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ABSTRACf 

This dissertation presents the results of an investigation into the performance 

characteristics of a unique hemispherical SPECT (single-photon emission computed 

tomography) imaging system capable of producing three-dimensional (3D) tomographic 

images of the human brain. The system is completely stationary and collects all necessary 

views of the patient simultaneously, with no system motion. The imager consists of twenty 

small (IOcm x 10cm crystal area), digital gamma cameras arranged in a hemispherical 

pattern around the patient's head and a hemispherical lead aperture. The hemispherical 

aperture is positioned between the cameras and the head and contains a large number of 

pinholes; in this way each camera sees a number of overlapping pinhole projections of the 

radioactive distribution within the patient's brain. 

The initial investigation of the performance characteristics of a 3D SPECT system of 

this design were carried out using a computer simulation in which effects due to radiometry, 

finite pinhole size, finite detector resolution, photon noise, and object attenuation were 

included. We used a digital 3D brain phantom as the test object and an iterative search 

algorithm to perform the reconstructions. The simulations were used to compare the 

performance of a variety of system configurations. 

Based upon the results of the simulation study, we constructed a laboratory prototype 

of the 3D SPECT system, which we used to further characterize the expected performance 

of a clinical imaging system of the same design. Prior to collecting SPECT data we 

calibrated the imaging system, which required that we efficiently measure and store the 

spatially variant system response function. These calibration data were then included in the 

reconstructions of the SPECT phantoms that we imaged. A number of different SPECT 

phantoms were imaged to demonstrate the system performance. We measured a 
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reconstructed spatial resolution of 4.8mm full-width at half-maximum and a full-system 

sensitivity of 36cps/JLCi, where both values were measured for a point source in air located 

at the center of the field of view. We also describe an analysis that we performed to 

determine the equivalent, non-multiplexed system sensitivity; using this method, we found 

that the equivalent sensitivity was 79% of the measured value for the system configuration 

and the particular task that we investigated. 
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INTRODUCTION 

12 

The goal of medical ilT'aging is to provide a spatial mapping of some parameter, 

feature, or process within a person or other biological entity. Medical imaging modalities can 

be broadly divided into two categories: those that provide anatomical information and those 

that yield a functional mapping. Examples of imaging modalities that primarily fall into the 

first category are ultrasound, magnetic resonance imaging (MRI) , and transmission 

computed tomography (TCT). Emission computed tomography (ECT) describes a class of 

imaging techniques that fall into the second category. 

Ultrasonic imaging is used to produce a map of the acoustical properties of a region 

of soft tissue within a body. This mapping is accomplished by placing a transducer on the 

surface of the region to be imaged, and launching a series of directed ultrasonic pulses. 

After a pulse is launched in a particular direction, the transducer listens for the echo due to 

the reflection and scatter of the pulse from the various. tissues in its path. In general, a 

temporal sequence of reflected pulses will be received by the transducer due to the 

reflection of the transmitted pulse at different depths in the body. The different time delays 

of the reflected pulses indicate the depth from which they were reflected, while their 

amplitudes are related to the acoustical impedance properties of the tissue at that depth. 

Therefore, by decoding the information contained in the reflected signal, the acoustical 

properties of the tissue along the line of the transmission direction may be determined. An 

ultrasonic image is then generated by repeating this process for a large number of different 

transmission directions. The resulting image provides a means of mapping the gross 

anatomical features of a region of tissue and is especially sensitive to the boundaries between 

tissues of different acoustical properties. 
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MRI relies on the existence of non-zero magnetic dipoles, or moments, possessed by 

certain atomic nuclei. The most clinically important element of this type is hydrogen, which, 

in the form of water, is ubiquitous throughout the human body. In the absence of an 

external magnetic field, each of the nuclear dipoles is randomly oriented, and thus there is 

no net magnet~c moment within the body. However, by placing the body in a static 

magnetic field the nuclear dipoles will align themselves to it and produce a net, or bulk, 

magnetization. By then applying an rf pulse of the proper frequency (known as the Larmor 

frequency) the aligned nuclear dipoles can be manipulated such that they emit a detectable 

rf signal, with characteristics related to the density and chemical state of the atoms. By 

tailoring the magnetic fields and rf pulses, the biological specimen can be probed and two 

dimensional (2D) or three dimensional (3D) mappings of the hydrogen density and chemical 

state can be generated. 

TCT is a process by which a map of the attenuation coefficients of a region of tissue 

is produced. The simplest apparatus that can be used to make such a mapping consists of an 

x-ray source that generates a collimated beam of x rays and a suitable detector used to 

measure the incident intensity of the x-ray beam. To produce a 2D mapping along a plane 

through an attenuating object, this apparatus is moved about the object in a series of 

rotations and translations within the plane of interest. At each new position of the apparatus, 

the beam of x rays passes through, and is attenuated by, a new line of attenuating medium 

in the object. Thus, the resulting measurement at a particular source-detector orientation is 

proportional to the line integral of the attenuation of the object along this line. By 

measuring a large number of such line integrals at different rotations and translations, a data 

set is produced that can be used to generate or reconstruct the object's attenuation 

distribution within the plane of interest. A 3D mapping can be produced in a similar 

manner by allowing the source-detector combination to measure line integrals spanning all 
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three dimensions of the object. 

Functional imaging can be performed by ECT techniques, which are conceptually and 

mathematically similar to TCT, though with an added wrinkle. As with TCT, ECT uses a 

radiation detector external to the object of interest. However, ECT imaging uses a 

distributed radioactive source within the body rather than the external source used in TCT. 

Just as in the case of TCT, the ECT imager measures a large number of line integrals 

through the object. The difference between TCT and ECT is apparent in what the line 

integrals represent; TCT line integrals are functions of only the attenuation distribution, 

while ECT line integrals are functions of both the attenuation and radionuclide distributions. 

Usually ECT reconstruction techniques make use of an attenuation map that is assumed or 

measured by another technique, often TCT. Once the attenuation is accounted for, the data 

collected by the ECT system are used to estimate the unknown (radio)activity distribution. 

The functional aspect of ECT is due to the method by which the radioactive substance 

is introduced into the patient's body. Typically, radioactive tracers are chemically bound to 

substances that are preferentially extracted by the organ of interest. The resulting 

radiopharmaceutical is then injected into the patient. Depending upon the biochemical 

mechanism being exploited, the preferential absorption of the radiopharmaceutical will be 

an indication of blood flow, metabolism, or receptor density at or within a particular organ. 

Thus, an image of the resulting radioactive distribution within the organ of interest will 

yield functional information about that organ. 

ECT can be subdivided into two distinct categories: single-photon ECT (SPECT) and 

positron ECT (PET). SPECT radionuclides emit a single gamma-ray photon in any direction, 

and therefore SPECT systems utilize an aperture to allow only those photons with known 

trajectories to be detected. PET radionuclides are positron emitters; they emit a single 

positron, which travels a short distance in the tissue and then annihilates with an electron. 
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By the laws of conservation of energy and momentum. this annihilation simultaneously 

produces two 511 keY gamma-ray photons that travel in (almost) exactly opposite directions. 

Because of the nature of the dual-photon emission. PET systems are able to dispense with 

the fine collimation that SPECT systems require. Instead. PET systems consist of a large 

number of detectors positioned around the patient and a coincidence circuit to recognize 

coincident events detected by any two detectors. Once two coincident events occur. it 

follows that the original annihilation occurred somewhere on the line between the two events 

(neglecting erroneous detection events due to detector noise or random coincidences). 

Different medical imaging modalities lend themselves to different clinical tasks. If one 

wishes to perform prenatal imaging, then ultrasound is the obvious first choice; there is no 

ionizing radiation involved, the region of interest is soft tissue, and setup and imaging times 

are short. If one wishes to image bony regions, or desires greater anatomical detail, then one 

would probably turn to TCT or MRI. TCT has the advantage of being a well established 

technique and relatively easy to perform. Perhaps its greatest drawback is the inevitable 

exposure of the patient to a dose of ionizing radiation. Conversely, MRI requires no 

radiation source and is thus presumed safe. The greatest drawback to MRI is that it is a 

relatively new and very expensive technique. If one wishes to image the anatomical details 

of the brain, then one would most likely use MRI, which can capture fine anatomical detail 

in the brain and can separate different tissues, such as the white and grey matter. 

However, if one would like to image what the brain does, then one must tum to a 

functional imaging modality. After all, only in grade-b science fiction movies do brains 

pulsate and quiver when performing a particular cognitive process; no gross anatomical 

changes can be observed when a real person cogitates. The changes that do occur are in the 

metabolism and blood flow within certain regions of the brain. By using an appropriate 

radiopharmaceutical, these changes can be observed and recorded by ECT techniques. PET 
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is the natural choice for studying brain metabolism because many of the PET radionuclides 

are isotopes of biologically common elements like carbon, nitrogen, oxygen and fluorine. 

Therefore, it is relatively easy to develop PET radio pharmaceuticals that can readily cross 

the blood-brain barrier and be metabolized within the brain. With few exceptions however, 

the radionuclides are short-lived and must be produced with an on-site cyclotron. This 

requirement adds considerably to the cost of installation and operation of a PET imaging 

facility. 

Conversely, SPECT radiopharmaceuticals are generally based upon radionuclides such 

as technetium and iodine, which are not naturally carried into and metabolized by the brain. 

Thus, it is a harder task to develop radiopharmaceuticals for SPECT brain imaging. Those 

that have been developed are not capable of measuring metabolism directly; they measure 

blood flow or receptor density. Unlike PET, however, many SPECT radionuclides have a 

relatively long half-life or can be derived from long-lived "parent" radionuclides. In the 

former case, the radionuclide can be sent to a clinical facility directly, while the latter case 

requires that a radionuclide generator containing the parent radionuclide be sent to the 

facility. Once there, the radionuclide generator can be "milked" to extract the radionuclide of 

interest. In either case there is no need for a cyclotron in the clinic, which has considerable 

bearing on the low cost of a SPECT facility as compared to a facility for PET. 

As will be discussed in chapter 3, conventional SPECT systems require motion of 

either the aperture or the aperture-detector assembly to collect all the data necessary to 

generate an estimate of the activity distribution. However, the reconstruction algorithms 

used to produce this estimate are usually based on the premise that all of the projection data 

is from the same activity distribution. If the activity distribution changes or the patient 

moves during the course of the SPECT data collection, the resulting data are inconsistent; no 

one distribution could have generated the entire set of projections. Therefore, the 
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reconstructions that result from such data are marred by artifacts due to the inconsistency. A 

preferable way to collect the SPECT data is to collect all of it at the same time. In this way, 

motion of the activity distribution affects all of the data in a consistent manner. A 

reconstruction from such data produces a recognizable blur rather than an unintelligible set 

of artifacts. 

Another common source of error in the estimation of the SPECf radionuclide 

distribution is noise in the projection data. If few gamma-ray photons are collected, the data 

will be much noisier than if many photons are collected. One way to collect more photons is 

to image the patient for a longer period of time, but there are some definite physiological 

limits to the amount of time that the patient can be expected to remain motionless. Another 

way to collect more photons is to administer more radioactivity to the patient, but such a 

choice has unfavorable biological consequences for the patient. A third choice for collecting 

more photons is to make the SPECT system more efficient at capturing the photons emitted 

by the patient. This is, by far, the most favorable method for reducing noise in the data set. 

From the clinician's point of view, a SPECT system is only as good as the images it 

produces. By this reasoning, systems that map the radionuclide distribution accurately and 

with high resolution are better than those that do not. Most of the conventional SPECf 

imagers treat a 3D object, such as the human brain, as a series of 2D slices. This assumption 

leads to a loss of information about the true activity distribution in the object, particularly 

in the dimension that runs perpendicular to the slice plane. SPECT imaging of a 3D object is 

best accomplished using 3D imaging techniques, which treat all three dimensions in the same 

way. 

We have endeavored to address these issues -- motion artifacts, system sensitivity and 

good quality 3D images -- by devising an alternative to the conventional approach to 

SPECf. The following chapters present the details of this alternative SPECT system. 
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Scope of this Dissertation 

This dissertation describes a unique 3D SPEer brain imaging system that requires no 

system motion of any kind. The major components of the system are a hemispherical, 

multiple-pinhole coded aperture and 20 modular gamma cameras. All of the projection data 

necessary to perform a full 3D reconstruction are collected simultaneously from the 100 

pinholes contained in the aperture. 

The initial feasibility tests of this SPEer geometry were performed with computer 

simulations that included photon noise, attenuation, finite pinhole size, finite detector 

resolution, and radiometric factors. Based upon the results of these simulations, a laboratory 

prototype of the full system was constructed. The prototype was essentially one quarter of 

the full system and was used to emulate a full system by applying the assumption of four

fold symmetry. Due to variations in the gamma cameras and coded aperture, we did not 

assume an ideal system response function as most conventional SPECT systems do; we 

measured and recorded the system response function and then used it during the 

reconstruction process. We used the prototype to image several SPECf phantoms and to 

measure several system performance specincations, including reconstructed spatial resolution 

and system sensitivity. 

The next two chapters of this dissertation present some of the background material 

that pertains to SPEer imaging techniques. Chapter 2 reviews some of the physical 

mechanisms and underlying theory of SPEer imaging, while chapter 3 describes the current 

techniques for gamma-ray detection and SPEer data collection. The remaining chapters are 

devoted to the description of the University of Arizona (UA) brain imager. Chapter 4 

describes the computer simulation of the brain imager and the reconstruction algorithm used 

for both the simulated and real data. Chapter 5 provides a detailed description of the 

laboratory prototype of the brain imager. Chapter 6 discusses the performance specifications 
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of the brain imager as measured on the laboratory system. Reconstructions of both simulated 

and real phantoms are shown throughout the preceding three chapters, wherever appropriate. 

The final chapter presents a summary of this document, and provides suggestions for future 

work in this area. 
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CHAPTER 2 

CONCEPTUAL UNDERPINNINGS OF SPECf IMAGING 

Before going on to consider particular SPECT imaging systems, it is necessary for the 

reader to have a good understanding of the basic principles and mathematics that underlie 

the techniques used. This chapter endeavors to provide a brief review of the theoretical 

treatment of SPECT, beginning with a discussion of the physical processes that pertain to 

gamma rays passing through a human body. We then proceed to describe the Radon and x

ray transforms and their relevance to SPECT imaging. Finally, we attempt to explain the 

linear systems model that we use to model our SPECT systems. 

Physical Processes 

Attellualioll 

When a narrow, monochromatic beam of gamma rays with incident intensity 10 passes 

through an uniform attenuating medium of length L, the detected intensity, I, is given by 

Beer's Law as 

(2.1) 

In this equation, JI. is the energy-dependent attenuation coefficient of the medium and has 

units of inverse length. Equation 2.1 can be generalized for inhomogeneous media by 

considering the attenuation as a function of position, p.(r), and integrating the attenuation 

factor over the path of the beam: 

(2.2) 

where 1 describes a straight-line path from the source to the detector. 
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SPECT imaging is not generally used to produce a map of the attenuation distribution, 

p.(r). However, the effects on the emitted radiation due to the attenuation are generally 

appreciable and unavoidable. If an attenuated data set is used to produce an estimate of the 

original activity distribution without accounting for the attenuation, the resulting estimate of 

the radio nuclide distribution wiII likely contain a noticeable degradation due to attenuation. 

Such an erroneous estimate can be corrected with a post-reconstruction attenuation

correction algorithm, or the attenuation can be accounted for in the reconstruction 

algorithm. In either case, the attenuation distribution must be included in the SPECT 

computation, even though it is not the distribution of interest. 

Photon Noise 

Any measurement that one makes invariably includes noise, which is manifested by 

random deviations of a measured value from the actual value of the feature being measured. 

Each noise source can be broadly classified into one of three categories: noise internal to the 

measurement equipment being used, the influence of background effects on the 

measurement, and fundamental fluctuations in the quantity being measured. Most systems 

experience a combination of noise sources coming from all three categories, though often 

one type of noise wiII predominate. The third noise category, fluctuations in the quantity 

being measured, usuaIIy predominates in SPECT. 

As we discussed in chapter I, SPECT data coIIection occurs after a quantity of 

radiopharmaceutical has been administered to the person being imaged. An unavoidable 

consequence of injecting a radiopharmaceutical into a person is that much of the ionizing 

radiation given off by the radionuclide is absorbed by the body in which it was placed. It is 

weII known that exposure to such radiation has adverse biological consequences, and 

therefore every effort is made to minimize the radiation dose given to the patient. This is 
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accomplished by giving the patient the lowest possible quantity of radiopharmaceutical and 

imaging for as long a time as possible. However, there are physiological limits to the length 

of time that a living patient can be expected to hold still while an imaging apparatus 

accumulates photons. In addition, there are also undesirable economic consequences 

associated with increasing the imaging time; the imaging equipment represents a fixed cost 

to the hospital, which takes longer to amortize if the time allocated per patient study is 

increased. The upshot of these facts is that SPECT images are generally due to far fewer 

photons than are used in other types of photon imaging (e.g., photography). Therefore, they 

tend to display a noise, known as photon noise, that is due to fluctuations in the number of 

photons observed during a fixed collection interval. 

The probability distribution describing photon noise is known as the Poisson 

probability law and is given by 

where 

P(n) = e-bb n 
n! ' 

n = the number of photons detected during a fixed time interval, 

P(n) = the probability of detecting n photons, 

b = a parameter used to characterize the Poisson process. 

(2.3) 

It is easy to show that the mean, the variance, and the third central moment of the Poisson 

distribution are all equal to the parameter, b. Thus, during a particular collection interval in 

which a mean number of photons, b, are expected, n photons will actually be observed, 

where n is a random number whose probability of occurrence is given by the Poisson 

probability law. 

The noise in a photon-counting experiment is usually given as the standard deviation 

of the random process, in this case Vb. A common measure of the effective noise in a 
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measurement is the signal-to-noise ratio (SNR), defined as the mean of a random process 

divided by its standard deviation. For a Poisson random process the SNR is simply ../b. 

Therefore, when the mean number of photons detected during a measurement interval is 

increased (either by increasing the photon rate or the collection interval) both the signal and 

the noise will increase, but the signal increases as the square of the noise and thus, the SNR 

increases. This explains why an image of a smooth object made with a large number of 

photons appears smooth, while an image of the same object generated with a low number of 

photons appears noisy. 

Unlike SPECT, TCT utilizes a well directed, external source to produce the necessary 

ionizing radiation. Therefore, since the photons that are sent through the body are ensured 

to be going, more or less, toward a detector, the collection efficiency of a TCT imaging 

system is relatively high. Moreover, when the TCT data acquisition is complete, the x-ray 

source is turned off so that the patient is not subjected to any unnecessary radiation. On the 

other hand, SPECT radio nuclides emit in all directions, not just toward a detector. Also, the 

radiation continues for as long a time as it takes for the body to eliminate the radionuclide 

or until the radio nuclide decays to an insignificant strength. For these reasons, conventional 

SPECT is less efficient than TCT at utilizing the radiation that the patient is exposed to. One 

of the aims of the work presented here is to produce a SPECT system that better uses the 

available photons, having the dual effect of minimizing patient dose and producing better 

images. 

