated out along the vertical axis, in this case, there is no overlap of the line integrals from 

the two pinholes onto any given detector pixel. Thus, because there are no overlap in 

projections, each set of line integrals from the two detector strips contribute independent 

measurements of the object slice. Therefore, by using two subslices to view the same object 



70 

AFERTURE 

COLLInA TOR 

OBJECT 
CENTER 

"1 

.u 

Fig. 5.6 
Schematic diagram of subslice collimator used in the heart imager. There are two subslice 
collimators defined by lead slats that allow two detector strips to view essentially the same 
tomographic slice, making it possible to get more independent angular samples from each 
slice. 
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Fig. 5.7 
Modular camera with subslice collimator and an aperture with pinholes aligned. In the upper 
figure, both detector strips view the same tomographic slice but, since the pinholes are in 
identical vertical locations, no additional independent measurements are measured. In the 
lower figure, the pinholes are offset so that the number of independent measurements are 
doubled. The use of additional detector strips allocated to the same slice makes effective use 
of the available detector resolution capability and simultaneously minimizes multiplexing. 
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slice through offset pinholes, we can double the number of independent measurements of the 

single object slice and simultaneously minimize multiplexing. 

By making use of the full 10 cm along the vertical axis of our imaging system, it is 

possible to obtain multiple tomographic slices (up to about 8 slices), with two or three detector 

strips, or subslices, allocated to each slice. In the next section we will discuss a four 

tomographic slice collimator that was designed and built in order to investigate the subslice 

technique for our cardiac imager. 

Pinhole Aperture and Subslice Collimator Designs 

In order to study the effects of the subslice technique along with varied placement and 

number of pinholes in the aperture, we designed several different subslice collimators and 

coded apertures. The distance from aperture plane to detector plane was fixed at 8.1 cm and 

the distance from center of object space to aperture plane was fixed at 23.1 cm. The 

collimators we investigated included one that used three-subslices to view a single 

tomographic slice and three different collimators that each used two-subslices per 

tomographic slice. We anticipated that a two-subslice per tomographic slice collimator design 

would be adequate for imaging objects up to 20 cm in diameter and a three-subslice 

collimator design would be necessary for larger objects. The full collimator that incorporated 

the four different designs, shown in Figure 5.8, was built from lead sheets of 1 mm thickness. 

The system was mounted on an aluminum slab which is a separate, removable piece within 

the gantry structure. We made use of an aperture material that has a low melting point and 

high attenuation properties. Cerrobend, or Ostalloy 158, is a trade name for an alloy of 

bismuth (50%), lead (26.7%), tin (13.3%), and cadmium (10%). The melting point of 

Cerrobend is 158°F which is low enough that the metal can be melted in a coffee urn and 

poured into plastic molds; the attenuation coefficient is equal to 15.9 cm'1 for energies of 

140 keV. 
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Fig. 5.8 
Photograph of collimation system used in the 16-module cardiac imager. The four upper slats 
of lead in the ring define a 3-subslice collimator, the lower 9 rings of lead define three two-
subslice collimators. The pinhole apertures are also shown for part of the ring. 
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Pinhole arrays were designed for each of the four different subslice collimators. The 

different pinhole configurations included: uniform spacing (introduced a small degree of 

multiplexing for an object 20 cm in diameter) for the three-subslice collimator (64 pinholes) 

and one of the two-subslice collimators (48 pinholes); uniform spacing (introduced 

substantially more multiplexing for the same sized object as above) for a two-subslice 

collimator (64 pinholes), and a special type of pinhole configuration, called a dilute uniformly 

redundant array (URA), for a two-subslice collimator (56 pinholes). The URA has some 

good theoretical properties when used for longitudinal tomography and we attempted to adapt 

this configuration to the ring imaging system in order to investigate the effects (see Barrett 

and Swindell, 1981; Harwitt, 1979; Wild, 1983). 

The aperture molds were made from plastic with affixed inserts to form pinholes of 

2mm width and 5mm length. The pinholes were tapered at 45°. Some slight variations 

occurred in actual pinhole dimension and location due to accuracy limitations in the molding 

technique. The pinhole placements for the subslice design are described in Table 5.1 and are 

labeled with the subslice design name. The pinhole distances are given as positive values for 

those pinhole locations to the right of the center of aperture plane as one would face the 

detector and negative values to the left of center. Pinhole placements (in centimeters) are 

given for two aperture plates labeled A and B and are separated into a subslice level indicated 

in the table by rows. Aperture plates A and B are each repeated 9 times around the ring. 