Scatter 

Scatter, in the context of SPECT imaging, refers to Compton scatter, whereby a 

gamma-ray photon undergoes an inelastic interaction with either a free or loosely bound 

electron. The photon imparts some of its energy to the electron, causing the electron to 
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recoil. The remaining energy stays with the photon as it continues to move through the 

medium. However, due to the scatter interaction, the photon moves along a different path 

than it did prior to the scatter interaction. By utilizing energy and momentum conservation 

laws, the energy of a scattered photon can be related to the scatter angle by (Barrett and 

Swindell, 1981) 

- -(2.4) 

where 

E' = the energy of the scattered photon, 

Eo = the energy of the incident photon, 

moc2 = the rest-mass energy of the electron (511 keY), 

~ = the scattering angle. 

The important point to note about equation 2.4 is that scattered photons contain less 

energy than do the primary photons. Thus, a large percentage of the scattered photons can 

be rejected before being included in the SPECT data set. Many commercial SPECT systems 

directly measure the energy of each detected photon before including it into the 

accumulating data set; if the energy is too low, the event is assumed to be due to a scattered 

photon and is rejected. The modular gamma cameras used in the various SPECT systems 

that we have built, including the 3D brain imager, do not measure the energy of a detected 

photon directly, but instead discriminate on the basis of the probability that a detected event 

was due to a non-scattered photon. Both of these techniques will be further described in 

chapter 3. 

Due to fundamental limitations of the components of a gamma camera, no technique 

can discriminate against all scattered photons without rejecting a large percentage of primary 

photons; a SPECT data set due to a scattering object is bound to include a significant 

portion of scattered photons. Clough (Clough, 1986) suggests an interesting model for such a 
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SPECT data set. She found that the data set can be decomposed into two portions, each due 

to a different non-scattering object. The primary photons in the data set can be modelled as 

coming from a non-scattering version of the original object, while the scattered photons in 

the data set can be modelled as primary photons from a scatter object. Furthermore, for the 

case of single-scatter photons, the scatter object is often well approximated as the original 

object convolved with a scatter kernel. Using these insights, Clough proposed an iterative 

scatter-correction technique to compensate for the effects of scattered photons on the 

reconstruction. 

There exist many other techniques for scatter correction, and much research is being 

performed to develop new methods of scatter correction that are easily implemented and can 

handle non-uniform scattering objects. The details of these efforts are beyond the scope of 

this document and will not be discussed further. 

The Radon and X-Ray Transforms in SPECT 

SPEer Basics 

As discussed in the previous chapter, SPECT imaging is performed by administering a 

radiopharmaceutical to a patient and using a gamma-ray detector to image the resulting 

radioactive distribution contained within some region of the patient's body. Since photons in 

the energy range used in SPECT imaging are not easily refracted or reflected, data are 

collected by placing attenuating apertures between the patient and the detector plane. In this 

way, each detector element has an associated field of view defined by the aperture; photons 

that are recorded at a particular detector element are known to have originated in a certain 

small portion of the object space. The number of photons detected by a given detector is 

proportional to a weighted integral of the activity contained in the region it sees. By 

utilizing the information collected by many detector elements, each viewing different but 
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overlapping regions of the object space, an estimate of the original activity distribution can 

be produced. 

There are a number of different apertures that can be used for SPECT; the most 

common are shown in figure 2.1. The parallel-hole collimator consists of a thick attenuator, 

which is usually lead, through which there are a large number of closely packed, parallel 

holes, or bores. The collimator is positioned next to the detector such that each detector 

element views a region of the object space through a single bore of the collimator. The 

region that each detector element sees is, to a first approximation, a single, straight line 

through the object, parallel to all the other lines of sight. 

The focussed collimator is similar to the parallel-hole collimator, but the bores are 

oriented such that they point toward a single point. If the focus point is on the front side of 

the detector, as depicted in the figure, the collimator acts to magnify the region of interest, 

which has the effect of distributing the projection of t.~e object over more detector 

elements, allowing efficient use of a large detector when viewing small objects. Conversely, 

the bores can focus to a point behind the detector, which will cause the projection of the 

object to be minified. This type of focussed collimator is used to project a large object onto 

a smaller detector surface. 

The third aperture depicted in the figure is a pinhole, which is simply a small hole 

placed in a thin attenuator. An ideal pinhole, which is infinitesimally small, defines a bundle 

of rays that are emitted from the object and converge to a point on the aperture plane. 

After passing through this point, the rays in the bundle diverge and strike different detector 

elements. Therefore, just as in the case of a collimator, each detector element in an ideal 

pinhole imaging system collects counts along a single line through the object. 

A pinhole aperture can be used to minify or magnify an object by varying its position 

relative to the object and detector locations. For a fixed object-to-detector distance, moving 
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Fig.2.1. Three common apertures used for SPECT imaging: (a) parallel-hole 
collimator, (b) focussed (magnifying) collimator, (c) pinhole aperture. (From 
Barrett and Swindell, 1981.) 
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the pinhole closer to the object will magnify the projection of the object onto the detector 

plane, while moving the pinhole closer to t.~e detector will minify the projected image. 

Apertures can consist of more than one pinhole, in which case each pinhole projects a 

different view of the object onto the detector plane. Depending on the size of the object, 

the spacing between pinholes, and the system magnification, the different pinhole 

projections of the object can overlap on the detector plane. In such a case, a single detector 

element sees several different lines through the object; one through each pinhole. This 

condition is referred to as multiplexing or coding. A pinhole aperture that causes such a 

condition is referred to as a multiple-pinhole coded aperture. The concepts of magnification, 

multiple-pinhole coded apertures and multiplexing will be discussed more extensively in the 

following chapters. 

There are a number of other apertures that can be used to restrict the ray paths that 

go between the object and the detector in a SPECT imaging system. Some of these apertures 

consist of fixed patterns such as annuli (Walton, 1973; Simpson, 1978) or Fresnel zone plates 

(Mertz and Young, 1961; Barrett, 1972; Rogers, et ai., i972), while others are time

modulated, such as rotating slits (Tanaka and Iinuma, 1975; Miller, 1978) and Fourier 

apertures (Mertz, 1974, Chou and Barrett, 1978). These and other interesting apertures are 

described elsewhere in the literature (for example, see Barrett and Swindell, 1981), but a 

discussion of their function lies outside the scope of this dissertation. 

Both 20 and 30 SPECT radio nuclide distributions can be mapped by collecting a data 

set that consists of many line integrals or planar integrals through the distribution. This is 

accomplished by using a combination of detector(s), aperture(s) and, often, system motion to 

collect a data set consisting of many different projections of the distribution. A 

reconstruction algorithm is then used to estimate the activity distribution that most likely 

caused the measured data set. The details of the hardware used to collect the data sets as 
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well as the reconstruction algorithms used to produce estimates of the activity distribution 

will be discussed in later chapters. The theoretical basis of such endeavors is the subject of 

the following sections. 

While we are primarily concerned with 30 SPECT, much of the theory is common to 

both 20 and 30 SPECT imaging, and the 20 formulations are often notationally simpler 

than the corresponding 30 versions. Therefore, we shall present concepts from 20 imaging 

when they are an aid to understanding the corresponding 3D concept. We shall use different 

fonts to distinguish between 20 and 30 vector quantities; 2D vectors will be specified as 

bold letters, while 30 vectors will be denoted in 6-o-ld ,r,o,.i p.~. 

The 2D Radon Trans/orm 

While most biological distributions of radiopharmaceutical are three-dimensional, they 

can be imaged with 20 SPECT techniques by arranging the aperture and system motion (if 

any) to isolate slices through the object such that activity in one slice is not seen by the 

detectors viewing any other slice. Typically, a 30 distribution within a body is divided into 

a series of adjacent, or overlapping, transverse slices. The distribution of activity within a 

slice is assumed to be constant in the axial direction. In this way, the general 30 SPECT 

imaging problem can be approximated as a series of 20 images. 

One common technique used for collecting SPECT data is to position a parallel-hole 

collimator and detector assembly, as shown in figure 2.1, such that each detector element 

sees a region through the 20 object of interest. If we assume an ideal collimator and 

detector, then the region seen by a particular detector element is just a single line given by 

the parameters p and ¢, as shown in figure 2.2. Furthermore, if we assume that the object 

has no attenuation or scatter associated with it, and there is no noise in the measurement 

recorded by the detector element, then the number of photons observed by the detector 
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element, )..tP(p), is proportional to a line integral through the activity distribution. A set of 

data that corresponds to the line integrals for all p and 9 through a 2D object is known as 

the 2D Radon transform. The formal definition of the 2D Radon transform is (Barrett, 

1984) 

(2.5) 

where fr(x',y') is the spatial distribution of the object, f(x,y), expressed in the rotated 

coordinate system. An equivalent expression for this transform is given by: 

where, 

r = a 2D position vector, 

ft = a 2D unit vector, 

f(r) = a 2D activity distribution, 

c5(p-r·ft) = a ID Dirac delta function, 

(2.6) 

and the integral is over the entire 2D plane of the object. In order to properly describe the 

data collected by a SPECT system, equations 2.5 and 2.6 should also include a term that 

describes the number of photons collected by a detector element at p when viewing a unit of 

activity at r, for all p and r; we shall refer to this term as the collection efficiency function 

of the system. However, the collection efficiency function for a SPECT system with an ideal 

parallel-hole collimator is just a constant, which we shall neglect for the sake of notational 

clarity. We will include the collection efficiency function in later analytic models that we use 

to describe more general SPECT imaging systems. 

The Radon transform can be thought of either as a 2D function of variables p and ¢, 

or as a set of ID functions of p with ¢ held constant; each of these ID functions is referred 
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to as a projection of the object. The latter view of the Radon transform will be used in the 

discussion to follow, though the former view yields some insight into sampling requirements 

for inversion of the Radon transform (Rattey and Lindgren, 1981). 

The central slice theorem is the means by which an ideal, unattenuated parallel-hole

collimator SPECT data set can be inverted to produce a mapping of the activity distribution 

that produced it. According to the central slice theorem, the 10 Fourier transform of each 

projection data set is a line through the center of the 20 Fourier transform of the object. 

Each projection, >,¢(p), at a different angle, ¢, provides information about a different line in 

the frequency space of the object. Therefore, by collecting a complete set of projections, the 

Fourier transform of the object, and hence the object itself, can be reconstructed. 

Most radio nuclide distributions of interest exist within an attenuating medium, in 

which case the activity from each element, f(r)cJ2r, is decreased by an attenuation factor, 

a(r, p,¢), before it strikes the detector at a position given by p and ¢. Under these 

conditions, the projection data corresponds to the attenuated 20 Radon transform and is 

given by 

and 

where 

p.(r') = the attenuation coefficient distribution, 

'1 = a straight-line path from the activity element at r to the 

detector element at p,¢. 

(2.7) 

(2.8) 

Unlike the 20 Radon transform, the attenuated version cannot, in general, be analytically 
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inverted to yield the activity distribution that produced it -- even when the attenaation 

factor, a(r,p, ¢), is known exactly. There does exist a particular instance in which an analytic 

solution exists; an attenuated central-slice theorem exists when the attenuation coefficient, 

p.(r), is constant and the attenuation body contour is convex and known (Tretiak and Metz, 

1980; Clough, 1986). In this case an analytic inversion of the attenuated data can be 

performed in a similar fashion as the inversion of the unattenuated data. However, most 

regions of the body that are typically imaged with SPECT do not meet the necessary criteria 

to allow application of the attenuated central-slice theorem. 

The problem of inverting a set of attenuated projection data is usually dealt with 

numerically in one of two ways; either the reconstruction is performed assuming no 

attenuation exists and then the resulting image is corrected, or the attenuation model is 

incorporated in the reconstruction algorithm. A popular technique for post-reconstruction 

attenuation correction (Chang, 1978; Bailey et ai., 1987a; Bailey et ai., 1987b; Galt et ai., 

1987) uses numerical models of both the attenuation distribution and the imaging system to 

correct the original reconstruction. The reconstruction is corrected pixel by pixel based upon 

the average attenuation that each pixel has associated with it as it is viewed by the SPECT 

system. This corrected image is then projected through the numerical model of the system to 

get a new projection data set. The difference between the two data sets is reconstructed, 

attenuation corrected, and then added to the reconstruction. The process can then be 

repeated until a stable, attenuation-corrected image results, although in practice just one or 

two iterations are performed. The second approach to inverting attenuated projection data is 

to incorporate the attenuation information directly into the system model used by the 

reconstruction algorithm, which is the approach used in the work presented here. The details 

of the system model that we used are given in a later section of this chapter, while the 

reconstruction algorithm is described in chapter 4. 
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The 3D Radon Transform 

The 3D Radon transform operates on a 3D object to produce a set of planar integrals 

through the object. This transform occurs when a 3D SPECf imager, consisting of an ideal 

slat collimator and a 2D detector, collects noiseless projection data from an activity 

distribution that has no scatter or attenuation associated with it, as shown in figure 2.3. The 

transform is defined as 

where 

,. = a 3D position vector, 

~ = a 3D unit vector, 

f(,.) = a 3D activity distribution, 

o(p-,.·~) = a ID Dirac delta function, 

(2.9) 

and the integral is over the entire 3D space. As in the case of the 2D parallel-hole collimator 

SPECf imager, we have not included the collection efficiency function, which is simply a 

constant for this system. 

The unit vector ~ defines the plane of integration, and can be specified by two 

angular coordinates, ¢n and 8n, as shown in figure 2.4a. The parameter p defines the 

distance from the origin to the plane of integration, as shown in figure 2.4b. Analogous to 

the 2D Radon transform, the 3D transform can be thought of as a 3D function, >'(p,8n'¢n)' 

or as a set of ID functions, >'w(p). The latter interpretation lends itself to the application of 

the 3D central-slice theorem, which says that the ID Fourier transform of >'w(p) is one line 

through the origin of the 3D Fourier transform of the object. Therefore, to fully sample the 

Fourier transform of the object, and thus the object itself, the range of directions of the 

unit vector, ~, must span an entire hemisphere, while p must span the extent of the object. 
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Detector 

Fig. 2.3. An ideal 2D detector and slat-collimator can be used to acquire planar
integral projection data that correspond to the 3D Radon transform of an 
object. (From Barrett, 1984.) 
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b 

Fig. 2.4. Geometry of the 3D Radon transform; (a) the plane of integration is defined 
by the unit normal tz, and the perpendicular distance from the origin, p. 
(b) The vector fZ, is specified by the polar coordinates <Pn and en. (From 
Barrett, 1984.) 
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It has been suggested that 3D SPECT imaging systems based upon planar integrals 

have some advantages in the form of improved noise characteristics and relaxed 

requirements on detector resolution (Gindi, et ai., 1982). However, the necessity of two 

scanning motions (i.e. in the direction of (}n and ¢>n) complicates the design and 

implementation of such a system. This technique for 3D SPECT is rarely encountered in 

practice and will not be discussed further. 

The X-Ray Transform 

The x-ray transform produces a set of 2D projections of a 3D object. Each value on 

the projection plane is due to a line integral through the object. As with the 2D Radon 

transform, the integral is performed along a line normal to the projection plane and parallel 

to all the other line integrals for that plane. This type of data occurs when an ideal 2D 

parallel-hole collimator and detector are used to collect noiseless projections of a 3D activity 

distribution that has no scatter or attenuation associated with it. Figure 2.5 illustrates such a 

system. A definition of the x-ray transform is given by: 

(2.10) 

where 

,.. = a 3D position vector, 

p,q = the Cartesian coordinates on the detector plane, 

A A 3D . iZ'p,iZ'q = UnIt vectors, 

f(,..) = a 3D radionuclide distribution, 

Both unit vectors, ~p and ~q, point in a direction normal to the line of integration, just as 

in the case of the 2D Radon transform. The unit vector designated by ~p is parallel to the p 
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Fig. 2.5. An ideal 2D detector and parallel-hole collimator can be used to acquire 
projection data that correspond to the x-ray transform of an object. (From 
Barrett, 1984.) 
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axis of the projection plane, while ~q is parallel to the q axis. Once again, we have omitted 

the collection efficiency function in this analytic model since it is simply a constant for this 

SPECT system. 

The central-slice theorem for this transform states that the 2D Fourier transform of 

the projection data, ).;z, ;z, (p, q), is one plane through the origin of the 3D Fourier 
p' q 

transform of the object. Both the x-ray transform and the corresponding central-slice 

theorem are illustrated in figure 2.6. Unlike the 3D Radon transform, the entire Fourier 

space of the object can be sampled with the x-ray transform by rotating the projection 

plane along a circle; rotation off of the plane of the circle provides redundant information. 

Much of the work presented in this dissertation utilizes pinhole projection data, which 

does not, at first glance, appear to be related to the x-ray transform; the set of line integrals 

that pass through anyone pinhole are not parallel. However, there is a coordinate 

transformation that can be performed on a single-pinhole system viewing an object that 

produces an equivalent system consisting of a set of parallel projection data from a distorted 

version of the object (Chiu, et ai., 1979). Therefore, a 2D Fourier transform of the pinhole 

projection data is one plane through the 3D Fourier space of the distorted object. Planar 

apertures of any type can be analyzed by decomposing the aperture shape into a set of co-

planar pinholes. Each of these pinholes will produce a parallel-line projection data set 

through the same distorted object. While these findings are useful to show that, in some 

ways, pinhole projections are similar to parallel projections, it is difficult to apply them to 

the type of multiple-pinhole system described in this work. The pinholes in the 3D brain 

imager that we examine are arranged on a sphere -- not along a single plane. While each 

pinhole yields a projection data set of the same object, the equivalent parallel-projection 

data sets are of different distorted objects. 
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Fig. 2.6. Illustration of the 3D central-slice theorem. A 2D Fourier transform (.9"2) of 
a single x-ray projection of an object produces one plane of data from the 3D 
Fourier transform of the object. (From Barrett and Swindell, 1981.) 
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Equation 2.10 can be generalized to include scatter, attenuation, noise and finite 

integration width in the following way 

where, 

r = a 3D position vector, 

p,q = the Cartesian coordinates on the detector plane, 

~p = a unit vector parallel to the p axis of the detector, 

~q = a unit vector parallel to the q axis of the detector, 

A 

P = P '"'p' 

f'(~) = an effective 3D radionuclide distribution = fk) + f&C(~), 

a(-; p,¥,) = the attenuation distribution = exp [-J~l i'C-) l 
"1 = a straight-line path from the activity element at ~ to the 

detector element at P,$1', 

h(~; P, $1') = a collection efficiency function, 

n(p, $1') = a random variable to account for the noise in the 

measurement by the detector element at P,$1'. 

(2.11) 

The 3D function fsck) is the scatter object that was discussed in an earlier section. The 

inclusion of this function enables one to account for scattered radiation observed when 

collecting the actual projection data (Clough, 1986). 

The collection efficiency function, h(~; p, $1'), is a term that describes how well each 

source element is seen by each detector element. This function generalizes equation 2.10 so 

that it is equally applicable to a SPECT system that uses a parallel-hole collimator, a 
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focussed collimator, a pinhole, or any other stationary aperture. The collection efficiency 

function includes radiometric effects between the source and detector positions, obliquity 

effects from the aperture, and differences in the detector efficiency from element to 

element. 

Discrete Model of a SPECT System 

The Need for a Discrete Model 

The previous discussion was based on the assumption that all the elements in SPECf 

measurement are continuous: the object space, the sampling, and the detector. However, in 

practice, none of these assumptions are true. This is partially due to the ubiquitous use of 

digital computers to perform the inversion of th~ SPECT data. A digital computer cannot 

use a continuous formulation of a computational problem; such a problem needs to be 

presented as a discrete approximation to the continuous model. Therefore, even continuous 

portions of the SPECf problem, such as the object and attenuation distributions, must be 

represented as discrete approximations. 

In addition, SPECf data are collected at discrete intervals, and are not available for all 

p and '/', as implied by equation 2.11. This is true for two reasons; first, the projection 

planes are positioned at discrete intervals, and second, the detector elements along those 

planes are of finite size and spaced at discrete intervals. The projection planes are either 

defined by the motion of the gamma camera as in a conventional system, or by the aperture 

openings in a stationary imager, such as the UA brain SPECT system. Both of these classes 

of systems can only produce a discrete number of projection planes. The discrete nature of 

the values on a detector plane is usually not due to the detection media, which is often 

continuous, but due to the digitization that takes place in order to accumulate and store the 
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detected events. These hardware-related topics will be elaborated upon in the next chapter. 

We therefore need to arrive at a discrete model of the SPECT problem that is 

computationally tractable, yet retains enough fidelity to the continuous aspects of the 

problem to produce realistic results. The following sections are devoted to this goal. While 

much of the discussion applies to either 2D or 3D SPECT, we shall utilize the 3D notation, 

in keeping with the aim of this work to describe a new 3D SPECT imager. Also, we shall 

omit further consideration of scatter phenomena, either in the theory to follow, or in the 

data and resulting reconstructions presented in later chapters. Although unaccounted-for 

scatter effects presumably degraded the reconstructions produced by the 3D brain imager, 

the effects did not appear to hinder the primary thrust of this work, which is to demonstrate 

the feasibility of a stationary 3D SPECT imaging system. 

The Projection Data 

The object or activity distribution is a continuous function and is well represented by 

fk). However, for the reasons stated above, the projection set is not continuous, as equation 

2.1 I assumes. The appropriate description of the projection data is a continuous-to-discrete 

model given by 

where, 

gj = the ith projection measurement, 

,. = a 3D position vector, 

f(,.) = a 3D radionuc1ide distribution, 

(2.12) 
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a;(d = an attenuation distribution = exp [-J~l p(~)l 
'1 = a straight-line path from the activity element at ,. to the 

detector element at p,?" 

hi (,.) = a collection efficiency function, 

nj = a term to represent the noise in the z"th measurement. 

As in equation 2.11, the collection efficiency function, hj (,.), provides a means of including 

geometric and radiometric factors in the description of how an activity element at ,. affects 

the projection data, gj. 

The Object Representalioll 

In contrast to the rea], continuous object that created the projection data, gj, the 

estimate of the object distribution must be a discrete representation to exist within the 

framework provided by digital computation. In order to meet this constraint, the object can 

be approximately represented using a truncated set of N orthonormal basis functions. This 

representation is given by (Barrett, ]991) 

N 

f(,.) ~ Lfj <pj (,.). 

j=l 

The orthonormality condition requires that 

(2.13) 

(2.14) 

where 0jk is the Kronecker delta function (one when j=k, zero otherwise). Using equations 

2.13 and 2.14 it is easy to show that 
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(2.15) 

The most common choice for the basis set, {<p/,..n, is a set of adjacent, cubic volume 

elements (voxels) arranged in a regular grid, filling the object space. When the system being 

considered is linear and shift-invariant then an obvious alternate choice for basis functions 

are the complex exponentials used in Fourier analysis. On the other hand, if the system is 

linear but not shift invariant, the generalization of Fourier analysis, known as singular-value 

decomposition, is applicable and leads to a basis set consisting of the eigenvectors of the 

system. This approach has proven useful in the analysis of fundamental properties of 

stationary, multiple-pinhole SPECT systems such as the UA cardiac and brain imaging 

systems (Aarsvo1d et al., 1991; Barrett et ai., 1991). While these and other basis sets can be 

utilized to good advantage, we choose to utilize the voxel grid for representing the object 

estimate. 

The System Representation 

The discrete model of a SPECT imaging system can now be completed by specifying 

the operation that relates the discrete object element, fj' to the discrete detector element, gj. 

This can be arrived at by using equations 2.12 and 2.13 to yield 

N 

gj = f d 3,.. Lfj <Pj("') tlj(,..) hj (,..) + nj, 

where 

00 • 1 J= 
N 

= Lfj f d3,.. <Pj("') tlj(,..) hj (,..) + nj, 

. 1 00 J= 
N 

= Lfj Hjj + nj, 

j=1 

(2.16) 
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(2.17) 

The attenuation function, l2j("), and collection efficiency function. hj (,.). have been 

combined in this formulation based upon the assumption that the attenuation distribution is 

known exactly. and only the estimate of t.l}e activity distribution is sought. In this way. the 

attenuation becomes part of the system model, and estimates of the object based upon this 

system model implicitly account for the attenuation. As mentioned earlier. an alternative 

technique is to omit the attenuation factor from the model entirely and then perform a post

reconstruction correction, such as the Chang algorithm, on the resu1ting object estimate. We 

have not used the latter approach in the work presented in this dissertation. 

where 

A very compact and common way to express the system model is in matrix notation: 

g = Hf + n. (2.18) 

f = an N-element vector of object elements, 

g = an M -element vector of detector measurements. 

H = an M x N system matrix with elements defined by equation 2.17. 

n = an M-element vector of noise values. 

The linear-systems model given by equation 2.18 win be used extensively in later chapters. 
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After a radiopharmaceutical has been administered to a patient and distributed 

throughout the region of interest, it is up to the SPECT system to collect the data necessary 

to generate an estimate of the radionuclide distribution. The previous chapter dealt with the 

theoretical aspects of the projection data and how they relate to the object estimate. This 

chapter discusses the techniques available for collecting those data. 

Detectors for Nuclear Medicine 

Once a gamma-ray photon is emitted by a radio nuclide and passes through an 

aperture (either pinhole or collimator), it must be sensed and localized by the SPECT system 

in order to contribute to the projection data. There are several methods by which gamma 

rays can be detected. One method is to direct the gamma-ray photons through a chamber 

fiIIed with a high-pressure, heavy gas such as xenon or krypton, and subjected to a strong 

electric field. As the photons pass into the gas chamber, they interact with the gas to form 

electron-ion pairs. As these primary electrons are drawn toward the anode by the electric 

field, they interact with other gas molecules to produce an avalanche of secondary electrons. 

The excess charge at the anode caused by the avalanche of secondary electrons is then 

recognized by a sensing circuit and the gamma-ray event is recorded. A drawback to this 

technique is that the gas chamber must be very long or the gamma-ray energy must be low 

in order to absorb an appreciable fraction of the incident photons. A second method of 

gamma-ray detection uses a semiconductor material to absorb the incident photons. In doing 

so, electron-hole pairs are produced and can be sensed as a current between anode and 

cathode, or across a junction. The major problem with semiconductor detectors is that it is 
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difficult to produce detector material with uniform properties over a usable area. Because of 

the resulting low yield. semiconductor gamma-ray detectors are generally much more 

expensive than other devices. The third. and most common. technique uses a combination of 

scintillator and photomultiplier tubes (PMTs). It is this technique that we have used in our 

work and will proceed to describe. 

Basic Scintillation Detection Process 

Scintillators are used in nuclear medicine to convert each absorbed gamma-ray photon 

into a number of optical photons. The types of interactions that occur between the gamma 

ray and scintillation crystal depend on the energy of the gamma ray and the particular 

characteristics of the scintillator. We shall consider the scintillation process that occurs when 

a 140keV gamma-ray photon interacts with a thallium-doped sodium iodide (NaI(TI» 

crystal. This particular scintillation crystal is the most common composition used to detect 

the 140keV photons emitted by technetium (Tc-99m). which is the SPECT radionuclide that 

we used. A gamma ray of this energy is most likely to be absorbed in the NaI(TI) crystal by 

a photoelectric interaction in which the photon transfers all of its energy to an inner-shell 

electron. ejecting it from the atom. The ejected electron is referred to as a primary 

photoelectron and has a kinetic energy equal to the difference between the energy of the 

photon and the electron's binding energy. 

The primary electron travels a short distance -- on the order of 0.1 mm -- in the 

crystal. before losing its energy by interacting with other atoms to produce excitons (bound 

electron-hole pairs). The excitons then migrate to the luminescence centers (the lattice 

locations of the TI+ ions. in the case of NaI(TI». where they recombine and emit an optical 

photon. In this way. the original gamma-ray photon is converted to a number of optical 

photons that is approximately proportional to the energy of the gamma ray. The scale of the 
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interactions is such that the optical photons can be treated as an omnidirectional burst 

centered at the site of the gamma-ray absorption. 

The Anger Camera 

The most common position-sensitive gamma-ray detector in nuclear medicine today is 

the Anger camera, which consists of a single large scintillation crystal, to which a number of 

PMTs are optically bonded. The output from each of the PMTs is connected to an analog 

position estimation circuit. The first Anger camera was described in 1958 (Anger, 1958) and 

consisted of IOcm diameter NaI(Tl) crystal, seven PMTs, a resistive position-estimation 

circuit, and output to an oscilloscope. Current Anger cameras have circular or rectangular 

NaI(Tl) crystals that are up to IlOcm across, may utilize more than 100 PMTs connected to a 

common, capacitive position-estimation circuit, and the output may be digitized and stored 

in digital memory for later processing. However, the functional details differ little between 

Anger's original model and state-of-the-art versions. 

The scintillation crystal is usually very thin (5-15mm) and contained in a hermetically 

sealed housing to protect it from mechanical and chemical damage. The housing consists of a 

thin sheet of aluminum on one side of the crystal and an optically clear glass plate, known 

as an exit window, on the other side. The side with the aluminum sheet is oriented toward 

the radiating object, while the exit window is optically coupled to a number of PMTs. 

Gamma rays can pass through the aluminum sheet with negligible absorption and interact 

with the scintillator to produce optical photons, which readily pass through the exit window 

and are detected by the PMTs. An illustration of the typical arrangement of these 

components is given in figure 3.1. 

Each PMT captures some of the optical photons produced by the scintillation event. 

The portion of optical photons that a particular PMT captures is a function of its distance 



Photomultiplier Tubes 

Exit Window 

ScintiIIation 
Crystal 

Aluminum 
Housing 

50 

Fig. 3.1. Basic gamma-ray detector consisting of a scintillation crystal and a set of 
photomultiplier tubes (PMTs). The scintillator is held by an aluminum housing 
and covered with an optically clear exit window, to which the PMTs are 
coupled. (From Roney, 1989.) 
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from the scintillation event and the optical characteristics of the scintillator assembly. Each 

photon that is detected by a PMT undergoes a photoelectric interaction at the PMT's 

photocathode. Each of the resulting photoelectrons, in tum, is drawn toward the first 

dynode of a multiplying dynode chain within the PMT. After multiple interactions along the 

chain, each of the primary photoelectrons generates a cascade of secondary photoelectrons 

that add together to produce a measurable current pulse. Therefore, the amplitude of the 

pulse is proportional to the number of photons incident on the PMT photocathode, which in 

tum is related to the distance of the PMT from the scintillation event. If the crystal 

assembly has homogeneous optical properties and we neglect statistical fluctuations in 

numbers of photons and photoelectrons, then the current pulse from an ideal PMT viewing 

the scintillator provides the radius of the scintillation event from the center of the PMT, but 

not the exact location. For this reason mUltiple PMTs must be used to determine the position 

of a scintillation event; a single PMT provides information only about the radius of the 

annular region in which an event was likely to have occurred. 

The basic design of the position-estimation circuit for an Anger camera is shown in 

figure 3.2. In this case, the camera consists of only seven PMTs, but the same design 

concepts hold for any number of PMTs. The scintillation crystal is divided into four 

quadrants by the X and Y axes; to the left of PMT number 7 is X-, to the right is X+, 

below is Y-, and above is Y+. Each of these four crystal directions has a corresponding 

output from the position estimation circuit. The output from each PMT is split, weighted, 

and connected to the appropriate output lines. Capacitors are used to weight the PMT 

connections appropriately; PMTs that are to the left of center are more strongly coupled to 

X- than X+ and PMTs above center are more strongly coupled to Y+ than Y-. The coupling 

weights are chosen such that the coordinates of the scintillation event can be estimated by 

applying the following: 
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Fig. 3.2. Schematic of the basic position-estimation elements used in a seven-PMT 
Anger camera. (From Anger. 1967.) 



where K is a constant. 

x = K (X+ - X-), z 
Y = K (Y+ _ Y-), z 
z = X++X-+Y++Y-, 

53 

(3.1) 

(3.2) 

(3.3) 

The Z voltage pulse is the sum of all the coordinate pulses and, in the case of an ideal 

scintillator and PMTs, is proportional to the energy of the incident gamma ray. However, 

the number of optical photons generated during a scintillation event is, approximately, a 

Poisson random variable, as is the number of photoelectrons generated at each dynode of the 

PMT. Additionally, real scintillator materials do not always absorb all of the energy of an 

incident photon; sometimes only a portion of the photon's energy is converted to an optical 

pulse. Therefore, the output signals from the PMTs are not constant for a fixed gamma-ray 

position and energy; they are themselves random values (Mar, 1989). 

A typical Z voltage spectrum corresponding to 140keV scintillation events at a fixed 

position within a NaI(Tl) crystal is shown in figure 3.3; such a distribution is known as the 

energy spectrum for the system. The spectrum displays two distinct regions; the Compton 

continuum and the photopeak. The Compton continuum occurs at energies below 90.4ke V 

and is due to single Compton-scatter events within the scintillation crystal. The upper bound 

of the Compton continuum is known as the Compton edge and is defined by the maximum 

energy that can be imparted to the crystal during a single Compton event; maximum energy 

transfer occurs when the gamma-ray photon is exactly backscattered, imparting an energy of 

90.4keV to the recoil electron. The second feature of the energy spectrum is the photopeak, 

which is primarily produced by photoelectric absorption of the 140keV gamma ray. The 

finite width of this distribution is due to the photon and photoelectron statistics in the 

detection process and can be Quantified by a parameter known as the energy resolution of 

the system. The energy resolution is given by I:l.lijli, where I:l.Ii is the full-width at half-
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Fig. 3.3. Typical energy spectrum observed using a NaI(Tl) crystal and a collimated 
source of 140keV gamma-ray photons. The spectrum consists of two distinct 
regions; the region below the Compton edge is known as the Compton 
continuum and is due to the Compton scattering events within the crystal that 
only impart a portion of the gamma-ray energy to the crystal. The region 
above the Compton edge is known as the photopeak and consists of a well
defined peak with a full-width at half-maximum given by 6,(]. This portion 
of the spectrum is due to total-absorption events within the crystal. (From 
Barrett and Swindell, 1981.) 
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maximum of the energy spectrum and (] is the location of the mean of the distribution. 

Only those scintillation events that lie in the photopeak region of the energy spectrum are 

used by most systems for SPECT imaging; events that have Z pulses that fall outside of this 

region are omitted from the cumulative data set. 

As explained in chapter 2, the energy of a gamma-ray photon that is scattered within 

the SPECT object will be less than the energy of a primary photon from the same 

radionuclide. Therefore, by estimating the energy as well as the location of a gamma-ray 

photon incident on an ideal Anger camera, a simple threshold could be applied to window

out most of the scattered photons; this is the purpose of the Z pulse. However, because of 

the appreciable energy resol!!tion of any real system, a threshold on the Z pulses that is set 

high enough to window all the scattered photons would also window most of the direct 

"hotons. In practice, the threshold on the Z pulse is set such that it allows most of the direct 

photons through, but this invariably allows some scattered events to be accepted into the 

data set. These scattered events will degrade the quality of the final reconstruction unless 

accounted for by a scatter-correction technique. 

The U A Modular Camera 

The VA modular camera is a small gamma-ray detector that consists of a IOcm square 

by 5mm thick NaI(Tl) scintillation crystal and four, 5cm x 5cm square PMTs (Milster et ai, 

1984; Milster, 1987), as shown in figure 3.4. Figure 3.5 shows the block diagram of the 

dedicated electronics and host computer system used to digitize and process the PMT signals 

that occur when collecting an image. When a scintillation event occurs, each of the resulting 

PMT signals is digitized to eight bits, transformed to a five-bit signal, and concatenated to 

produce a 20-bit address, which is then used as an offset into a 2Mbyte look-up table. The 

location in the look-up table accessed by the 20-bit address contains an estimate of the 
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Fig. 3.4. Photograph of the U A modular gamma camera, which consists of a 1 Oxl Ocm 
by 5mm thick NaI(Tl) scintillation crystal and four PMTs. 
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Fig. 3.5. Schematic of the UA modular gamma camera. The block diagram shows the 
major components used to collect and process scintillation events detected by 
the modular camera. (From Mar, 1989.) 
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scintillation position that likely caused the particular set of PMT signals. The value in the 

image memory corresponding to this position estimate is then incremented, and the system 

waits for the next scintillation event. In this way a digital image is accumulated for either a 

preset time or preset number of detected events. 

While the look-up table approach has a number of advantages, the greatest being its 

flexibility, the drawback is that the size of the required look-up table can easily exceed the 

available resources. For example, if each PMT signal were digitized to one more bit of 

precision -- six bits -- the required look-up table would grow to 32 Mbytes. Therefore, we 

digitize the PMT outputs to just five bits with an intermediate (eight bit to five bit) 

mapping in order to best utilize this relatively small number of signal bits. 

As mentioned earlier, the output from a PMT observing repeated occurrences of an 

identical scintillation event describes a random distribution with a mean value that is related 

to the distance between the PMT and the scintillation event. This distribution is 

approximately Poisson, which has a width, or standard deviation, that varies as the square 

root of the mean. A uniform digitization of such signals is not efficient; the digitization is 

too coarse when the mean is small, and too fine for large mean values. A solution for this is 

to pass the signal through a mapping whose output is proportional to the square root of the 

input, before digitizing to a small number of bits. Such a transformation produces a random 

distribution that has a uniform width independent of the mean, which is efficiently sampled 

with uniform digitization (Dolazza and Poulo, 1984; Aarsvold et al., 1988; Milster et al., 

1990). 

The UA modular camera implements this transformation by using an erasable, 

programmable, read-only memory (EPROM). The EPROM stores the five-bit output that 

corresponds to each of the eight-bit input values. Thus, both the transformation and five-bit 

digitization is performed in one step. The four five-bit signals that result from a scintillation 
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event are concatenated and used as an address in a look-up table that contains the estimate 

of the position of the scintillation event that caused the four PMT responses. 

The look-up table entries are calculated using a maximum-likelihood (ML) estimator 

of the form (Milster, 1987) 

P(A,B,C,Dlx,y) = a maximum with respect to x,y, (3.4) 

where 

A,B,C,D = the four five-bit PMT signals, 

x,y = the estimate of the scintillation position. 

The estimator is based upon a measured set of data that defines the mean response of each 

PMT to a gamma-ray scintillation at each point on the camera face. This relationship is 

energy dependent; the mean PMT response to a scintillation event at Xo ,Yo caused by a 

140keV photon is approximately twice the magnitude of the response due to a similar event 

caused by a 70keV photon. Therefore, each module is calibrated for a particular gamma-ray 

energy, usually 140keV -- the energy of the technetium gamma-ray. 