The information in Table 5.1 is referred to several times in future chapters. 

The subslice collimators used in conjunction with pinhole apertures allowed us to make 

use of resolution cells in the direction perpendicular to the slice that in a simple slice imager 

would be wasted. The detector strip devoted to one object slice is divided into smaller strips, 

each of which views the same object slice through a focussed slat collimator. By offsetting 

pinhole placements in each subslice within a given slice, we are able to use more pinholes. 
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System #1 Three subslices 

(3subl) -

Aperture A Aperture B 

Top -3.1, +2.9 +0.9 

Middle -1.1 -3.1,+2.9 

Bottom +0.9 -1.1 

Total number of pinholes 
system = 64 

in 16 module 

System #3 Two subslices 

(ura2sub) 

Aperture A Aperture B 

Top +0.92, +2.64 -0.8 

Bottom +0.35, +0.92 -2.81, +0.35 

Total number of pinholes in 16 module 
system = 56 

System #2 Two subslices 

(2subl) 

Aperture A Aperture B 

Top -2.4, +2.9 +0.25 

Bottom +0.25 -2.4, +2.9 

Total number of pinholes 
system = 48 

in 16 module 

System #4 Two subslices 

(2sub2) 

Aperture A Aperture B 

Top -3.1, +0.9 -3.1, +0.9 

Bottom -1.1, +2.9 -1.1, +2.9 

Total number of pinholes in 16 module 
system = 64 

Table 5.1 
Pinhole locations for apertures A and B that are aligned with subslice collimators. These two 
apertures are placed side by side and repeated around the 16-module ring. 
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We thus increase the number of independent measurements associated with a tomographic 

slice by the number of subslices that view the slice. Verification of the subslice concept was 

done with computer simulation (Chapter 6) and with the cardiac imaging system by imaging 

phantoms (Chapter 7). 
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SIMULATION RESULTS 

Computer simulations of single-slice tomography were conducted and used as a tool 

for qualitative analysis of multiplexing effects and the benefit of the subslicing technique by 

comparing pictorial displays. In this chapter, the computer simulation process is discussed, 

the simulation object is described, as are the assumed imaging components. Results of four 

different subslicing designs are presented. 

The linear model assumed in simulation is the same as that described in chapter 5, 

g = Hf + n , (6.1) 

where g represents the measured data, H is the system response function, n is the zero-mean 

noise, and F is a discrete approximation to the object being imaged. This equation is the 

general form of a coded-aperture imaging system used to find an estimate of the object, £. 

In general, equation 6.1 is ill-posed since no unique ? exists. We seek to find a solution to the 

equation that closely agrees with g (within some set criteria) and to use any prior knowledge 

in choosing among solutions which are not unique. For the simulations presented in this text, 

a Monte Carlo search routine is used to reconstruct objects from their coded projections. 

There are three stages to the simulation process which are similar to the three stages 

of a laboratory experiment 1) generation of the H matrix, 2) generation of the object data, 

and 3) reconstruction of the image. The matrix H, as previously described, is a 

representation of the system response to a uniform source (2.75 mm squared, 1 mCi of Mn,Tc, 

140 keV) imaged for one minute at each of the pixels in object space. In simulation, the 

finite size and continuous nature of the point source of activity are modelled by assuming that 
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gamma rays emanate from the center of a set of subpixels of the object grid. The subpixel 

grid in these studies is a 5 x 5 division of each of the 5041 coarse pixels. 

The simulation object used in this text is a digitization of the Hoffman brain 

phantom (Data Spectrum Corporation). The brain phantom was used because it is a larger 

object than a heart phantom, it is a highly structured object, and because images made from 

it can be compared to images obtained from systems of other research groups. The generation 

of the object data, f, is done as follows. The phantom is digitized on a 255 x 255 grid. The 

pixels were assigned values corresponding to three activities within the phantom with ratios of 

0 : 1:4. Since the digital phantom has 65,025 pixels, the object representation is much finer 

than the 71 x 71 reconstruction grid, more closely approximating the continuous object, and 

the continuous object to discrete detectors is more accurately modelled. 