The dependence of the PMT responses to the energy of the incident gamma-ray 

provides the means of scatter rejection in the UA modular camera. When the ML estimate, 

xML'~' is found for a particular set of PMT responses, A,B,C,D, then the resulting 

probability can be tested against a threshold, 

P(A,B,C,DIXML'~) > PTH , (3.5), 

where PTH is an empirically chosen threshold. If the ML probability for a particular set of 

PMT responses is above the threshold, the position estimate is stored in the corresponding 

look-up table entry. If, however, the ML probability is below the threshold, then the event 

is deemed to be more likely due to scatter or cosmic rays. In such a case, the value written 

to the corresponding location in the look-up table is not a position estimate, but a digital 

flag to indicate to the electronics that the particular set of PMT responses should be ignored 
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if they occur during an image acquisition. 

Methods of SPECT Data Collection 

Rotating Anger Cameras 

A very common SPECT system configuration consists of a large Anger camera and 

parallel-hole collimator mounted together as a single detector assembly, which is held by an 

automated gantry. A SPECT data set is collected by using the computer-controlled gantry to 

position the detector assembly at a large number of angles around the region of interest and 

acquire projection data from each. The detector pauses at a particular position and collects 

the projection data for a fixed time. After the collection interval has ended (typically 10-20 

seconds), the accumulated digital image is stored while the detector rotates slightly (typically 

6-9 degrees) and begins to acquire a new and slightly different projection of the object. 

Once the full circle of projection angles is sampled, the computer uses the set of projection 

data to produce an estimate of the activity distribution. 

Each of the parallel-hole-collimator projections of the object can be thought of as an 

attenuated x-ray projection, as discussed in the previous chapter. This view of the data 

implies that a truly 3D reconstruction algorithm is used to produce a 3D estimate of the 

activity distribution. One such algorithm will be discussed in the next chapter. However, as 

long as the motion of the detector around the patient is in a single plane, the projection data 

can also be thought of as a series of attenuated 2D Radon transforms of contiguous slices 

through the object. In the latter view, the reconstruction algorithm produces a 2D estimate 

of the activity distribution in each slice, and the 3D object is represented as a series of 

independent 2D slices; this approach is currently the most common. 

In order to minimize the amount of radiopharmaceutical that must be administered to 

the patient, decrease the amount of time that a given SPECT study takes, or increase the 
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number of counts collected during a study (thus obtaining images with less noise), the 

performance of the SPECf system must be increased over that provided by the conventional 

SPECf imager. One way to increase the performance is to add additional detector 

assemblies; two, three or four-headed SPECf systems are now commercially available. 

Typically, the imaging heads are positioned at uniform intervals around the object space and 

move as a single unit; a two-headed unit has imaging heads that simultaneously view the 

opposite sides of the object space, while a four-headed system has heads spaced 90 degrees 

apart. The advantage of a multi-headed system is that it can collect the gamma-ray photons 

more efficiently than a comparable single-headed system. One reason for this is that the 

additional detector heads collect gamma-ray photons that would have otherwise not been 

detected. Another reason for the increased efficiency is due to the fact a multi-headed 

system only has to rotate through a portion of a revolution to collect an entire set of 

projection data; mUltiple projection angles of the object are viewed simultaneously. The less 

time an imaging system spends moving during a study of fixed duration, the more time is 

available for collecting data. 

Stationary Detector. Rotating Collimator Systems 

One alternative to the rotating Anger camera is to have the scintillation detector and 

aperture be independent units. In this way, the detector can be made to surround the region 

of interest and remain stationary during the SPECf data collection. The aperture also 

surrounds the region of interest and is designed such that a small number of projections 

(usually a dozen or less) are collected simultaneously, at even intervals around the object. 

This small number of projections is not sufficient to provide enough data to reconstruct the 

activity distribution; instead, just as with the rotating Anger camera, the system rotates 

slightly and repeatedly to collect a large number of different projections of the object. 
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However, unlike the rotating Anger camera, only the collimator needs to rotate to collect a 

new set of projections. 

The advantages to this method of SPECT data collection are the increased collection 

efficiency and the mechanical simplicity of the system. Because multiple projections are 

collected simultaneously, a stationary detector system can collect gamma-ray photons that 

would have been lost if only one projection were collected at a time. This implies that the 

stationary detector system has the same advantages in collection efficiency as the multi

headed SPECT system when compared to a single-headed SPECT system. However, unlike 

the multi-headed Anger cameras, only the aperture of a stationary detector system needs to 

move; the scintillation crystal and the hundreds of pounds of lead shielding surrounding it 

remain stationary in this design. Therefore, the mechanical complexity, and attendant cost, 

for precise motion control of the imaging assembly is greatly decreased due to the reduced 

weight of the movable portion of the system. 

One commercially available system that uses the stationary-detector design is the 

ASPECT (annular SPECT) brain imager (Genna and Smith, 1988). ASPECT is a "ring" 

system; both the detector and aperture surround the patient's head in a ring pattern. The 

detector ring is a 31cm inner diameter by 8mm thick by l3cm wide, single-crystal ring of 

NaI(Tl), to which 63 PMTs, each 5 I mm square, are optically coupled. The aperture ring lies 

between the patient's head and the detector ring, and is concentric to the detector. One of 

the available aperture rings consists of six parallel-hole collimators, of different sizes, 

distributed around the aperture ring, as shown in figure 3.6. The collimator orientation and 

motion is such that the 3D object space is decomposed into a number of thin planes; no 

cross-plane sampling occurs. Only one of the six collimators views the entire object space, 

which is the minimum necessary to avoid artifacts in the reconstructions due to truncated 

projections of the activity distribution. The other five collimators view smaller, centered 
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Fig. 3.6. Layout of the ASPECT brain imager. The major components are the 63 
PMTs, the stationary annular NaJ(Tl) scintillation crystal, and a rotating 
collimator ring. (From Genna and Smith, 1988.) 
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portions of the object space, which increases the sampling and sensitivity of the system in 

the center of the field of view (FOY). The projection data that comes from the center of the 

object space is noisier due to the increased average attenuation of this region as it is seen by 

the system. The increase in sampling of this region is claimed to offset the noise and provide 

for good resolution across the entire FOY. 

One other notable aspect of ASPECT is that the system employs a digital scintillation 

detection and position estimation technique (Smith and Genna, 1988). As with the UA 

modular cameras, each of the PMT signals in an ASPECT system is digitized prior to the 

scintillation position or energy estimation. The digitized PMT signals are corrected for 

temperature-dependent effects, which are mostly due to the variation in photocathode 

responsivity, and then used to coarsely localize the region of the scintillation event. This 

localization allows the system to recognize coincident events in different portions of the 

crystal. In this way, the set of PMT responses to multiple coincident scintillations is not used 

to attempt to erroneously calculate a single scintillation position that caused the PMT 

responses. The coarse localization process is also used to determine the subset of PMT signals 

that are actually significant and thus used in the position estimation. Once an appropriate 

subset of the digitized PMT responses is chosen, the selected PMT responses are used to 

estimate the position and energy of the scintillation event. 

Another stationary detector system is the SPRINT II brain imager (Rogers et ai., 

1988). This system consists of a large number of NaI(TI) bars that are 3mm wide by 12.7mm 

thick by 15cm wide. Approximately 44 of these bars are packaged together and optically 

coupled to 20 PMTs, each 38mm in diameter, to produce a 14cm x 15cm 2D position

sensitive detector module. Eleven such modules are arranged along a 50cm diameter ring to 

produce an eleven-sided polygon detector, as shown in figure 3.7. The aperture is a 34cm 

diameter ring of 10 or 12 slits, which are oriented axially. Between the aperture and the 
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Fig. 3.7. Layout of the SPRINT II brain imager. The major components are the 11 
stationary detector modules, a stationary slice collimator, and a rotating 
multiple-slit aperture. (From Rogers, et aI., 1988.) 
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detector rings lies a slice collimator, which consists of a series of thin lead foil sheets that 

define transverse slices through the object and eliminate cross-plane sampling. Tne slit and 

slice-collimator combination reduces the projection data to a series of pinhole projections of 

20 objects. The number of slits is limited to 12 based upon the geometry of the system, the 

dimensions of the FOY and the desire to avoid an overlapping of the projections from 

adjacent slits. As with ASPECT, the aperture ring of SPRINT II rotates repeatedly and by 

small amounts to collect enough projection data to estimate the activity distribution in the 

FOY. 

Position estimation of the scintillation event on each of the eleven modules is 

performed by summing across the rows and columns of the 20 PMT signals. These signals 

are then passed to a dedicated processing board that calculates a position estimate of the 

event by assuming the 20 position estimate is able to be factored into two ID position 

estimates. Each of these 10 estimates is performed using an ML position estimation routine 

implemented in hardware (Clinthorne et aI., 1987). Each module is calibrated before use, 

producing a set of weighting coefficients unique to that module. An on-board read-only 

• 
memory (ROM) contains the weighting coefficients, which are used during the position-

estimation procedure. 

Completely Stationary Ring Systems 

The UA modular cameras have been used in conjunction with coded apertures to 

construct a number of completely stationary ring systems. Several of the systems were just 

partial units used for feasibility tests and design testing (Roney, 1989; Rowe, 1991). The 

current system is configured to perform cardiac SPECT imaging (S.c. Rogers, 1990). The 

system consists of a pinhole coded aperture and 16 modules aITa.'1ged on 16 sides of an 

eighteen-sided polygon. The detector polygon has an inscribed circle that is 62cm in 
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diameter. The aperture ring, which is 46cm in diameter and concentric to the detector ring, 

contains a large number (48-64) of pinholes in various patterns. A slice collimator lies 

between the aperture and detector rings. As with the SPRINT II system, the slice collimator 

in the UA cardiac imager defines a set of transverse slices across the FOY, such that a 3D 

object can be treated as a set of 2D slices. A schematic of this system is shown in figure 

3.8. 

Unlike the SPRINT II system, the projections of the 2D slices through different 

pinholes are allowed to overlap in the UA cardiac system. The overlap of projections is a 

condition referred to as multiplexing or coding, and the pinhole array that causes it is 

referred to as a multiple-pinhole coded aperture. While some multiplexing can be tolerated, 

and may even be a net benefit in obtaining ~ sufficient number of projections of the FOY, 

the multiplexing should be minimized whenever possible. This dictum is implemented in the 

UA cardiac imager with the aid of a subslice collimation system. The subslice collimation 

divides each of the slices such that nearly the same slice through object space is seen across 

two (or more) different rows of the detector, with little cross-talk between the views. This 

concept is depicted in figure 3.9. The pinholes that view a particular slice can then be 

distributed across the subslices, which will reduce the multiplexing while retaining the 

number of pinholes necessary to adequately sample the FOY. 

Judicious placement of the pinholes, the use of subslicing to minimize multiplexing, 

and the use of a reconstruction algorithm that can cope with the remaining mUltiplexing are 

all reasons that the U A cardiac imager can adequately sample the FOY without any system 

motion. Similar concepts can be applied to other SPECT systems, in particular a 3D brain 

imager. The next three chapters will examine various facets of a stationary, hemispherical 

3D SPECT brain imager in detail. In chapter 4, we describe the simulation of such a system, 

as well as provide a complete explanation of the reconstruction algorithm used to perform 
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Fig. 3.8. Layout of the UA cardiac imager. The major components are the 16 
stationary detector modules, a stationary slice collimator, and a stationary 
multiple-pinhole aperture. (From S.c. Rogers, 1990.) 
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Fig. 3.9. Detail of the subs lice collimator used in the UA cardiac imaging system. The 
figure depicts two subslices that view essentially the same slice through the 
object. In this way, the upper and lower subslices can have different pinhole 
codes, doubling the number of projections of the object that would be 
collected by the corresponding single-slice system without increasing the 
mUltiplexing. (From S.C. Rogers, 1990.) 
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the truly 3D reconstruction. Details of a laboratory prototype of such a system are given in 

chapter 5, including 3D reconstructions of a test phantom. Measured system performance 

specifications are given in chapter 6, along with further reconstructions, where applicable. 
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CHAPTER 4 

SIMULATION OF A STATIONARY 3D SPECT SYSTEM 

Based upon the positive results obtained with the UA cardiac SPECT imager (Roney, 

1989; S.C. Rogers, 1990), we chose to test the feasibility of using a stationary SPECT system 

to image the human brain. Unlike cardiac imaging, SPECT imaging of the brain allows the 

possibility of using a hemispherical detector geometry rather than just an annular detector. 

However, such a choice negates the possibility of decomposing the 3D brain into a series of 

2D slices; a hemispherical SPECT system necessarily has cross-plane sampling. Therefore, 

the reconstruction algorithm used by such a system must be able to work with such data to 

perform a true 3D estimate of the object. 

We begin this chapter by introducing the concept of a stationary 3D SPECT system 

for imaging the brain. We then describe the details of the simulations that were performed 

to test the feasibility of such an imaging system. Finally, we explain the reconstruction 

algorithm that was used to produce object estimates from the simulated SPECT data. 

Concept of a Stationary 3D SPECT System 

An artist's conception of the UA 3D brain imager is shown in figure 4.1. The 3D 

SPECT data are coIlected by placing the patient's head within a lead hemispherical sheIl, 

which contains a large number of smaIl pinholes. Each of the pinholes allows a different 

projection of the activity distribution to pass through the aperture and onto the detector 

surface. These projections may overlap, resulting in multiplexing or coding of the projection 

data. For this reason, the aperture that produces such projection data is referred to as a 

hemispherical multiple-pinhole coded aperture (MPCA). The detector surface consists of 

many of the UA modular gamma cameras densely packed in an approximately hemispherical 
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Fig. 4.1. Concept sketch of the UA brain imager, which consists of a lead-alloy 
hemispherical multiple-pinhole coded aperture and 20 modular gamma 
cameras (five cameras have been omitted from the illustration for clarity). In 
practice the clinical version of the imaging system would likely image the 
patient in a supine orientation. 
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pattern surrounding the aperture. The illustration shows a system that consists of twenty 

modular cameras, five of which are omitted for clarity. While the figure depicts the patient 

being imaged in an upright position, in practice, a clinical version of the UA brain imager 

would likely image a patient in a supine orientation. 

The ability of the SPECT imager to collect all necessary data simultaneously and 

without system motion is highly dependent on a small number of system parameters. Two of 

these parameters are the size of the MPCA hemisphere and the size of the detector 

hemisphere, which together determine the magnification of the projection data. We shall 

refer to the distance from the center of the FOY to a pinhole on the MPCA as Sl' and the 

distance from the pinhole to the detector surface as S2. The relationship between the size of 

an object located at the center of the FOY and the size of its projection is give!l by the 

magnification factor of the system, which is simply S2/S1" Therefore, the projection size 

can be increased by increasing the distance between the aperture and detector or by 

decreasing the size of the aperture hemisphere. Conversely, the projection size can be 

decreased by moving the detector closer to the aperture or increasing the radius of the 

aperture hemisphere. 

The use of modular gamma cameras, rather than conventional single-crystal detectors, 

affords additional freedom in the detector geometry, producing another set of crucial system 

parameters. Because the modules are mechanically, electrically and optically independent 

from one another, they can be used to produce a large variety of detector geometries. 

Although within the scope of this dissertation we used the modules to approximate a 

hemispherical detector surface, they can be arranged to produce an arbitrary detector 

geometry. In the latter case, the system magnification need not be constant from module to 

module. 
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Another set of system parameters concerns the number, size and placement of the 

pinholes that make up the MPCA. In order to well sample the continuous projection space 

of the object, An- n- (p,q) as given by equation 2.11, the pinholes should be evenly 
p' q 

distributed and closely spaced. Furthermore, the pinholes should be as small as possible to 

minimize the blur of the projection data. One way to interpret the blur is to decompose each 

finite pinhole into a set of infinitesimal pinholes. Therefore, the resulting projection from a 

finite pinhole can be thought of as a sum of a large number of different ideal-pinhole 

projections; as the finite pinhole size is increased the number of different composite 

projections increases, blurring the result. Another way to view the difference between 

projections due to small and large pinholes is to recognize that only an infinitesimal pinhole 

provides line-integral projection data; a circular pinhole of finite dimension yields conical 

integrals rather than line integrals. 

The final system parameter critical to the performance of an MPCA SPECf system is 

the spatial resolution of the detectors used. Due to statistical fluctuations that occur in the 

detection process, as discussed in chapter 2, the position estimate made by a scintillation 

detector will have an associated error. In addition, most SPECT detectors, including the 

modular gamma cameras, ultimately provide a digitized estimate of the scintillation location, 

causing an additional error due the discrete detector pixel size. Both of these effects 

combine to yield a non-zero detector resolution, which limits the number of independent 

measurements of the projection data that the detector can make. 

The ideal value of each of the foregoing parameters -- system magnification, detector 

geometry, aperture design, and detector resolution -- in the absence of other considerations, 

is easy to see. The magnification should be as large possible and the detector resolution 

should be as small as possible to aid the detection of small details of the object being 

viewed. The pinholes should be very small, uniformly distributed, and closely spaced on the 
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aperture hemisphere to generate a large amount of unblurred projection data. Finally, the 

modules should be densely packed to form a nearly continuous detector surface in order to 

collect all of the projection data. 

However, the previous analysis omitted some other important effects that tend to 

mitigate the statements just made. The most pernicious effect is multiplexing: the 

coincidence of two or more projections at a particular detector element. Two systems that 

collect the same SPECT projections of an object but differ in the degree of multiplexing of 

the data will produce reconstructions of different Quality; the system with the lesser 

multiplexing will produce the better Quality reconstruction. The degradation of the 

reconstruction in the system with greater multiplexing is due to the increased ambiguity 

about the trajectory of the detected photons in that system. 

The Question of increased multiplexing is usually not independent of other parameters 

in an MPCA SPECT system; it is often tied to the possibility of collecting more independent 

measurements. For example, adding additional pinholes to a SPECf system allows additional 

projections to be collected, but may increase the average multiplexing of the collected data. 

Likewise, increasing the magnification of the system provides better sampling of the 

projection data, but may also be accompanied by additional mUltiplexing. Therefore, there is 

a tradeoff between better sampling of the continuous projection space, >'w w (p,q), and 
p' q 

the amount of multiplexing that can be tolerated. 

The choice of pinhole size reflects another tradeoff between desirable and undesirable 

effects. The collection efficiency of an MPCA SPECT system can be increased by increasing 

the size of the pinholes; larger pinholes will allow a greater number of photons to be 

detected in a fixed collection interval, and, hence, reduce the noise in the resulting 

projection data. But larger pinholes also cause the corresponding projection data to be more 

greatly blurred, for the reasons discussed earlier. Therefore, the choice of pinhole size must 
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be made in consideration of the amount of blurring that is acceptable. The desired amount 

of pinhole blur should be chosen such that it is commensurate with the spatial resolution of 

the detector being used; if the pinhole blur is much smaller than the resolution of the 

detector then the collection efficiency of the system is unnecessarily restricted. On the other 

hand, if the pinhole blur is much greater than the detector resolution, then valuable 

measurement capability of the detector is wasted. 

The foregoing tradeoffs, and myriad others, are the reasons that a complete theoretical 

analysis of a MPCA SPECT system is intractable. An alternative method for determining the 

performance characteristics of such a system is to use a computer model to simulate the 

configuration of interest. It is this approach that we chose initially to demonstrate the 

feasibility of the UA brain imager. 

Simulation Technique 

One technique for describing a SPECT system is the linear systems model discussed in 

chapter 2. In particular, it can be seen from equation 2.18 that the simulation of aSPECT 

system can be reduced to two components: generation of the system matrix, H, and 

generation of the data vector, g. We shall begin this section by describing elements of the 

simulation algorithm common to both simulation tasks. We then go on to discuss the reasons 

for using a measured H matrix, both in the simulation study and, most importantly, in the 

actual SPECT systems we are developing. Finally, we explain the algorithmic steps for 

producing a simulated H matrix, followed by a similar discussion of the algorithm used to 

produce the g vector. 
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Elements 0/ the Computer Model 

The SPECT systems that we simulated were similar to the configuration depicted in 

figure 4.1. Although the simulated modules could be arranged independently in any position 

and orientation, most simulations done for this study used 16 or 20 detector modules 

arranged in a hemisphere surrounding the MPCA. Each module had a lOOmm x lOOmm 

detector area, which is the same as the UA modular gamma cameras. The simulated detector 

modules used 32 x 32 detector elements, each 3.l2mm x 3.l2mm in size. This is in contrast 

to the real modular gamma cameras, which have 64 x 64 detector elements, each 

1.56mm x 1.56mm in size. The differences between the actuai hardware and the simulated 

version were implemented for two reasons; first, the smaller number and larger size of the 

simulated detector elements approximated the spatial resolution of the real modular cameras. 

Second, the decreased number of detector elements increased the speed of the simulations 

and decreased the storage requirements of the simulated system matdces. 

The MPCA was defined by the location of the center of each pinhole. The shape and 

size of each pinhole was specified as a polygon defined relative to the location of the 

pinhole center. A square pinhole with a 2.0mm diagonal was typically used for the 

simulation studies. As was the case with the detector modules, the pinholes could be 

positioned separately in an arbitrary configuration. However, most studies utilized pinholes 

that were located an equal distance from the center of the FOY (i.e. on a hemisphere). 

The system response to a point source within the FOY was required for both 

simulation tasks -- the generation of the H matrix and g vector -- and was calculated by 

performing analytic projections of each of the pinholes onto the plane of each of the 

detector modules. Once the apices of a particular pinhole polygon were projected onto a 

particular detector plane, the simulation algorithm determined whether any of the apices fell 

within the active region of the detector plane. If not, another pinhole was chosen and the 
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process repeated. However, if some or all of the pinhole apices fell on an active region of 

the detector plane, the algorithm rastered across the detector face using a fine sub-grid, 

typically O.2mmm x O.2mm, to determine which detector pixels were affected by the pinhole 

projection, and in what amount. The mean number of photons directed toward a detector 

pixel was then calculated based upon the activity of the simulated point source, the time for 

which it was imaged, and the solid angle subtended by the affected portion of the detector 

pixel. 

The actual mean number of photons incident on a particular detector pixel was 

calculated based upon the mean number of photons directed toward the pixel and the 

attenuation factor between the voxel and pixel. The simulation algorithm was designed to 

include the effects due to a general ellipsoidal attenuator with a constant attenuation 

coefficient. The line between the source and an affected detector pixel was determined and 

used to calculate the length of the path through the ellipsoidal attenuator. This intersection 

length was used to calculate the attenuation factor, which was then applied to the mean 

number of photons directed toward the detector pixel to obtain the mean number of photons 

incident on the pixel. 

Once the mean distribution of photons incident on the detectors was determined, the 

value at each detector pixel was multiplied by a collectioI! efficiency factor, typically 0.50, 

to account for absorption and detection losses. The resulting value represented the mean 

number of photons detected by each of the detector pixels. Photon noise was then 

incorporated in the data by using a Gaussian approximation to the actual Poisson noise. The 

random value observed by each detector pixel was generated by a Box-Muller algorithm 

(Press, et ai., 1988), which was set to produce a random distribution with mean and variance 

equal to the mean pixel value. The nearest integer to this random number was then used as 

the actual number of photons observed by the particular detector pixel. 
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Overview of the System Matrix 

The system matrix, H, is simply a description of how the SPECf system responds to 

each element of the basis set chosen to represent the object. Each column of the H matrix 

represents the set of detector responses to a single element of the basis set. As discussed in 

chapter 2, we chose to use a regular grid of cubic elements (voxeIs) as the basis set. 

Therefore, each column of the H matrix is a list of the detector pixel responses to a single 

radioactive voxel at some location in the FOY. 

Based upon the techniques used to calibrate the UA cardiac imager (Roney, 1989; S.c. 

Rogers, 1990), we originaIIy intended to construct the system matrix for the brain imager by 

using a small radioactive source to measure the system response to each voxel within the 

FOY. As we shaH discuss in the next chapter, we eventuaHy decided to measure the H 

matrix on a coarse grid and perform an interpolation to get the other values. In either case, 

the measured system response data is gotten by using a robot to hold a small radioactive 

Source at a voxel location. The SPECf system then coHects the emitted photons for a preset 

period of time, generating a projection set corresponding to a single point. This projection 

data is then stored as one column in the H matrix, while the point source is moved to the 

next voxel location. This process is repeated until all of the measured voxels in the FOY 

have been calibrated. A multiplicative correction is applied to each of the columns in the 

resulting H matrix to account for the decay of the radioactive source during the course of 

the system calibration. 

A system matrix of this kind contains some errors due to photon noise; each element 

in a measured H matrix is a random variable, rather than the actual mean value of the 

detector element. Since the number of counts detected by a particular element during a 

fixed detection interval is a Poisson random variable, the signal-to-noise ratio (SNR) of the 

measurement is proportional to the square root of the mean value, as discussed in chapter 2. 
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Therefore, in order to minimize the measurement noise, we would like to collect a large 

number of counts at each voxel location. However, the radioactive source that we use for 

system calibration, technetium (Tc-99m), has a six hour half-life, while the system FOY 

usually contains thousands of voxels. In order to avoid having to replace the source during a 

calibration, we can afford to allocate only a few seconds of collection time per voxel. 

While an experimentally determined system matrix necessarily contains some photon 

noise, it also includes system imperfections that would be difficult to model in any other 

way. The measured H matrix includes radiometric and geometric effects due to the real 

aperture, including aperture defects. The H matrix also includes detector imperfections such 

as spatial non-linearity and sensitivity variations. It therefore seems plausible that the 

performance and uniformity requirements of the SPECT system components are relaxed by 

using a measured system matrix. Conversely, the actual performance of the assembled 

components is likely to be better modeIIed using a measured system matrix rather than using 

a model based upon ideal components, resulting in improved object estimates. 

Although the computer model of the UA brain imager contained none of the 

imperfections that the real system would, we chose to simulate the measurement of the H 

matrix just as we intended to do with the real system. In this way, the effects of a noisy, 

discrete system model on the performance of the simulated brain imager could be 

determined. 

Generation of the System Matrix 

The simulation of a measured system matrix mimicked the physical procedure; a 

small, simulated source with a fixed activity was stepped to each of the voxels within the 

simulated SPECT system and imaged for a fixed time. The simulated calibration source 

consisted of eight point sources of equal activity located at the corners of a 1.25mm cube; 
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this geometry was used in an attempt to model the finite extent of a real calibration SOurce. 

At each source location the mean projection data were determined, including attenuation 

effects. Tnese mean detector pixel values were then used to generate a data set that included 

photon noise. The resulting projection data were then stored as a single column in the 

simulated H matrix. This process was then repeated until a similar set of data was collected 

for each voxel in the FOY. 

Most of the simulation studies generated an H matrix that covered an FOY with 

dimensions of 200mm x 150mm x 100mm, with the center of the FOY concentric to the 

center of the MPCA and detector hemispheres. The FOY was made up of 24000 voxels, 

arranged as a 40 x 30 x 20 rectangular parallelopiped, with 5mm voxel centers. 

The H matrix for a simulated system with 20 detector modules had dimensions of 

20,480 x 24,000. If the matrix was stored without compression using two bytes per element, 

the storage of a singie H matrix would require nearly one Gbyte. Fortunately, the simulated 

H matrices were very sparse; only a small number of detector pixels were affected by the 

small calibration source at anyone voxel location. For this reason, a simple data compression 

scheme was implemented to store only the non-zero elements of the system matrix. By doing 

this, the typical H matrix required only 60 Mbytes of storage space. 

Figure 4.2 shows the projection data coliected by a simulated hemispherical MPCA 

SPECT system with a single small source in the FOY; these data represent one column of 

the system matrix for this system. The figure shows the image seen by each of the 20 

cameras in the system resulting from a calibration source located at the center of the MPCA 

hemisphere. The MPCA consisted of 100 square pinholes, each with a 2mm diagonal. The 

pinholes were located on a hemisphere of 15cm radius, while the detector modules were 

located tangent to a hemisphere with a 22cm radius. The calibrating source had an activity 

of 6mCi and was imaged for 10 seconds. Projection data for the H matrix included effects 
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Fig. 4.2. Simulated projection data due to a small point source in the center of the 
FOY. The aperture hemisphere had a radius of 15cm and contained 100 
pinholes, each l.4mm square. The 20 cameras were arranged tangent to a 
22cm radius hemisphere, in a pattern similar to that depicted in figure 4.1. 
These images represent the data contained in one column of the system matrix 
-- the column that corresponds to this source position. 
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due to photon noise and an ellipsoidal attenuation volume with semi-diameters of 

9.00cm x 6.75cm x 4.50cm and a linear attenuation coefficient of 0.15cm-1 . The pinhole 

projection at the center of each camera is noticeably wider than the other four pinhole 

projections because the center pinhole was positioned at the same angular coordinates as the 

camera. Therefore, the center pinhole projection falls equaIly on the four center detector 

pixels, in contrast to the other four pinhole projections, which fall almost entirely within a 

single detector pixel. 

Generation of the SPECT Data Set 

The object used in the simulations studies was a 3D digital brain phantom, similar to 

the one shown in figure 4.3. The version shown consists of 40 x 30 x 20 voxels, each 

5mm x 5mm x 5mm, and is represented in the figure as 20 slices, each 40 x 30 pixels. The 

digital phantom actuaIIy used in the simulations was a more finely sampled version of the 

phantom shown in the figure, consisting of 68 x 51 x 34 voxels, with a voxel spacing of 

2.9mm along each dimension. The digital brain phantom and the programs necessary to 

generate it were created by Warren E. Smith. 

The SPECT data set was generated in a very similar manner as that used to generate 

the H matrix. The simulation algorithm sequenced through all of the voxels in the FOY, 

calculating the effects due to the projection of each voxel through each pinhole onto each 

detector plane. As with the generation of the system matrix, the simulated projection data 

included radiometric and geometric effects, as weII as the effects due to finite detector 

resolution, finite pinhole size, photon noise, detector efficiency, and attenuation. 

However, there were several important differences between the simulation of the g 

vector and the H matrix. One difference was that the projection data generated by each 

voxel were accumulated into a common storage area. Thus, when the algorithm finished, a 
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Fig. 4.3. Twenty slices through a digital brain phantom similar to the one used for the 
simulation studies. Each slice consists of 40x30 voxeIs, each 5x5x5mm. The 
base of the brain phantom is shown in the upper left comer and consecutive 
slices are arranged in a raster pattern, with the apex of the brain shown in the 
lower right comer of the image. In order to better approximate a continuous 
object, a more finely sampled version of this phantom was used to perform 
the computer simulations. (The digital phantom was originally created by 
Warren E. Smith.) 
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single data set was produced, which was due to the projection of all of the object voxels 

onto the detector plane. And, of course, the voxels used to generate g did not all have the 

same activity; they were weighted according to the value they had in the digital phantom. 

A final, and somewhat subtle difference between the generation of H and g is that 

they were generated using different voxel grids in order to better model a real SPECT 

system. Both physical phantoms and biological radiopharmaceutical distributions are 

continuous while the reconstruction grid is discrete, which necessarily causes some error in 

the estimate of the original activity distribution. In order to simulate this effect, the digital 

phantom was constructed on a finer grid than that used for generation of the H matrix. If g 

and H used the same grid, the simulation of the SPECT system would have a consistency 

that would not appear in a physical system, possibly producing artificially improved results. 

Figure 4.4 shows the projection data, g that resulted from imaging the brain 

phantom in the same system described in figure 4.2. The projection data includes the effects 

due to photon noise and a 9.00cm x 6.75cm x 4.50cm semi-diameter ellipsoidal attenuation 

region with a linear attenuation coefficient of O.I5cm-1 . The phantom had a total activity of 

2mCi and was imaged for 5 minutes. The resulting projection data contained approximately 

3.3 million counts. 

A 3D Reconstruction Technique 

The computer simulation algorithms that were just described provided a technique for 

generating the 3D SPECT data vector and the system matrix. The reconstruction task was 

A 

then to generate an object estimate, f, given these two sets of data. In other words, the 

reconstruction algorithm produced an estimate of the object that was likely to have given 

the data, g, when imaged by a system with the characteristics contained in H. The algorithm 

that we used to generate such an estimate will be described in this section. 
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Fig. 4.4. Simulated projection data, g, due to the digital brain phantom. The phantom 
was imaged with the simulated system described in figure 4.2. The projection 
data correspond to a total object activity of 2mCi imaged for 5 minutes. The 
data included effects due to photon noise and a 9.00x6.75x4.50cm scmi
diameter ellipsoidal attenuation region with a linear attenuation coefficient of 
O.15cm-l. 



87 

Elements 01 the Reconstruction Algorithm 

We used an iterative search technique to perform the 3D reconstruction. The 

reconstruction algorithm attempted to change or perturb each element of the object estimate, 
A ~ 

f, such that the change made to a particular element, Ii' minimized some function of the 

data. This function is referred to as the energy function and is described in greater detail 

below. If the perturbation caused the desired reduction in the energy function, then the 

perturbation was accepted, the appropriate values were updated to reflect the change, and 

the algorithm began the process again with the next element, fi+l. If, on the other hand, the 

proposed perturbation caused the energy function to increase then the algorithm attempted 

to use the negative of the original perturbation value as the new perturbation. If this new 

perturbation caused the energy function to decrease, the algorithm proceeded to accept it as 

before. If, however, this new perturbation value also increased the energy function, then the 

~ 

element was left unchanged and the algorithm moved on to the next element, li+l. 

This process continued until the algorithm made an entire pass through the object 

estimate, perturbing the value of each voxel in such a way as to decrease the energy 

function. If a sufficient number of perturbations were made during the course of the pass, 

then the algorithm began the process again, starting with the first voxel in the object 

estimate. If, on the other hand, less than a preset number of perturbations were made, the 

algorithm could either decrease the size of the perturbations and begin the process again, or 

halt, depending on the user input to the algorithm. 

~ ~ 

The perturbation, tl/j, used for a particular element, Ii' was chosen as a fraction, p, 

of the unperturbed element 

(4.1) 

The reconstruction algorithm used a fixed perturbation fraction during the course of one set 

of passes through the object. When the algorithm finished a set of passes, the perturbation 
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size was decreased by using a smaller value for p. Typically, the reconstruction parameters 

that were used defined two sets of passes through the object estimate: the first set used a 

perturbation fraction of 0.25, and the second set used 0.05. 

Backprojection 

A consequence of the perturbation scheme given in equation 4.1 is that the object 

estimate must be initialized to a set of non-zero values before beginning the reconstruction 

process. We met this requirement by using the backprojection of the data, rBP as the 

original estimate. The backprojection is given by: 

rBP = fitg, (4.2) 

where fit denotes the transpose of H. 

The backprojection operation essentially performs a weighted smearing of the data, g, 

into the FOY. Each data element, gi' is multiplied by Hij prior to adding it to h Figure 4.5 

shows the result of backprojecting the SPECf data shown in figure 4.4 using a non

attenuated version of the H matrix corresponding to the imaging system described in figure 

4.2. An attenuated version of the H matrix produces a similar backprojection, but with a 

smoothly varying decrease of the backprojected values toward the center of the FOY. 

The Energy Fwzctioll 

The energy function that we chose to minimize is based upon the assumption that the 

number of counts collected at each detector pixel, gi' is a Poisson random variable and 

therefore is statistically independent from the counts observed at any other detector pixel. In 

this case, the probability of a particular data vector, g, is given by, 
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Fig. 4.5. Backprojection of the digital brain phantom. The data shown in figure 4.4 
were backprojected through the system matrix described in figure 4.2. A non
attenuated version of the H matrix was used for the backprojection in order 
to avoid the "saucer" profile due to object attenuation. 
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M __ ~ 
p( 1-) = lTexPI-gd gi 

g g gil (4.3) 

i=l 

where g is the mean value of the z"th detector pixel and there are M detector pixels in the 

SPECT system. If we neglect the noise in the measured system matrix, then g is equal to Hr, 

where r is the actual object. We can then rewrite equation 4.3 as, 

M g_ 
p(giO = lTeXp[-(HOi~ (HOi 1. 

gi· 
i=l 

(4.4) 

At this point we adopt a maximum-likelihood (ML) view toward the 

" reconstruction problem, which dictates the we should choose the object estimate, r, such 

that the probability of occurrence of the observed data, g, is maximized. Mathematically, 

p(glf) = maximum at f = f ML . (4.5) 

This concept can be applied directly to equation 4.4, or equivalently, we can minimize the 

negative of the natural logarithm of equation 4.4, which yields, 

M 

L(Hf)j-gjln(Hr)j + In(gj!) = minimum. 

i=l 

(4.6) 

The second term in equation 4.6 can be simplified using the following approximation: 

(4.7) 

Substituting equation 4.7 into equation 4.6 and omitting the terms that are constant with 

" . respect to r YIelds 
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M A 2 

E I «Hf)i-gi) . 
ML = = mIn. 

gi 
(4.8) 

i=l 

Not only does equation 4.8 provide the recipe for obtaining the ML estimate of the 

object, but the reader may note that it is also a weighted least-squares solution, where the 

weights have an intuitive appeal. Recall that the data are Poisson random variables, implying 

that the variances of the distributions are equal to the means. Therefore, if we make the 

approximation that gj~ gj= a2j, then the l/gj factor weights each least-squares term by the 

inverse of its variance. Those terms that do not fluctuate much determine the course of the 

reconstruction, while those terms that fluctuate greatly do not significantly influence the 

reconstruction algorithm. 

The difficulty observed when using only the ML term of the energy function, EML , is 

that the object estimates begin to "break up" as the reconstruction progresses. The 

unconstrained ML algorithm attempts to fit the noisy data as best as it can. In so doing, the 

reconstruction algorithm introduces high-spatial-frequency patterns into the estimate. 

However, we know a priori that most phantoms and biological distributions are smoothly 

varying. Therefore, a second term, Es, is added to the energy function to enforce a cert.ain 

amount of smoothness on the object estimate. The energy function that we actually 

minimize is 

where a is an ad hoc constant. The smoothing term is defined as 

N 

Es = I I (jj -Jy~, 
j= 1 iE KU) 

(4.9) 

(4.10) 

where KU) defines the set of voxels in the neighborhood of voxel j; we usually defined the 

neighborhood to be the six nearest voxels. By proper choice of the value of a in equation 

4.9, the reconstruction can be driven toward a smooth estimate that is close to (though not 
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exactly) the ML estimate of the object. 