The overall layout of the imaging components used for simulation is shown 

schematically in Figure 3.6. Sixteen modules are used in an 18-sided polygon configuration. 

The two missing sides of the imager are to be aligned with the patient's vertebral column 

since this direction is relatively unimportant for cardiac imaging. Each module has detector 

length of 11 cm and is assumed to have 64 individual detector elements. Thus, the system 

records 1024 measurements simultaneously over 320°. As with the detector surface, the 

aperture surface is configured as 16 sides of an 18-sided polygon. The centers of the two 

polygons are coincident, with the radius of the aperture, slt equal to 23.1 cm and the 

aperture-to-detector distance, s2, equal to 8.1 cm. The object space is 19.5 cm x 19.5 cm, 

and reconstructions are represented on a 71 x 71 grid or 5041 pixels, yielding a pixel size of 

2.75 mm. The pinholes are actually slits of dimension 2 mm x 5 mm. An attenuating 

medium of 9.1 cm radius with attenuation coefficient of 0.15 cm-1 is used. The simulations 

realistically included degradations due to Poisson noise in both the data vector g and the 
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system matrix H, and an additional blur due to finite pinhole size and intrinsic detector 

resolution of 2 pixels (3.2 mm); scatter was not included. 

In the Monte Carlo search process, an energy function, E, is defined that is 

minimized when H? achieves a value within a desired level of agreement with the data g and 

that, at the same time, is consistent with any prior knowledge. The types of prior knowledge 

used in nuclear medicine include source positivity, source boundary, and correlation statistics 

between nearby source pixels (nearest neighbor). The algorithm is described in detail by 

others (Smith et al., 1983, 1985, 1988; Roney, 1989, Gooley, 1990). 

Two studies have been performed in the evaluation of multiplexing effects: 

1) comparison of non-subslicing versus subslicing collimators and 2) comparison of four 

different subslice designs. The first study illustrates the benefit of the subslicing technique. 

A comparison is made of 64 pinholes arranged uniformly around 320° detector space on the 

same detector level versus 64 pinholes arranged on three different detector levels resulting in 

a 3-subslice system. The pinhole locations for the non-subslice image are -2.5, -0.7, 1.2, and 

3.1 cm from the center of the aperture. The pinhole locations for the three-subsliced image 

were given in Table 5.1. The images from this study are shown in Figure 6.1. In the center 

is a digital representation of the Hoffman brain phantom, at the left is its image without the 

subslicing technique, and at right is the image with three subslices. The data set 

corresponding to each of the reconstructions contains about 1 million counts. The image from 

the subslice design on the right demonstrates that there was little ambiguity introduced in data 

decoding and, therefore, the image closely represents the object. The image from the non-

subslice design, which suffered from the effects of multiplexing, is of poorer quality when 

compared with the image from the subslice design due to some ambiguity that resulted in 

uniquely specifying some of the projections in the reconstruction algorithm. 



80 

Fig. 6.1. 
Illustration of the benefit of the subslicing technique in simulation. In the center is a digital 
representation of the Hoffman brain phantom, at left is its image without the subslicing 
technique, and at right is the image with three subslices. The data contained about 1 million 
counts, each pinhole size was 2 mm x 5 mm with 64 pinholes arranged in a nearly uniform 
array. The simulation realistically included degradations due to Poisson noise in both the data 
vector and system matrix, and an additional blur due to finite pinhole size and intrinsic 
detector resolution of 2 pixels (3.2 mm); scatter was not included. 
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The second study is a comparison of four different subslicing-collimator designs that 

were described in chapter 5. The three-subslice design (labeled 3subl) has 64 pinholes placed 

on three detector levels and one of the two-subslice systems (2subl) has 48 pinholes placed on 

two levels of the detector. Both of these two systems have minimal multiplexing introduced 

into the design for an object 20 cm in diameter. The two-subslice design (2sub2) has 64 

pinholes placed on two levels of the detector which induces more multiplexing. The two-

subslice design (ura2sub) has a dilute uniformly redundant array of 56 pinholes placed on two 

levels of the detector. The exact pinhole locations of the four designs were given previously 

in Table 5.1. The reconstructed images are shown along with the digitized object in Figures 

6.2 through 6.5. The four images appear together along with the digitized Hoffman brain 

phantom in Figure 6.6. 

Qualitative comparison of reconstructed images in the first study demonstrates that 

the subslice design decreases the effects of multiplexing and thereby improves image quality. 

Of note is that there is multiplexing in both images of the first study and, even with the 

greater degree of multiplexing in the non-subslice design, the image is still relatively good. 

Thus, it may be tolerable to allow for multiplexing in systems that image less structured or 

smaller objects. The comparison of the four different subslicing designs shows that the three-

subslice design is qualitatively better than the three different two-subslice designs. 

Quantitative assessment as well as further laboratory investigation would give more 

information on the quality of each of the designs. 
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Fig. 6.2. 
Illustration of the three-subslice collimator design, 3subl, in simulation. At left is a digital 
representation of the Hoffman brain phantom, at right is the image with the subslice 
technique. The data contained about 1 million counts, the pinholes were 2x5 mm with 64 
pinholes arranged in a nearly uniform array. The degradation effects are the same as 
mentioned in Figure 6.1. 
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Fig. 6.3 
Illustration of the two-subs!ice collimator design, 2subl, in simulation. At left is a digital 
representation of the Hoffman brain phantom, at right is the image with the subslice 
technique. The data contained about 1 million counts, the pinholes were 2x5 mm with 48 
pinholes arranged in a uniform array. The degradation effects are the same as mentioned in 
Figure 6.1. 



Fig. 6.4 
Illustration of the two-subslice collimator design, 2sub2, in simulation. At left is a digital 
representation of the Hoffman brain phantom, at right is the image with the subslice 
technique. The data contained about 1 million counts, the pinholes were 2x5 mm with 64 
pinholes arranged in a uniform array. The degradation effects are the same as mentioned in 
Figure 6.1. 
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Fig. 6.5 
Illustration of the two-subslice collimator design, ura2sub, in simulation. At left is a digital 
representation of the Hoffman brain phantom, at right is the image with the subslice 
technique. The data contained about 1 million counts, the pinholes were 2x5 mm with 56 
pinholes arranged in a dilute uniformly redundant array. The degradation effects are the 
same as mentioned in Figure 6.1. 
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Fig. 6.6 
Illustration comparing the four different subslice designs as described in Figures 6.2-6.5, in 
simulation. In the upper part of the figure, the image on the left is from the subslice design 
labeled 2subl, 48 pinholes; the image in the middle is from the subslice design labeled 2sub2, 
64 pinholes; and the image on the right is from the subslice design labeled ura2sub, 56 
pinholes. In the bottom part of the figure, the image on the left is from the subslice design 
labeled 3subl, 64 pinholes, and the image on the right is a digital representation of the 
Hoffman brain phantom. 
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EXPERIMENTAL SYSTEMS & RESULTS 

In this chapter, we address more directly our stated goal, the design of a dynamic 

tomographic cardiac imager. Towards this end, we have constructed a phantom that 

represents the various sizes of heart chambers as well as the chest cavity. The heart and cl._st 

phantom is described followed by a discussion of the parameters used in the laboratory system 

and a presentation of results from imaging the phantoms with laboratory hardware. 

Phantoms 

In order to evaluate system performance in imaging objects such as heart chambers and 

shunts, we designed the chest phantom shown in Figure 7.1. The phantom consists of two 

separate parts. The insertable part is designed to represent the ventricles of the heart and can 

be imaged with or without the attenuating body part. The four cylindrical chambers of the 

heart phantom are 0.85 cm deep and have diameters of 1.7 cm, 3 cm, 3 cm, and 4 cm. The 

smallest distance between chambers occurs between the 4-cm diameter chamber and one of 

the 3-cm diameter chambers, yielding a separation of 3 mm. The separation between the two 