Positivity 

The previous discussion referred to smoothness as an a priori constraint. Another 

element of a priori knowledge about the object is that it is positive; there are no portions of 

the object that contain a negative amount of radionuclide. However, there is nothing in 

either the ML or smoothing term of the energy function to prevent the estimate from 

containing negative values. Therefore, in order to ensure that the object estimate does not 

contain negative values, the reconstruction algorithm also enforces positivity. This is done 

implicitly in the iterative search algorithm since the initial object estimate is a 

backprojection, which contains only zero and positive values, and the perturbation size is 

chosen as a positive fraction of the voxel value being perturbed. 

Simulation Results 

A number of simulation studies were performed to test the performance of various 

configurations of the hemispherical MPCA brain imager. One example of a reconstruction 

from simulated data is given in figure 4.6. The reconstruction used the projection data 

described in figure 4.4 and the system matrix described in the discussion of figure 4.2. A 

no-noise version of the projection data was reconstructed using the same (noisy) system 

matrix and produced the reconstruction shown in figure 4.7. This latter reconstruction 

corresponds to the results that we would expect from using a measured H matrix in 

conjunction with a high-count projection image. 

While the results of the simulation sredies were generally favorable, they did not 

change appreciably when moderate changes were made to the configuration of the simulated 

SPECT system. For this reason, we decided to forego further simulation studies and 
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Fig. 4.6. Reconstruction of the digital brain phantom that was produced using the 
projection data described in figure 4.4. The system matrix. was generated on a 
5mm voxel grid using a simulated 6mCi source measured for 10 seconds at 
each voxel location. Both the projection data and the system matrix included 
effects due to photon noise and attenuation. 
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Fig. 4.7. Reconstruction of the digital brain phantom that was produced using the 
system matrix described in the previous figure and a no-noise version of the 
projection data shown in figure 4.4. This reconstruction corresponds to the 
results that we would expect when using a measured H matrix in conjunction 
with a high-count projection data set. 
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construct a laboratory prototype capable of emulating a complete hemispherical MPCA 

SPECT system. The emulation system could then be used to confirm the results of the 

simulation studies and provide more realistic performance characterizations of particular 

system configurations. The next chapter presents the details of the emulation system 

hardware and software, as well as reconstructions of some of the 3D phantoms imaged with 

this system. 
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CHAPTER 5 

LABORATORY PROTOTYPE OF A STATIONARY 3D SPECT SYSTEM 

In order to confirm the good results produced by the simulation studies described in 

the previous chapter, we felt it was necessary to construct a physical 3D hemispherical 

MPCA system. However, we did not have the resources necessary to construct the enti;e 

system. Instead, we chose to construct a partial system that could emulate the full SPECT 

system by taking advantage of the four-fold symmetry of the SPECf imager; the response 

function of the missing three quarters of the full system was assumed to be identical to the 

measured response function of the emulation system. Such a system required only one 

quarter of the full complement of modular gamma t:ameras and machining of only one 

quarter of the MPCA. Not only did the emulation system require less resources, but 

modifications to the system parameters could be made more quickly using a system with 

fewer components. 

Projection data for the fuII system were synthesized by using the emulation system to 

collect four views of the object, where the views were at 900 intervals about the line of 

symmetry. The four views were coIIected by rotating the object a quarter turn between each 

coIIection period. Due to the necessary object motion, the emulation system could not be 

used for clinical studies. However, we knew from similar emulations of the cardiac imager 

(Roney, 1989) that the results of phantom studies performed with an emulated system agree 

weB with similar studies performed on a fuII SPECf system. Therefore, we chose to use the 

emulation model in conjunction with phantom studies to evaluate the performance of the 3D 

brain imager. 

This chapter begins with a description of the hardware configuration of the emulation 

model. We then describe the technique used to calibrate the SPECT system and a method for 
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storing and manipulating the resulting H matrix. Finally, we present two reconstructions of a 

SPECT phantom imaged by the emulation system. 

System Hardware 

The laboratory prototype of the brain imager was constructed to emulate a system 

with parameters similar to the computer model described in figure 4.2. The prototype system 

had a 15cm radius aperture hemisphere with 25 pinholes. The system also contained five 

modular gamma cameras mounted such that the detector surfaces were closely packed and 

tangent to a 22cm radius hemisphere. The 25 pinholes and five cameras were confined to 

one quadrant of the hemisphere and were used to emulate a full system of 100 pinholes and 

20 modular gamma cameras. A photograph of the prototype system is given in figure 5.1. 

The aperture hemisphere was cast using Cerrobend, a low-melting-point lead alloy. 

Once the hemisphere shell was cast, the locations of 25 pinholes were chosen such that a 

point source at the center of the aperture hemisphere cast a projection of five pinholes onto 

each camera face in a pattern similar to that shown in figure 4.2. These locations were 

driIIed and countersunk to yield 2mm diameter pinholes. The projection image of a point 

source located at the center of this aperture is shown in figure 5.2. 

A robot arm was used in conjunction with the host computer to calibrate the 

emulation system by generating a measured H matrix in a manner similar to that described 

in the previous chapter. The arm moved a small radioactive source to each of the calibration 

voxels in the object space and held the source stationary while the imager collected the 

projection data for a preset time. Each such image represented one column of the measured 

H matrix for the system. Once the collection interval ended, the robot moved the source to 

the next position, while the host computer processed the projection data. The first 

processing step was the application of a low-level count threshold to remove spurious 
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Fig. S.l. Photograph of the SPECT brain imager laboratory prototype, consisting of 
five modular gamma cameras and a hemispherical MPCA containing 2S 
pinholes, each 2mm diameter. The prototype system was used to emulate the 
full brain imager -- consisting of 20 modules and 100 pinholes -- by 
assuming a four-fold rotational symmetry of the full system. Also shown is a 
robot (SIR-3) that held a small radioactive source and was used to calibrate 
the imaging system. 
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Fig. 5.2. Measured projection data due to a small point source located in the center of 
the FOY of the prototype SPECT brain imager. The aperture hemisphere had 
a radius of 15cm and contained 25 pinholes, each 2.0mm diameter. The 5 
cameras were arranged tangent to a 22cm radius hemisphere, in the pattern 
shown in figure 5.1. These images also represent the data contained in a 
quarter of a single column of the full-system H matrix. Since these data are 
due to a point source in the center of the FOY, each of the missing three 
quarters of the data in this column are identical to the data shown. 
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background counts from the projection data and make the folIowing compression step more 

efficient. The data were then compressed using a simple encoding scheme, which stored only 

the locations and values of non-zero pixels. The output of the compression step was then 

written to a file on a magnetic hard disk. When the system calibration was complete, a 

multiplicative correction was applied to the measured data to compensate for the radioactive 

decay of the source during the calibration process. 

The response function of the fulI system was synthesized from the emulation-system 

data using the assumption of four-fold symmetry. In so doing, the missing three-Quarters of 

the full system were assumed to have aperture and detector characteristics identical to those 

of the emulation system. Using this technique, the fulI-system response to a particular object 

voxel was gotten by concatenat~ng the emulation-system responses to that voxel and the 

three others symmetrically related to it. Therefore, the pinhole projection data shown in 

figure 5.2 also represents one Quarter of a column of data from the full-system H matrix. 

Since the projection data in the figure are due to a point source in the center of the 

measured FOY, then each of the other Quarters of the column of data are identical to the 

data shown. 

The largest object space used by the emulation system, and the one most useful for 

clinical brain imaging, consisted of an elIipsoidal region bounded by a 20cm x 20cm x 10cm 

rectangular parallelopiped. This object space contained 74,000 cubic voxels and was viewed 

by five gamma cameras, which were used to emulate 81,920 detector measurements. 

Therefore, the full-system H matrix for such a system had dimensions of 81,920 x 74,000; 

even allocating a single byte per entry would yield an H matrix that occupied 5,765 Mbytes 

-- far exceeding reasonable storage and computational bounds. Fortunately, the H matrix is 

relatively sparse; approximately two percent of the elements are non-zero when a moderate 

threshold is applied to the measured data. The sparseness of the H matrix implies that the 
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storage requirements can be greatly reduced by applying data-compression techniques. 

Apart from the difficulties in storing such a large matrix, there are also significant 

problems associated with measuring the SPECf system response to each of the 74,000 voxel 

locations. A complete calibration of such a system requiring ten seconds per voxel would 

take over 200 hours to complete! Not only is such a lengthy calibration highly inconvenient, 

but the Tc-99m source used for system calibration has oniy a six hour half-life. Therefore, 

the calibration procedure would have to be halted repeatedly in order to refresh the 

radioactive point source. Faced with these difficulties, we developed an alternate technique 

for representing the system matrix that greatly reduced the measurement and storage 

requirements. 

Measurement, Storage and Interpolation of the System Matrix 

In order to address the two problems associated with using a measured system 

response matrix -- storage requirements and calibration time -- we separated Jte H matrix 

into two component matrices. The decomposition of the H matrix is as foiiows: 

M 

H· = '\' D"'k Rko 
Q ~ Q J' 

k=l 

(5.1) 

where the R matrix describes the location and magnitude of the pinhole projections due to a 

source point source location, and the D' matrix describes the shape of each of these 

projections. In this scheme, the location of each pinhole projection is defined by the location 

of its centroid. Each element of R, Rkj , either equals the number of counts observed within 

the bounds of the pinhole projection whose centroid falls on detector element k while the 

source is at voxel j, or it equals zero if there is no centroid incident on detector pixel k. For 

any given ~oxel position, most of the detector pixels will not have projection centroids 

incide~t o~ them, and therefore most elements of the R matrix will be set to zero. We take 
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advantage of the extreme sparseness of the R matrix by applying a simple compression 

technique to it prior to storing the matrix. 

The second component of the system response function is the 3D matrix D', which 

contains the normalized response of each detector pixel, i, to a pinhole projection centroid at 

detector pixel k and the calibration source at voxel j. In other words, while the R matrix 

contains the magnitude and location of each of the pinhole projections, the D' matrix 

contains a description of the shape of each of these projections. Each entry of the D' matrix 

describes the pinhole blur corresponding to a particular projection centroid and, as such, 

describes the deviation of the measured pinhole projection from the ideal, delta-function 

projection. Strictly speaking, such a description depends upon the source location, the shape 

and size of the pinhole, as well as the effects due to detector nonuniformity. However, the 

D' matrix can be greatly simplified by assuming that the effects due to the source location 

and pinhole shape and size are small compared to the effects due to detector nonuniformity 

and spatial resolution. This implies that the pinhole blur is approximately constant for any 

pinhole projection centroid that falls on detector k. Differences in pinhole shape, size and 

magnification are assumed to affect the total number of counts within a pinhole projection, 

but not the shape of the projection itself; as such, these differences are reflected in the R 

matrix and not in D'. Under this assumption, D' is independent of the source position, j, and 

thus becomes a 2D matrix, D, that defines the normalized response of detector pixel i to a 

pinhole projection centroid at location k. Equation 5.1 can then be rewritten as 

M 

Hij ~ L Dik Rkj • 

k=l 

(5.2) 

One benefit to the decomposition of the system response matrix is that the component 

parts are well suited to being used in conjunction with an interpolation scheme. The 

radiometric component, R, is a slowly varying function of the point-source location, and 
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thus is readily interpolated to produce data corresponding to source positions between 

measured locations. The other component matrix, D, is assumed to be independent of the 

point source location. The ability to interpolate the calibration data aIIows us to measure the 

system response function on a 10mm grid and use the resulting data to synthesize an H 

matrix corresponding to a 3.3mm grid. In this way, the calibration of the brain SPECf 

system requires the measurement of the system response to only 3,200 voxels, which 

typically takes less than ten hours. 

Another advantage to separating the H matrix in the manner described is that the two 

component matrices are much smaIIer than the fuII H matrix. The application of a simple 

data compression technique to the R matrix greatly reduces the space required to store it. 

The D matrix is also subject to a great size reduction by noting that only those detector 

pixels close to the location of the projection centroid have significant values. Therefore, only 

a smaIl number of pixel values are recorded for each centroid location contained in the D 

matrix. These storage-reduction techniques allow us to store both components in less than 80 

Mbytes of space. In addition, the components can be recombined quickly and easily as 

needed during the reconstruction to generate the relevant portions of the H matriA, omitting 

the necessity of ever storing the entire H matrix. 

Tne foIIowing subsections will explain the details of how the two component matrices, 

R and D, are constructed, and how they are used together to synthesize portions of the fuII 

H matrix during the reconstruction. 

Construction of the R Matrix 

As mentioned previously, the calibration of brain imager begins with the collection of 

a conventional H matrix on a relatively coarse 10mm grid. The projection data set collected 

for each voxel location has a threshold applied to it to remove spurious background counts, 
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after which the image is compressed and stored. After all of the calibration data are 

collected, the resulting coarse-grid H matrix. is used to generate the D and R matrices. 

The first step toward producing a f'me-grid R matrix is to generate an R matrix on 

the same grid as used to collect the H matrix. The coarse-grid R matrix is built column by 

column; each column of the H matrix is extracted in order and converted to the 

corresponding centroid data. After the J"th column of the H matrix data is extracted, it is 

decompressed to produce projection data similar to that shown in figure 5.2. The algorithm 

sequences through this image using a raster pattern to search for non-zero pixels; it scans 

left to right across a single line of pixels, and then drops down to the next line to repeat the 

scan. Once a non-zero pixel is found, it is used as a seed from which a region of interest 

(ROI) is grown. The region grows to the left, to the right, and down one pixel-width at a 

time until no further non-zero pixels are added to the ROI by the addition of a column or 

row. 

Once the ROI for a particular pinhole projection is determined, the pixels contained 

within it are used to determine the centroid of that projection. The resulting pixel 

coordinates of the centroid location are rounded-off to the nearest integers and used to 

address the appropriate pixel, k, of the corresponding centroid image. The value of the 

centroid matrix element, R kj , is then set to the sum of the pixels contained within the ROI. 

In order to obtain the greatest accuracy during a later interpolation step, the fractional pixel 

coordinates of the centroid are also stored in a separate data file. 

The projection image is then scanned for other pinhole projections and the process is 

repeated. Figure 5.3 shows the centroid image that corresponds to the projection data given 

in figure 5.2; the extreme sparseness of the centroid data is apparent in this figure. The 

resulting centroid image is compressed and stored as one column of the coarse-grid R 

matrix. The compression is identical to the compression technique applied to the H matrix; 
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Fig. 5.3. Centroid images corresponding to the projection data shown in figure 5.2. As 
such, these images represent the data contained in one quarter of a single 
column of the R matrix for this system. 
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only the non-zero pixel locations and values within each column of the matrix are written to 

file. In the case of the centroid data, the resulting compression yields a list of the projection 

centroids and the associated ROI values, for each source location. Once one column of data 

is compressed and stored, the entire process is repeated for the next column of data in the 

coarse-grid H matrix. 

An interpolation is performed on the coarse-grid R matrix to produce the final, fine

grid version. Every column of data in the fine-grid R matrix either corresponds to a 

measured source point or lies between measured source points. Those columns of the fine

grid R matrix that correspond to measured source points are simply duplicates of the 

appropriate columns of the coarse-grid R matrix. The other columns of the fi~e-grid R 

matrix must be generated from the data available. 

Both the location of a particular pinhole projection centroid and the number of counts 

within the corresponding ROI are smoothly varying with respect to the source position. 

Therefore, the coarse-grid R matrix is easily interpolated to produce the fine-grid data 

where needed. We use a trilinear interpolation of the measured centroid data to obtain values 

that correspond to non-measured source points; the necessary values are calculated based 

upon the the centroid data of the two-to-eight nearest measured source locations. Two 

distinct interpolation steps are necessary: one interpolation provides the pinhole projection 

centroid locations while the second provides the corresponding ROI values. As mentioned 

earlier, in order to obtain greater accuracy, the fractional pixel coordinates of the measured 

pinhole projection centroid locations are used for interpolation. 

In order to perform a proper interpolation, it is necessary to determine the identity of 

each of the pinhole projection centroids. Only the centroid characteristics from the same 

pinhole are smoothly varying with source position; confusing the centroids from two 

different pinhole projections would produce disastrous interpolation results. However, based 
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upon the pattern we chose for the MPCA, we know that the pinholes, and thus their 

projections, are well separated. For small changes of source position, such as the typical 

coarse-grid spacing, a simple proximity measure is capable of properly determining the 

identity of a given pinhole projection centroid within the centroid images from several 

adjacent SOurce locations. Once we apply this technique, we isolate each of the centroid data 

sets and perform t.~e necessary interpolations on each set separately. 

As an example of the interpolation technique, suppose the coarse-grid R matrix 

contains data corresponding to a source positioned throughout a 10mm x 10mm x 10mm 

grid, beginning at position (0.0,0.0,0.0), where the coordinates have units of mm. 

Furthermore, suppose that we desire fine-grid data on a 3.3mm x 3.3mm x 3.3mm grid. In 

this case, the fine-grid data for position (3.3,3.3, 10.0) can be obtained by interpolating the 

measured centroid data that correspond to source positions at (0.0,0.0,10.0), (0.0,10.0,10.0), 

(10.0,0.0,10.0), and (10.0,10.0,10.0). The trilinear weights appropriate to each of these 

measured data sets are 0.449, 0.221, 0.221, and 0.109, respectively. 

For this example, the four sets of measured centroid data are extracted from the 

coarse-grid R matrix and separated based upon proximity of the centroids within the four 

centroid images. The result of the separation is that we have a different data set containing 

the four projection centroid locations and ROI values for each pinhole. The four ROI values 

within one data set are multiplied by their corresponding trilinear weights and added 

together to produce an interpolated ROI value. Likewise, the four pairs of centroid 

coordinates are used to produce the location of the interpolated projection centroid. This 

process is repeated for each of the data sets, resulting in an interpolated centroid image, 

which represents a single column of the fine-grid R matrix. 
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Construction of the D Malrix 

The D matrix describes the shape of the pinhole projection, or blur, as a function of 

the discrete projection centroid location, k, and is constructed using both the the coarse-grid 

H and the coarse-grid R matrices. The algorithm that produces the D matrix begins by 

producing a table that is the inverse of the compressed R matrix; the table lists all of the 

source positions that produced projection centroids that fell on detector pixel k. After 

generating the table, the algorithm proceeds to calculate the projection data corresponding to 

each discrete centroid position and writes the results to the D matrix. At each k, the 

algorithm looks up the source position that produced it. Based upon this look-up, the 

algorithm fetches the relevant column of the coarse-grid H matrix and expands it into a 

projection image. The algorithm then extracts a square region of the projection data. This 

region is centered on the centroid location of interest and is typically defined as a 9 x 9 

pixel square. The projection data contained in this region are normalized such that the sum 

of their values is equal to 1.0. This set of normalized pixel values is then written to the D 

matrix as the blur associated with this k. 

If more than one source position produced a projection with a given centroid location, 

then each of the appropriate projection images are processed separately and the results are 

averaged together and stored as a single entry in the D matrix. If, on the other hand, there 

are no measured pinhole projections with a particular centroid location, a predetermined 

average blur is used instead, as shown in figure 5.4. If necessary, the average projection is 

clipped to account for the borders of the camera and renormalized prior to being inserted as 

an entry in the D matrix. 
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Fig. 5.4. Average blur function: image and trace. (a) Image of the average blur 
function used in non-measured entries of the D matrix. This function is the 
average of all of the measured blur functions. (b) Trace of grey values across 
the central row of nine pixels contained in the average blur function. 
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Why Should This Decomposition Work? 