3-cm diameter chambers is 5 mm. Proportional volumes of "mTc are injected into the heart 

phantom so that the count-rate per milliliter of all four cylinders are equal. The attenuating 

body part of the phantom is designed to model cross-sectional anatomy at the seventh thoracic 

vertebral level of the body. The lung cavities are filled with dry oatmeal, and the bony 

structure with calcium carbonate, so that the phantom attenuates similarly to a real body. 
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Fig. 7.1. 
Chest phantom with insertable heart phantom. The circular heart phantom is 10 cm in 
diameter and consists of four chambers of 1.7, 3, 3, and 4 cm in diameter that can be filled 
with a radiopharmaceutical. The gap between the two 3-cm chambers is 5 mm, while the gap 
between the 4-cm chamber and one of the 3-cm chambers is only 3 mm. The thoracic-
shaped chest phantom consists of lungs filled with dry oatmeal and bones made of calcium 
carbonate. The heart phantom may be imaged with or without the attenuating chest phantom. 
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The system parameters used for collecting real data of the phantoms are given in Table 

7.1. A photograph of the cardiac imager which houses the 16 modular cameras is shown in 

Figure 7.2. The laboratory results from imaging with different subslice designs follows. 

Results from the Three-Subslice System 

Reconstructions from the three-subslice system (pinhole configuration specified in 

Table 5.1) exhibit excellent results. The object space for this data collection is 

19.5 cm x 19.5 cm with 99 x 99 object pixels. Figure 7.3 shows reconstructed images of the 

heart phantom with and without the attenuating chest phantom. Total counts collected for 

each image are about 5 million. Instead of modeling the complicated chest structure used as 

an attenuating body, a simplification of the chest has been made by using a circle of diameter 

19.5 cm with p = .15 cm-1 for attenuation correction purposes. Reconstruction of the heart 

phantom was accomplished by using a Monte Carlo search algorithm (Roney, 1989). As 

demonstrated in the figure, the imaging system is capable of defining a separation between all 

four chambers. Incorporation of the chest attenuating body only slightly degrades the image. 

The images are of good quality even with the simple attenuation correction method used; 

implementation of a more accurate attenuation correction scheme could only further improve 

the images. 

First-pass will be the most technically challenging type of cardiac imaging due in part 

to the low-count data sets from rapid framing necessary in a dynamic study. To demonstrate 

low-count capabilities, an image of the heart phantom inserted into the attenuating chest 

phantom has been reconstructed from only 60,000 total counts (see Figure 7.4). This result is 

quite encouraging since we anticipate a reconstruction challenge of low count data sets on the 

order of 10,000-15,000 total counts per tomographic slice in a single frame (30-40 msec) in 

first-pass applications. Note that the smallest gap (3 mm) is still well resolved. 
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SYSTEM PARAMETERS 

Radius of Aperture 23.1 cm 

Radius of Detector 31.2 cm 

System Configuration 18 sided polygon 

Number of Modules 16 

Module Size 11 cm x 11 cm x 22 cm 

Crystal Area 10 cm x 10 cm 

Object Pixel Size 1.97 mm x 1.97 mm 

Detector Pixel Size 1.56 mm x 1.56 mm 

Size of pinholes 2 mm x 5 mm 

Table 7.1 
System parameters for the cardiac imager. 
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Fig. 7.2 
Photograph of cardiac imager where the shielding has been removed to show the 16 modules 
and collimator-aperture assembly. The aluminum framework forms a 9-sided polygon, with 8 
sides filled. The cameras are configured to fill 16 sides of an 18-sided polygon within the 
gantry. The system rotates from the horizontal position shown, which is convenient for 
imaging phantoms or system development, to a vertical position for patient imaging. 
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Fig. 7.3 
Reconstructed image of the heart phantom without the attenuating chest phantom on the left, 
and with the attenuating chest phantom on the right. Note that all the gaps are well resolved 
including the smallest gap (3 mm) and that the attenuating body introduced only slight 
degradation to the image. 
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Fig. 7.4 
Low count reconstruction of the heart phantom without the attenuating chest phantom. 
Approximately 60,000 counts were collected with the cardiac imager, and reconstruction was 
with our Monte Carlo algorithm. Note that the smallest gap (3 mm) is still well resolved. 
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Results from the Two-Subslice URA System 

The heart phantom has also been successfully imaged with a two-subslice collimator in 

conjunction with a dilute uniformly redundant array (URA) pinhole configuration (specified 

in Table 5.1). The object space is 14.8 cm x 14.8 cm squared with 75 x 75 object pixels. The 

data have been collected without any attenuating body and approximately 5 million counts 

were recorded. The reconstructed image is shown in Figure 7.5. Figures 7.6-7.9 show traces 

through the four different orientations of the reconstruction of Figure 7.5. 