As we mentioned earlier, the D matrix is an approximation to the three-dimensional 

matrix, D', which has indices for the source voxel, the pinhole projection centroid, and the 

detector pixel. However, at best, D' occupies the same amount of memory as the original H 

matrix, and D' is not particularly well suited to an interpolation scheme. Therefore, we chose 

to approximate it by eliminating the voxel dependence. As we mentioned previously, this 

choice leads to an averaging of all of the blurs with a particular centroid location. The most 

significant consequence of the averaging is that the differences in magnification within the 

group of pinhole blurs that have a common centroid location are lost. We should note, 

however, that differences in the average magnification between blurs with different centroid 

locations are still retained with this scheme. Moreover, the structure common to all of the 

blurs within a particular centroid group is retained. In particular, the detector non

uniformity in the region around the centroid location is well represented in the D matrix. 

This effect is illustrated in figure 5.5, where 20 pinhole blurs with a common centroid 

location, but different source locations, are shown. The pinhole projection in the last row 

of the figure is the average of the 20 measured blurs and, as such, it represents the entry 

into the D matrix for this particular centroid location. 

There are almost certainly better ways to separate the H matrix while retaining most 

of the information contained in it. Chapter 7 discusses one possible alternative method. 

However, the reconstructions that are shown in this chapter use the approach just described. 

Regeneration of the H Matrix 

The reconstruction algorithm requires rapid access to portions of the H matrix in 

order to function efficiently. Therefore, we have developed a technique to efficiently 

combine the component matrices, D and R, to produce the desired portions of the H matrix. 
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Fig. 5.5. Illustration of the approximation made when generating the blur matrix.. Each 
of the 20 pinhole blurs shown in the top foU!" rows of this image had a 
common centroid location, but were caused by point sources at different 
locations within the FOV. Therefore, the D matrix entry corresponding to this 
centroid location, shown in the last row, is the average of the 20 measured 
projections. 
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When the J"th voxel is about to be perturbed. the reconstruction algorithm extracts the 

corresponding column of centroid data in the R matrix. The algorithm then fetches the D 

matrix data appropriate to each of the listed centroid locations. The projection data for a 

centroid located at pixel k are generated by multiplying each element of the normalized 

pinhole blur. Dik• by the corresponding value. Rkj • The result is a synthesized pinhole 

projection. which is then added. at the appropriate pixel locations. to an array maintained 

by the reconstruction algorithm. When the process is repeated for all of the centroid 

locations listed for this voxel. the resulting array represents the column of the system 

response matrix needed to perturb voxel j. 

As we discussed in a previous chapter. we include effects due to object attenuation by 

modifying the H matrix. This is done on a full. unseparated H matrix by defining an 

analytic attenuation object. which is used to determine the attenuation factor experienced by 

a gamma-ray beam traveliing from any source point to any detector point. We then use this 

object to modify each element of the matrix such that the attenuation-corrected H matrix 

appears as though the appropriate attenuation object was present during the system 

calibration. The corrected H matrix is used during the reconstruction. which allows us to 

include attenuation effects without post-processing or using other explicit attenuation

correction methods. 

A similar attenuation-correction technique is used in the case of the separable H 

matrix. Under the approximations made. the R matrix contains all of the geometric and 

radiometric information about the system. We therefore simply apply the foregoing 

attenuation correction technique to the R matrix. allowing us to synthesize an attenuation

corrected H matrix during the reconstruction. 
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Emulation System Results 

The hardware and software techniques just described were used to calibrate the 

emulation system and collect SPECT phantom projection images. The calibration data and 

projection images were then used with the iterative search reconstruction technique 

described in the previous chapter to produce 3D reconstructions of the SPECT phantoms. 

One of the phantoms .imaged with good results is shown in figure S.6. It consisted of a 

twisted, hollow acrylic tube and two hollow spheres with inner diameters of 11.4mm and 

l3.8mm. Each of the shapes could be filled with different amounts of radioisotope and then 

inserted as a single unit into an Alderson head phantom. We could then fill the remaining 

volume of the head phantom with water and, if we chose to, inject some radioisotope as a 

low-level radioactive background. 

One of the phantom configurations that we imaged had 1.7mCi of Tc-99m solution in 

the acrylic tube and approximately 0.6mCi of solution in each of the hollow spheres. The 

tube and spheres were placed into the head phantom, and the remaining volume was filled 

with water. The entire assembly was then positioned within the FOY of the emulated 

SPECT brain imager. Four different views of the phantom were presented to the system by 

rotating the phantom 90 degrees between data collection intervals. Each view was imaged 

for 120 seconds, emulating a single two-minute collection interval on a full brain imaging 

system. The resulting projection data set contained 4.21 million counts. 

The object space of the system was bounded by a 100mm x lOOmm x SOmm semi

diameter ellipsoid. The region within the ellipsoid was calibrated on a 

10mm x 10mm x 10mm grid and then the system response matrix was processed, using the 

techniques just discussed, to yield an effective grid spacing of 3.3mm x 3.3mm x 3.3mm. 

The system matrix was then corrected to mode! the object attenuation. However, due to the 

symmetry constraints imposed by the emulation, we used a simple 82mm x 82mm x 66mm 
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Fig. 5.6. Photograph of a 3D SPECT phantom consisting of a hollow, twisted acrylic 
tube and two hollow spheres. The tube had an inner diameter of 
approximately 3.0mm while the spheres had inner diameters of llAmm and 
13.8mm. These components were filled with a Tc-99m solution and then 
placed inside of the Alderson head phantom. The remaining volume of the 
head phantom was filled with water or a radioactive solution. 
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semi-diameter ellipsoid as the attenuation object, rather than a more accurate, but non

symmetric, representation of the actual attenuation characteristics. Figure 5.7 shows the 

resulting reconstruction of the head phantom. The results are presented in the form of a 

three-view orthographic projection of the reconstructed object; parallel projections of the 

object as seen from the top, front, and right-sides are shown. 

After imaging the phantom in the configuration just described, we injected 3.5mCi of 

Tc-99m into the water surrounding the tube-and-sphere insert and imaged the head 

phantom again. As before, the imaging sequence consisted of four views imaged for 120 

seconds per view. The resulting data set contained 7.08 million counts. Reconstruction of 

these data was performed with an attenuation-corrected version of the calibration data 

described previously. The resulting reconstruction is shown in figure 5.8. 

In the next chapter we shall present reconstructions of other SPECT phantoms imaged 

by the MPCA brain imager. We shall also present several measured performance 

specifications of the laboratory model and discuss the effect of unmapped sources on the 

reconstruction. 
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Fig. 5.7. Reconstruction of the 3D SPECT phantom shown in figure 5.6 and no 
background activity. The acrylic tube contained approximately 1.7mCi of Tc-
99m while the spheres contained approximately 0.6mCi of Tc-99m each. The 
insert was placed inside the Alderson head phantom and the remaining 
volume was filled with water. The phantom was imaged for 120 seconds per 
view, resulting in a projection data set that contained 4.2 million coun.ts. The 
reconstruction was performed on a 3.3mm voxel grid contained within a 
100xlOOx50mm semi-diameter ellipsoid. This figure depicts the three-view 
orthographic projection of the resulting 3D reconstruction; the top view is 
shown in the upper left, the front is shown in the lower left, and the right
side view in shown in the lower right of the figure. 
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Fig. 5.8. Reconstruction of the 3D SPECT phantom shown in figure 5.6, with 
background activity. The activity in the phantom was the same as values given 
in figure 5.7, with the exception that 3.5mCi of Tc-99m was added to the 
water within the Alderson head phantom. The phantom was imaged for 120 
seconds per view, resulting in a projection data set that contained 7.01 million 
counts. The parameters of the reconstruction and format of the display are 
identical to figure 5.7. 
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CHAPTER 6 

PERFORMANCE CHARACTERIZATION OF THE 3D SPECT SYSTEM 

Once we constructed the laboratory prototype of the hemispherical MPCA SPECT 

system, we used it to characterize some aspects of the performance that we could expect 

from the full system that it emulated. We shall use this chapter to present descriptions of the 

tests that we made and the results of those tests. 

Reconstructed Spatial Resolution 

The performance of a SPECT imager (and, indeed, any imaging system) is judged 

largely by the abiHty of the system to accurately represent the structure of the object, 

particularly as the structural details get smaller or closer together. While many factors 

influence the ability of the SPECT system to perform this task, one of the most fundamental 

is the ability of the system to image a point object, or conversely, to resolve two separated 

point objects. Due to the nonlinearity of the reconstruction algorithm -- in pa.rticular, the 

positivity constraint -- the resolution measurements made under these ideal conditions may 

not define the performance of the system in more general situations. However, such 

measurements do define an upper bound of the performance that can be attained with a 

particular system configuration. It is with this thought in mind that we performed the 

following resolution measurements. 

In order to demonstrate the reconstructed spatial resolution of the brain imager, we 

used a small radioactive source to generate a fine-grid H matrix for the laboratory prototype 

system. The source was constructed by putting a Icm2 piece of tissue paper in a laboratory 

oven and repeatedly wetting it with a Tc-99m solution. When the moisture evaporated, a 

concentrated radioactive residue remained on the tissue. After many wetting/evaporation 



119 

cycles, the tissue held approximately 3mCi of the Tc-99m residue. The tissue was then 

stuffed into a small, 2mm x 2mm x 2mm, cavity machined into an acrylic rod, which was 

then used to collect the H matrix for the system. 

At the time the resolution measurements were performed, we had not yet 

implemented the interpolation scheme discussed in the previous chapter. Instead, we directly 

measured the H matrix on a fine, 2mm x 2mm x 2mm, grid. Due to limitations in storage 

space and calibration time, however, we could only measure the fine-grid H matrix over a 

relatively small FOY. Therefore, we performed the calibration over a 

30mm x 30mm x 30mm cube with the center of the calibration region approximately 

coincident with the center of the aperture hemisphere. 

Once we calibrated the system, we placed the small calibration source in the center of 

the FOY a...,d collected a projection image of it. We imaged the point source for 120 seconds 

per view, which yielded a projection data set that contained 1.91 million counts. We then 

used the iterative search reconstruction algorithm with the measured H matrix to perform 

the reconstruction of the point source shown in figure 6.1. The figure depicts the 3D 

reconstruction as a series of slices along the vertical axis of the object space with consecutive 

slices oriented in a raster pattern. The upper left slice shown in the figure represents the 

lowest plane of the object space, while the lower right slice represents the top plane of the 

object space. 

The traces across the point source reconstruction along any of the three axes of the 

voxel grid are nearly identical; such a trace is shown in figure 6.2. The full-width at half

maximum (FWHM) across the trace is approximately 5.2mm. If we assume that the 2mm 

source width adds in quadrature to the system resolution, then the reconstructed spatial 

resolution of the system is found to be 4.8mm FWHM for a point source in air located at the 

center of the FOY. 
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Fig. 6.1. Reconstruction of a 2mm point source placed at the center of the FOY of the 
hemispherical MPCA emulation system. Reconstruction was performed on a 
15x1Sx15 voxe1 region with a 2mm voxe1 spacing. This figure depicts 15 slices 
through the 3D reconstruction, where consecutive slices are arranged in a 
raster pattern, similar to the display used in figure 4.3. 
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Fig. 6.2. Trace of grey levels along the center of the reconstruction shown in figure 
6.1. The shape of the trace is nearly identical along each of the three primary 
axis and has a full-width at half-maximum (FWHM) of S.2mm. By assuming 
that the width of point source and the system resolution width add in 
quadrature, the system resolution is found to be 4.8mm FWHM for a point 
source in air. 
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Another SPECT phantom that we imaged consisted of two capillary tubes oriented in 

a common plane but with an angular separation between them, as shown in figure 6.3. The 

capillary tubes had an inner diameter of 2.2mm and an angular separation of 270 • The tubes 

were filled with Tc-99m solution to a height of approximately 20mm and placed vertically 

in the brain imager, where the phantom was imaged for 120 seconds per view. The resulting 

data set contained 4.66 million counts and was reconstructed using the same fine-grid H 

matrix as used for the point reconstruction. 

The reconstruction of the capillary tube phantom is shown in figure 6.4. The base of 

the ph:mtom is located within or just below the third slice while the active region of both 

capillary tubes extends into the twelfth slice. It appears that the two tubes are resolvable in 

the eleventh slice, where the center-to-center distance between the capillary tubes is 

approximately 9.0mm. 

System Sensitivity 

Another crucial performance characteristic is defined by the system sensitivity, which 

is a measure of how efficiently a SPECT system can collect the available gamma-ray 

photons. One technique for measuring this characteristic is to place a point source of known 

activity in the FOY and image it for a preset time; the system sensitivity is then specified in 

units of the measured count rate per unit of activity; the count rate is given in units of 

counts per second (cps), while the activity is specified in ",Ci. We performed this experiment 

by placing a point source containing 809",Ci of activity in the center of the FOY and 

collected an image for 100 seconds. The resulting projection data set contained 725,000 

counts. Therefore, the sensitivity for the emulation system was 8.96 cps/",Ci, indicating the 

full brain imaging system would have a system sensitivity of 35.84 cps/",Ci. 



\ ..---
\ 
\ 

;)"70 _T 

~' 
I 
I 

I 

123 

2 2mm 1.0. 

20 mm 

Fig. 6.3. Schematic of a SPECT phantom consisting of two capillary tubes in a common 
plane and an angular separation of 270 • The tubes had an inner-diameter of 
2.2mm and filled with a Tc-99m solution to a height of approximately 20mm. 
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Fig. 6.4. Reconstruction of the capillary tube phantom shown in the previous figure. 
The projection data set contained 4.66 million counts and was reconstructed 
on the same voxel grid described in figure 6.1. The third slice of the 
reconstruction approximately corresponds to the position of the apex of the 
phantom. 
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A common alternative technique for measuring system sensitivity is to use a uniformly 

distributed source, which covers most or all of the FOY (see, for example, W.L. Rogers, 

1990). This technique has the advantage of averaging the spatial nonuniformities in 

sensitivity that may exist within the FOY. In addition, the measurement source is distributed 

throughout an attenuating and scattering medium, unlike the case of a point source in air, 

which gives results that are more similar to those observed with a real patient. The units of 

the sensitivity measurement in this case are cps per ~Ci/cc per em, which simply specifies 

the count rate per unit of specific activity normalized to the axial extent of the phantom. 

We measured the distributed-source system sensitivity using a phantom that was 

approximately the same size as the FOY that we expect to use for clinical imaging; the 

pha.''1tom was a 10cm long by 21.6cm diameter cylinder. The cylinder was filled with a Tc-

99m solution that contained 6520~Ci of activity. This phantom was then placed in the 

prototype brain imager and imaged for 100 seconds, which resulted in a projection image 

that contained 1.38 million counts. Based upon these measurements, the sensitivity of the 

prototype brain imager was found to be 775 cps per ~Ci/cc per cm; the full brain imager 

would have a system sensitivity of 3,100 cps per ~Ci/cc per cm. 

We have developed a technique to visualize the spatial nonuniformities in the 

sensitivity of our SPECT systems. To do this, we simply extract the pertinent information 

from the H matrix; after all, the H matrix contains the distribution of counts observed for 

each voxel within the measured FOY. Therefore, if we add together all of the counts in the 

J"th column of the H matrix, the sum will be proportional to the sensitivity of the system to 

the J"th voxel. If we then assign this sum to the J"th voxel of a digital image and repeat the 

process for all of the voxels within the mapped FOY, we are left with an image that is a 

map of the relative sensitivity or collection efficiency of the system (Roney, 1989). 

Mathematically, this procedure is just the backprojection operation given by equation 4.2, 
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where each element of the g vector being backprojected is set to a constant value. Portions 

of relative-sensitivity images derived from measured calibration data are shown in figures 

6.5 and 6.6. Both figures were generated using the 3.3mm fine-grid system matrix described 

in the previous chapter. Figure 6.5 uses the attenuation-corrected version of the calibration 

data and therefore includes the effects due to the assumed attenuation object. Figure 6.6 

uses the non-attenuated version of the same calibration data, and thus reflects only the 

effects due to system geometry and detector sensitivity. 

A Measure of the Effective System Sensitivity 

Because of the multiplexing that is present in a coded-aperture imaging system, the 

number of photons that such a system collects is not necessarily a good indicator of the 

ability of the system to perform a desired imaging task; each photon collected in a system 

with multiplexing conveys less information than a photon collected in a system without 

multiplexing. As an extreme example, the lead hemisphere could be removed entirely from 

the brain imager to produce a system configuration with enormous sensitivity; however, one 

would hardly expect the reconstructed image quality to be improved by such an action. 

Therefore, in order for the system sensitivities that we quote to have meaning, they must be 

given in consideration of some other measure of system performance. Toward this end, we 

devised a detection task that allowed us to compare the performance of the simulated brain 

imager with a similar, but non-multiplexing SPECT system. Using this technique, we then 

calculated the ratio between the number of photons required in the multiplexed and non

multiplexed systems to achieve the same level of task performance. This ratio was then 

applied to the measured system sensitivity specifications to determine the corresponding 

effective sensitivity values. 
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Fig. 6.5. Portions of the sensitivity plot for the emulation system using an attenuation
corrected system matrix. The system matrix is the same one used to perform 
the reconstructions shown in figures 5.7 and 5.8. Nine slices through the 
sensitivity plot are shown in this figure; the upper row represents the three 
slices furthest from the aperture hemisphere. The middle row shows three 
slices in the center of the calibrated region, while the lower row shows the 
three slices deepest into the aperture hemisphere. The sensitivity values range 
from 1.0 to 0.24 in arbitrary units. 
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Fig. 6.6. Portions of the sensitivity plot for the emulation system using a system matrix 
that does not include attenuation correction. The system matrix and display 
format is identical to the previous figure, except that no attenuation 
correction is present. The sensitivity values range from 1.0 to 0.23 in arbitrary 
units. 
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The task that we chose as a means to quantify ::he effective sensitivity of the brain 

imager was the detection of a small feature within a simulated phantom. Specifically, we 

wished to determine the ability of an ideal observer with no a priori information to 

determine the presence or absence of a lcm diameter lesion within the digital brain phantom 

using just the SPECT projection data. Such an observer would use a likelihood-ratio of the 

form (Myers, 1985), 

(6.1) 

where 

g = a vector of projection data measurements, 

HI = the hypothesis that the signal (lesion) is present, 

Ho = the hypothesis that the signal is absent (null hypothesis). 

The following decision rules are then used to to determine if the lesion is present or absent 

choose HI if A(g) > Ath' 

choose H 0 if A(g) < Ath' 

and Ath is the likelihood threshold. Equivalently, the ideal observer can use the natural 

logarithm of the likelihood ratio to perform the decision: 

).(g) = In{A(g)], 

where the corresponding set of decision rules are given by 

choose HI if ).(g) > ~h' 

choose H 0 if ).(g) < ~h' 

(6.2) 

The ability to make an accurate decision can be quantified by the SNR associated 

with the log-likelihood ratio. This value is known as the detectability and is given by 

d' = (). I HI) - (). I Ho) (6.3) 
O'A 

where O'A is the standard deviation of the decision variable, )., which is assumed to be 
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constant under either hypothesis. It is clear from equation 6.3 that the detectability is simply 

a measure of how well separated the mean of the signal-present decision variable is from the 

mean of the signal-absent decision variable in units of the common width of the decision 

variable's distribution. A decision task that has a large d' associated with it is more accurate 

than a decision task with a smaller associated d' value. 