Images from the three-subslice system demonstrate excellent results for the heart 

phantom with and without the attenuating body. The low count image demonstrates 

encouraging results, as well. To date, the other two pinhole configurations, both two-subslice 

systems, have only been simulated but not implemented in the laboratory. 
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Fig. 7.5 
Reconstructed image of the heart phantom using the dilute URA pinhole configuration 
(without the attenuating chest phantom). Approximately 5 million counts were collected with 
the cardiac imager and the reconstruction was with our Monte Carlo algorithm. 
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Fig. 7.6 
Trace across the 5 mm gap between the two 3-cm diameter chambers in the reconstructed 
heart phantom of Figure 7.5. Note the excellent contrast recovery. 
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Trace across the 4-cm and the 1.7-cm diameter chambers in the reconstructed heart phantom 
of Figure 7.5. 
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Fig. 7.8 
Trace across one of the 3-cm and the 1.7-cm diameter chambers in the reconstructed heart 
phantom of Figure 7.5. 
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Trace across the 4-cm and one of the 3-cm diameter chambers in the reconstructed heart 
phantom of Figure 7,5. Note the gap between these chambers was only 3 mm. 
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CHAPTER 8 

CONCLUSION 

A review of the development of the subslics collimation technique to attain adequate 

angular sampling in a stationary SPECT cardiac imager is presented in this chapter. 

Suggestions for further research in SPECT instrumentation towards dynamic multislice cardiac 

tomographic imaging are given. 

Summary 

Nuclear medicine as an image modality was introduced to the reader followed by the 

use of SPECT to obtain three-dimensional images. We expressed the need for dynamic 

SPECT imaging for organs such as the heart and the inability to do so with existing, rotating 

SPECT systems. It was explained that in order to achieve fast dynamic SPECT imaging, a 

stationary system is required. The modular camera was introduced in Chapter 3 along with a 

demonstration of its excellent imaging capabilities. We then explained that by using a ring 

of modular cameras along with coded apertures as image-forming elements, one can achieve 

SPECT imaging with a completely stationary system. 

We used Radon plots to qualitatively compare parallel-hole collimators with pinhole 

coded apertures in Chapter 4. We concluded that since Radon space in both cases was 

similarly sampled, the sampling requirements established for parallel-hole collimators would 

apply to pinhole coded-apertures. In Chapter 5, we determined sampling requirements of 

parallel-hole collimators for objects of different size and applied these requirements to 



99 

pinhole coded apertures. We then demonstrated that adequate sampling of object space could 

cause multiplexing which leads to artifacts in the reconstruction using a specific 

reconstruction algorithm. 

Our solution to achieving adequate angular sampling was the novel collimation system 

that makes good use of the available space-bandwidth product of our modular cameras so that 

pinhole coded apertures could be used as image-forming elements in a stationary system 

without degradation due to multiplexing. The subslicing technique was accomplished by 

focussing sets of line integrals from adjacent pinholes onto different detector levels so that 

they did not overlap. In this way, more angular samples could be measured without the data 

suffering from multiplexing effects. The improvement in image quality of subslicing over 

non-subslicing techniques was demonstrated by computer simulation with images of brain 

phantoms 19.5 cm in diameter in Chapter 6, and by laboratory results of imaging cardiac 

phantoms 10 cm in diameter, presented in Chapter 7. Good quality images were obtained 

even when the phantom was inserted into the attenuating chest phantom and was 

reconstructed using a primitive method of attenuation correction. Also, the low count data set 

of 60,000 resulted in an excellent reconstruction. 

This work has achieved the aim of improving transaxial SPECT imaging with a 

stationary system by increasing the angular sampling multiplicatively by the number of 

subslices used for each tomographic slice. The subslicing systems demonstrated in the 

laboratory allowed for 56 angular samples in the two-subslice URA design and 64 angular 

samples in the three-subslice design. Although these two numbers are less than the 250 

angular samples required from calculations made in Chapter 5, we still achieved good 

reconstructions. We can expect that objects 30 cm in diameter will also not demand as large a 

number of calculated angular samples as the method described in Chapter 5 would indicate. 
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Towards the goal of dynamic, quantitative SPECT imaging of the heart, much more 

work is necessary to bring good quality low count images to fruition. Further directions are 

now discussed. 

Future Work 

To date, the heart phantom (10 cm in diameter) has successfully been imaged in an 

attenuating body (approximately 25 cm x 35 cm) placed inside a 19.5 cm x 19.5 cm object 

space by the laboratory system. Some preliminary work not included in this text has been 

done for simulation of larger objects. However, the ability to image objects larger than the 

heart phantom and the Hoffman brain phantom (on the order of patient sizes) needs to be 

clearly demonstrated in the laboratory. An object size of 29 cm x 37 cm is physically possible 

with the bore in our system. Note that, in order to resolve detail of 0.5 cm for an object of 

37 cm diameter circular support, the total number of samples required would be about 68,800. 

In order to meet this sampling demand, the number of angular samples required is about 465. 

In Chapter 7 we showed reconstructions from a 20 cm object that were sampled with 64 of 

the required 250 angular samples. It could be possible that we will be able to achieve quality 

images by using approximately 120 angular samples for a 37 cm diameter object. Even with 

the three-subslice collimator, this number of angular samples accomplished via pinholes would 

introduce significant multiplexing in the system as currently configured. Clearly, the ability 

to image large objects needs yet to be demonstrated in the laboratory. 

For resolution of 1 cm, a size we anticipate achievable for first-pass imaging, the total 

sampling requirement for an object of 37 cm diameter is reduced to 17,000 with the angular 

sampling equal to about 230, These numbers are on the same order as those required by our 

calculations to resolve 0.5 cm detail from a 20 cm diameter object. Therefore, we expect 

quality images of larger objects to be achievable with a three-subslice collimator in the system 

as currently configured for coarser resolvable detail size. 
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Further steps towards system optimization should be continued, and a few suggestions 

on some of the parameters follows. The s2 parameter (distance from aperture plane to 

detector plane) was chosen qualitatively from simulation and should be optimized. Pinhole 

configurations including those presented in this text should be quantitatively analyzed and an 

optimal configuration and size chosen for the three different types of cardiac studies. The 

inclusion of the two missing sides of the 18-sided polygon, as well as different geometries 

such as elliptical configurations, should be considered in order to accommodate larger object 

spaces. 

Beyond system optimization and large object space, simultaneous imaging of multiple 

tomographic slices needs to be accomplished. This places a huge demand on software and 

hardware, as well as laboratory time involved in the collection of a large H matrix. 

Data acquisition techniques at rates on the order of 32 frames per cardiac cycle are 

necessary to "stop" the motion of the heart and, thus, need to be implemented. These rates 

will result in low-count data sets. The effects of strong prior knowledge that an object is 

binary has been studied by Gooley (1918,1990) for the application of first-pass imaging and 

the results applied to real data should p rove to be beneficial in reconstructing low-count data 

sets. Sensitivity issues continually need to be addressed in the system design for each type of 

cardiac study and radiopharmaceutical. Our system should eventually be capable of 

performing dynamic, tomographic myocardium studies, and efforts to investigate new 

radiopharmaceuticals with this imaging modality should be an important application. We 

expect that first-pass imaging %vill be the most technically challenging type of cardiac imaging 

because of "photon-sicrved" data sets. An increase in pinhole size will certainly increase 

sensitivity, but at the price of decreasing resolution. Improved count rate via new tracers 

with short half-lives should be considered for use in first-pass imaging with our stationary 

cardiac imager. 
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An aperture-collimator combination for each type of cardiac study and for a variety of 

patient sizes could be fabricated so that this hardware could be removed from the gantry. 

Once the system has been characterized (H matrix cotlected) for each possible combination of 

image-forming elements, it is conceivable that the hardware elements could be mounted on a 

separate structure that is easily removed from or inserted into the gantry. In this way, the 

system would be adaptable for all types of cardiac imaging and patient size. 

Lastly, should objects larger than 10 cm in longitudinal dimension (in the axial 

direction of our imaging system) need to be imaged, a double ring of modular cameras could 

be used to increase available detector area in the desired dimension (Aarsvold, 1990). 
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