It is straightforward to show that for the case of a data set containing N measurements 

that include Poisson noise, such as the projection data that we used, and using a Gaussian 

approximation to that noise, the detectability is given by 

(6.4) 

The denominator could have also been written as < gi I Ho> using the assumption that the 

variance of the decision variable does not change significantly under either of the two 

hypotheses. 

We used the computer simulation techniques described in chapter 4 to generate the 

multiplexed projection data sets that were then used in conjunction with equation 6.4 to 

determine the detectabi!ity of a small lesion. The configuration of the simulated system was 

identical to that described in figure 4.2, which closely modelled the parameters of the 

laboratory prototype system. Two slightly different digital brain phantoms were used to 

generate two multiplexed projection data sets. The first set of projection data used a finely 

sampled version of the digital brain phantom shown in figure 4.3, including the lcm lesion 

shown in the upper left side of the tenth and eleventh slices in the figure. The second 

projection data set was generated using a similar digital phantom, but without the lcm 

diameter lesion. Both sets of projection data included effects due to an ellipsoidal attenuator 

and were scaled to reflect the mean number of counts that would be collected when the 
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brain-plus-lesion phantom containing 2mCi of activity was imaged for 5 minutes. The 

projection data did not include effects due to photon noise and, as such, represented the 

mean number of photons that would be collected for this configuration. These multiplexed 

projection data were then processed according to equation 6.4 to yield a lesion detectability 

value of 5.6. 

We then used the computer simulations to produce the projection data that would 

result from a SPECT system with the same aperture and detector geometry described in 

figure 4.2, but with no multiplexing. To do this, we modelled a non-physical system in 

which there were 100 modular cameras arranged in sets of five modules. Each of the five 

modules within a set occupied the same space but was "tied" to a different pinhole. In this 

way, the five pinhole projections of the digital brain phantom that would normally be seen 

by a single modular camera were split amongst the five modular cameras in the set. 

Therefore, the same projection data were collected as in the multiplexed case, but without 

any multiplexing. We then used this system model to generate two non-multiplexed 

projection data sets; we generated the brain-plus-lesion and brain-without-Iesion projection 

data with the same parameters used in the multiplexed data simulation. These two sets of 

data were also processed according to equation 6.4 to arrive at a detectability value of 6.3. 

It can be seen from equation 6.4 that d'2 is proportional to the mean number of C01Jnts 

contained in the projection data set. Therefore, since the d'2 value for the multiplexed data 

was 79% of the d'2 value for the non-multiplexed case, the data collected by a coded 

aperture similar to the one used by the brain imager provided information about the lesion 

equivalent to a non-multiplexed data set with 21% fewer counts. By this measure, the" 

effective sensitivity of the brain imager is 79% of the measured sensitivity. Thus, the 

effective sensitivity of the full brain imaging system to a point source in air at the center of 

the FOV is 28.3Icps/JLCi, and the effective distributed-source sensitivity of the full system 
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is 2,450 cps per p.Ci/cc per cm. 

Unmapped Activity 

The iterative search reconstruction algorithm that we use is strongly driven by the 

maximum-likelihood term given in equation 4.8, which tries to attain agreement between 

the measured projection data and the projection of the object estimate. However, only those 

voxels that are represented in the H matrix are capable of being accounted for by the 

algorithm. If a radioactive source outside of the mapped FOY contributes a significant 

amount of data to the projection image, the reconstruction algorithm has no way to account 

for it. In general, there is no pattern of activity within the mapped FOY of a SPECT imager 

that can generate the same projection data as an activity distribution outside of the mapped 

FOY. Therefore, direct radiation entering the SPECT detectors from outside of the mapped 

FOY js likely to result in reconstructed images that contain artifacts. 

A major difference between multiple-slice brain imagers and a hemispherical 3D 

brain imager such as the one we are testing is the relative susceptibility of each type of 

imager to the detection of radiation from unmapped source locations; mUltiple-slice imagers 

have much less possibility of this occurrence. As discussed in chapter 3, multiple-slice 

imagers use collimators to divide the object space into relatively thin, transaxial planes. Such 

collimation severely constrains the number of photon trajectories that can strike the detector; 

only those direct photons travelling nearly perpendicular to the axis of the patient can be 

detected. Moreover, many of the dedicated brain imagers are wei! shielded against gamma

ray photons arriving at a detector from outside of the imaging system, even if they have a 

trajectory that would be accepted by the multiple-slice collimator. For these reasons, such 

systems have few problems due to photons from unmapped source locations contributing to 

the projection data sets. 
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In sharp contrast to the multiple-slice imagers, the 3D brain imager is unavoidably 

susceptible to gathering radiation from sources outside of the mapped FOY. Regardless of 

the extent and thickness of the external shielding, many of the pinholes in the MPCA allow 

portions of the detector surface to view regions of space below the bottom of the 

hemisphere. In particular, it seems likely that radioactive portions of the patient other than 

the brain could contributE' some counts to a clinical projection image. While this effect can 

be minimized through choice of pinhole placement and the use of coarse collimation, it 

probably cannot be completely eliminated. 

In order to ascertain the effect of radiation from unmapped activity on reconstructed 

image quality, we performed a comparison SPECT phantom test. We used the Alderson head 

phantom, described in the previous chapter, but with a different insert. For this test, we 

used the insert shown ir figure 6.7, which consisted of four hollow spheres arranged on the 

comers of ~ horizontal 38mm x 38mm square. The spheres had internal diameters of 

11.4mm, 13.8mm, 16.7mm, and 23.7mm, and were filled with a Tc-99m solution such that 

they contained approximately O.3SmCi, 0.71mCi, 1.41mCi and 3.54mCi of activity, 

respectively. The insert was placed into the Alderson head phantom and the remaining space 

was filled with water. The entire assembly was then placed into the prototype SPECT system 

and imaged for 120 seconds per view, resulting in a data set that contained 12.46 million 

counts. 

Once the projection image of the previous phantom was collected and stored, we 

injected 1.41mCi of Tc-99m into the water that filled the region between the insert and the 

head shell. We then replaced the entire assembly in the imager and collected a second 

projection data set, with 120 seconds per view; the resulting data contained 11.4 million 

counts. The reason that the total counts actually decreased from the first to the second 

projection image was that the two images were collected 2.2 hours aoart. After the total 
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Fig. 6.7. Photograph of a 3D SPECT phantom COnsIStIng of four hollow spheres, 
11.4mm, 13.8mm, 16.7mm and 23.7mm in diameter. These spheres were filled 
with a Tc-99m solution, and placed inside of the Alderson head phantom. The 
remaining volume of the head phantom was filled with water or a radioactive 
solution. 
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number of counts was adjusted for the radioactive decay that occurred in the interim. the 

second image contained 18% more counts than the first. presumably due to the injected 

background activity. 

We then generated an H matrix on a 5mm x 5mm x 5mm grid contained within a 

50mm x 50mm x 25mm semi-diameter ellipsoid. Once the H matrix was collected and 

stored. we applied an approximate attenuation correction to it. Due to the symmetry 

constraints of the emulation. we used a simple 82mm x 82mm x 66mm semi-diameter 

ellipsoid as the attenuation object. Both projection data sets were then reconstruct;d using 

this H matrix. The reconstruction that resulted from the phantom configuration consisting of 

the four-sphere insert in water is shown in figure 6.8. The reconstruction from the phantom 

configuration consisting of the four-sphere insert in a low-level background is shown in 

figure 6.9. 

The major difference between the two reconstructed images appears to be the build

up of counts that occurred along the edge of the mapped FOY of the low-level-background 

image. This build-up can be understood by recognizing that most of the increased (adjusted) 

counts seen by the imager in the second data set were due to a significant amount of 

background activity that was outside of the mapped FOY. The volume of the mapped FOY 

was 285cc. while the volume of the Alderson phantom was 3,400cc; approximately 8.4% of 

the background activity was in the mapped FOY. which would be expected to increase the 

adjusted counts by only 2%. However. the observed increase in adjusted counts was 18%. 

Therefore. the additional 16% increase in adjusted counts must have been from activity 

outside of the mapped FOY. 

Even in this worst-case phantom study. unmapped radiation sources did not render 

the reccnstructed image useless. In fact. the reconstruction from data that included effects 

due to unmapped sources appears to be largely undamaged except for a degradation along 



136 

Fig. 6.8. Reconstruction of the 3D SPECT phantom shown in figure 6.7, with no 
background activity. The hollow spheres were filled with a Tc-99m solution 
and placed into the Alderson head phantom, where the remaining volume was 
then filled with water. The phantom was imaged for 120 seconds per view, 
resulting in projection data set that contained 12.46 million counts. The 
reconstruction was performed on a 5mm voxe1 grid contained within a 
50x50x25mm semi-diameter ellipsoid. The reconstruction is shown as a series 
of slices through the 3D reconstructed volume in a fashion similar to figure 
4.3. 
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Fig. 6.9. Reconstruction of the 3D SPECT phantom shown in figure 6.7., with 
background activity. After collecting the SPECT data described in figure 6.8, 
a Tc-99m solution was injected into the volume contained between the 
hollow-sphere insert and the head phantom. The phantom was then imaged 
again for 120 seconds per view, resulting in a data set that contained 11.4 
million counts. The reconstruction was performed on the same grid as used 
for the previous figure. As discussed in the text, most of the counts that were 
due to the background activity were outside of the calibrated region. Yet, the 
reconstruction algorithm that we used did not produce any obvious artifacts 
that appeared to be due to the unmapped activity. 
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the edge of the mapped volume. Therefore, it seems likely that if a SPECf system sees some 

unmapped activity, the influence of such activity on the performance of :he system can be 

minimized by including a buffer along the edge of the mapped FOY. This buffer region can 

then be trimmed prior to presenting the reconstructed image to the viewer. 
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CHAPTER 7 

SUMMARY AND SUGGESTIONS FOR FURTHER RESEARCH 

We have attempted to show through the use of computer simulations and laboratory 

experiments that a compietely stationary 3D SPECT brain imager is both feasible and 

practical. We shall use the remainder of this chapter to review the work presented in this 

dissertation and suggest a few avenues of future research. 

Summary 

Chapter 4 provided a description of a completely stationary 3D SPECT brain imager. 

A software package that we developed for simulating the performance of such an imaging 

system was explained. The simulation included effects due to finite detector resolution, 

finite pinhole size, radiometry, photon noise and attenuation. Simulated projection data were 

produced using a digital 3D brain phantom. The simulation package also produced system 

response data, which were similar to data that would be generated by using a point source to 

measure the response characteristics of a physical system. An iterative search reconstruction 

algorithm that was used to produce object estimates from the simulated data (and, later, 

from the real data as well) was described and a representative reconstruction of simulated 

data was shown. 

Based upon the results of the simulation studies, we built a working prototype of the 

brain imager, which was used to continue the evaluation of the capabilities of the 3D brain 

imager. Chapter 5 provided a description of the prototype system, which consisted of five 

modular gamma cameras and 25 pinholes. This system was capable of emulating a full 

SPECT system, consisting of 20 modules and 100 pinholes, by taking advantage of the four

fold symmetry of the full system. However, the emulation system could not be used to 
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image large objects prior to developing a new method for calibrating the SPECT system; 

measuring the system response function for each voxel within the entire FOY would have 

required more time and digital storage space than was feasible. The technique that we used 

to separate the system response function, and thereby reduce the calibration time and digital 

storage space requirements, was described in this chapter. Two reconstructions that used this 

technique were shown. 

Chapter 6 contains the details of several imaging and non-imaging tests that were 

done to characterize the performance of the brain imager. The full-width at half-maximum 

of a point source in air was measured to be 4.8mm along all three dimensions. Results from 

two tests of system sensitivity were presented; the first test indicated a full-system 

sensitivity of 35.84 cps/J.'Ci using a point source in air. The second test used a distributed 

source to produce a full-system sensitivity of 3,100 cps per J.'Ci/cc per cm. In order to 

account for the multiplexing that was present in the data collected by the brain imager, we 

described an analysis that compared the performance of the brain imager to the performance 

of a similar, but non-multiplexing, system in a detection task. Based upon the results of this 

analysis, the effective sensitivity was shown to be 79% of the measured value. Finally, a test 

of the effect due to unmapped sources within the FOY of the system was described. Two 

reconstructions of a SPECT phantom were shown; the first was from projection data taken 

without an unmapped source present, while the second reconstruction was from data taken 

in the presence of an unmapped source. A comparison of the two images indicates that the 

effect of unmapped sources on the reconstructions was mostly limited to the edge of the 

mapped FOY. 
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Validation of the Simulation Package 
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Although we have progressed from using simulations to using the actual hardware to 

generate images, the simulation code could still play a crucial role in system development. It 

is far easier to change system parameters, particularly fundamental ones like detector 

resolution or count-rate capability, by changing the appropriate parameter in a computer file 

rather than having to modify a piece of hardware. For this reason, a properly validated 

simulation package could play a major role in determining whether a major hardware 

revision is worth the effort. Moreover, the simulation code as currently written is very 

general and capable of modelling a wide range of systems, including some that are of 

theoretical interest, but with little practical application. Therefore, the simulation code may 

be able to play a role in confirming some theoretical results, as well as providing initial 

feasibility tests of proposed hardware. 

However, before the simulation code can be used to provide data that will affect 

critical decisions, the proper operation of the code should be verified. The best and most 

convincing means of validation is to undertake a set of parallel phantom studies on both a 

simulated SPECT system and a laboratory system with identical system parameters. 

Likewise, the simulated and physical phantoms should be as similar to each other as possible. 

Once all of the projection images and system calibration data are generated from both 

systems, the reconstructions should also be performed using identical algorithms and 

algorithmic parameters. If the physical-phantom reconstructions are nearly the same as the 

simulated results, then there is good reason to believe the simulation code is operating in the 

intended manner. On the other hand, if the results differ then further improvements in the 

simulation code might be in order, the addition of subroutines to simulate detector blur, 

detector nonuniformity, or object scatter phantom may help the fidelity of the simulation. 
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Alternate Method for Handling Missing Data in the D matrix 

The method that we utilized to extract the entries for the D matrix from the coarse

grid H matrix appears to be inadequate; a large number of entries cannot be gotten directly 

from the measured data. As an example, the D matrix for the system described in chapter 5 

contained measured data for only 83.7% of the entries; other entries simply had an average 

blur function inserted in place of the missing measured data. The use of the average blur is 

almost certainly detrimental to the quality of the reconstruction. 

This problem may benefit from the observation that measured blur functions seem to 

reflect an underlying, smoothly varying feature, due to the intrinsic blur of the pinhole and 

detector, modified by a high-frequency pattern which is likely to be due to detector 

nonuniformity. It seems plausible that the same high-frequency variations in the measured 

blur functions are also present in the corresponding portions of the flood-field images taken 

by the modular cameras. If this is the case, then the missing blur data may be better 

approximated by multiplying the average blur function by the corresponding portion of the 

flood-field image and renormalizing it prior to entering it in a particular location of the D 

matrix. 

Alternate Method for Separating the H Matrix 

While the method of separating the system response function described in this 

dissertation appears to give good results, we know that it requires approximations that 

necessarily discard some of the information contained in the full, measured system response 

function. In particular, the assumption that the entries in the D matrix are functions of only 

the centroid location, and not related to the source position, ignores the differences in the 

magnification of the pinhole due to different voxel locations, as we discussed in chapter 5. 
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If the foregoing approach to filling in missing data in the D matrix is shown to have 

merit, then it may be possible to reformulate the decomposition of the H matrix in a way 

that improves the accuracy of the representation. The revised separation technique would 

begin with the same coarse-grid H matrix that we currently use. However, rather than 

generating just the centroid location and ROI value for each pinhole projection, the revised 

scheme would also generate an estimate of the underlying smooth curve of the projection. 

This procedure could be as simple as determining the two full-widths at half-maximum of 

the 2D Gaussian that best fits the projection data. The resulting curve would be assumed to 

represent the ideal blur due to the finite pinhole size and detector resolution, but 

independent of detector nonuniformites. These three pieces of information -- centroid 

location, ROI value, and ideal blur widths -- could then be stored in a modified version of 

the present R matrix, which we shall refer to as R'. 

Interpolation of the R' matrix would be very similar to the procedure currently used. 

Data for non-measured voxel locations in the fine-grid R' matrix would be estimated by 

interpolating the data from the set of nearest measured neighbors. However, in addition to 

interpolating the ROI values and centroid locations, the revised scheme would also 

interpolate the ideal blur widths; after all, these widths should also be smoothly and slowly 

varying functions of the source location. After generating all of the data for the fine-grid, 

the R' matrix would undergo one final processing step; the final version of the R' matrix 

would contain the centroid location, ROI value, and a pointer to a pre-stored, discrete ideal 

blur function for each pinhole projection represented in it. The pointer to the ideal blur 

function would be set such that it pointed to one of a set of discrete, ideal blur functions of 

varying widths and aspect ratios; the one chosen would most nearly match the widths 

calculated for the particular pinhole projection. Each of the discrete ideal blur functions 

would look similar to the average blur shown in figure 5.4. Up to 81,920 different discrete 
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ideal blurs could be stored in the same space as currently allocated to the D matrix. 

The relevant column of the H matrix could then be generated on-the-fly, as we do 

now, by extracting the appropriate column of the R' matrix. For each pinhole-projection 

entry listed in the column, the ideal blur function of the proper width would be extracted, 

and each pixel value within it multiplied by the corresponding pixel of the flood image in 

the vicinity of the centroid location. The resulting blur function would then reflect the 

underlying ideal blur, which is a function of the particular voxel location, as well as the 

detector nonuniformities, which are a function of the location of the projection centroid. 

The set of pixels within the resulting blur function would then be multiplied by the ROI 

value, yielding a portion of the column of the H matrix; repeating this process for all of the 

centroids listed in the column of the R' matrix would yield the entire column of the H 

matrix. 

Optimization of System Parameters 

Although this dissertation is based on a single hardware implementation and single set 

of algorithms for system calibration and reconstruction, we do not mean to suggest th2t t.'aese 

choices are, in any sense, the "best". Instead, the choices we made reflect a combination of 

theoretical and practical insight, informal optimization, constraints imposed by the resources 

available, and a good measure of intuition. Therefore, we hope that the work presented here 

is not interpreted as a statement of the ultimate capabilities of stationary 3D SPECT, but 

that it is perceived as encouragement toward conducting further research into this promising 

approach to SPECT imaging. With this thought in mind, we would suggest that an 

investigation into the optimum arrangement of pinholes, size of the aperture hemisphere (or, 

more generally, the size and shape of the aperture), and detector configuration be launched 

as soon as possible. Short of having a comprehensive theoretical treatment of hemispherical 
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MPCA imaging, it would seem that a series of SPECT phantom studies using different 

system parameters may be able to provide the information necessary to determine a better, 

if not the best, set of system parameters. If the simulation package is shown to produce 

results that agree well with those produced in the laboratory, then this task may be well 

suited to investigation via simulations. Otherwise, the emulation SPECT system, or even the 

full brain imager currently under construction, may be able to be used. 
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