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ABSTRACT
The god of this project is to improve upon the current imaging system being used for
real-timein vivo imaging of samdl animas. The sysem now in use was designed for
detecting photons from and generating high-resolution planar images of the distribution
of an injected radiopharmaceutical, iodine-125, which serves as atag to trace other
biochemical compounds of interest (Weisenberger 1998).  Specific to our recent project,
agamma camera has been utilized to take 360° snapshot, planar projections of a phantom
in order to detect the radiant photons emitted by the injected isotope of iodine. Computed
tomography is then utilized to reconstruct diced images of the distribution of
radioactivity detected from the phantom. The mgor god of this process, Single Photon
Emission Computed Tomography, or SPECT, is to accurately locate the injected
compound labeled by the radiotracer, iodine-125. 1t will be the purpose of this paper to
outline and daborate upon the principles behind this technique of Single Photon
Emission Computed Tomography, as related and gpplicable to amdl animd imaging for

this research in the future.



. BACKGROUND
A. Computed Tomography (CT)

Since Godfrey N. Houndfield developed the first clinica machine designed
specificaly for computed tomography (CT) in 1971, severd different types of CT have
been advanced for use in nuclear medicine and biomedical studies (Shepp 1983). X-ray
CT has seen the most rapid advancesin thisfield. Y et, other techniques such as SPECT
and Positron Emission Tomography, or PET, are gradudly gathering larger interest in
nuclear medicine research.

Therapid growth seenin dl forms of CT can be attributed mainly to the growing
availability of more sophisticated computers capable of such atechnique. For
conventiona nuclear medical imaging, the use of computers was hepful for enhancing
the display qudity of aready acquired images or dlowing the tracking of time-dependent
phenomena, but computer techniques were by no means necessary for acquiring a
pictoria output of information (Wolbarst 1993). With the advent of computed
tomography, though, the computer has become absolutely essentia for the reconstruction
of images from raw data. In addition to the capacity for acquiring and storing large
amounts of data, the computer must be capable of providing asmple and sraightforward
means of andysis of these acquired data. With more detailed and user-friendly computer
software programs, programming the necessary ca culations and displaying the resulting
information have become far easier than that encountered in previoudy exising imaging
applications.

Still, computed tomography, overdl, isafar from smple technique. The basic

am isto compute the cross-sectiond distribution of some physica property of an object



from projections or views taken from a number of different directions (Pullan 1981).
Mathematicdly, let f(x,y) represent the cross-sectiond digtribution of the physica
property of interest; it isadice of the object, as depicted in Figure 1 below. The god of
CT isto reproduce as accurately as possible the function f(x,y). Asan example, for both
PET and SPECT, the function f to be reproduced represents the concentration of a
radiopharmaceutical, or radioactive tracer, within the body (Hobbie 1997). For X-ray
CT, the function f(x,y) to be reconstructed viatomography is the attenuation of photons

in the X-ray beam upon detection (1997).
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Figurel - Theformation of projections of an object using computed tomography. A.) A phantom,
which isan object used to smulate patient studies, illustratestheidea of a dice of an object, defined
asf(x,y), with auniform thicknessz. B.) An overhead view of the dice of the object. Theaxeshave
been rotated through an angletheta to allow for an additional pr ojection of theregion of interest. A
number of these views must be accumulated in atypical study of computed tomogr aphy
(Pullan1981).

In dl forms of tomography, a detector first measuresthe integrd of f(x,y) dong a
line of emitted radiation. Rotating the (x,y) axes by an angle q defines anew set of axes

(x¢yd. Rotation of the axes is accomplished by either rotating the detectors around the



object or by rotating the object in front of the detectorsin fixed integer unitsof g. The
detector output for each rotationa angle will then be the integra of f(x¢yd, whichisa
projection of the function f(x,y) with the new set of axes. Thelineintegra dong this
line, which is pardld to the y¢axis at a distance x¢from the origin, isknown asthe
Radon transform (Cho 1993). By acquiring a sufficient set of projections taken at
different angles g and by analysis on a computer, the function f(Xx,y) can be determined
and recongtructed. The determination of f(x,y) provides atwo-dimensond dice of the
object being imaged that has a constant, predetermined vaue of z. Stacking the constant
z dices together recongtructs the three-dimensiond distribution of the physica property
under study. This recongtruction isthe goa and final output of computed tomography.

In computed tomography, then, we are imaging dices of the object only so we can
later recondtruct these dices into a united whole again. The reasoning behind such a
backwards approach is not obvious. What the researcher performing this techniqueiis
hoping to acquire, though, is a clear image of the region of interest (ROI) in the object.
Ininitid medica imaging techniques, subtle irregularities cropped up when trying to map
the three dimensiond object directly into two dimensons. The confusion arose because
overlying structures could not be differentiated in theimages. Lesonsin the lung might
be obscured by variations in the overlying ribs, for instance.

The methodology behind computed tomography is an atempt to solve this
problem. CT’ sbass, then, issmply to mask out or ignore superfluous information in the
whole image o that the researcher is viewing only that agpect of the object that is of

particular concern to the study.  In other words, by diminating overlgpping tissues and



sructures that are unavoidably present in three dimensions, computed tomography
achieves clarity of imaging by mapping the radiation into two dimensons.

It isnot adirect mapping like past imaging studies, however. The mapping
involves partitioning each dice under examination into a square matrix of thousands of
amadl tissue volume dements, or voxels. The matrix carries a dimension depending on
the number of voxds. For example, we have 128 x 128 matrices full of 128 volume
elementsin each direction, x and y. The image recongtruction process involvesthe
determination of the vaue of f(x,y) of each voxe for each dice. The computed map of f
isthen displayed as amatrix of pixelsin atwo dimensona image, where each pixe
displays the information from its corresponding voxd. The pixe display isthe 2-D
recongtructed image of the digtribution of f(x,y).

To sum up the technique itsdf and its motivation in amore compact definition,
computed tomography isameans of reconstructing an image of an object that clearly
presents the feetures in the plane of interest without the confusion resulting from
overlying structures that would be seen in images of the object as awhole (Pullan 1981).
As dready noted, there are many digtinct gpplications of this technique, and each hasa
varying level of success as anuclear imaging moddity. For this reason, | will discuss
briefly only two of the most successful and prominent, x-ray computed tomography and
positron emission tomography, as an introduction and comparison to the topic of this

paper, single photon emission computed tomography, or SPECT.



B. X-ray Computed Tomography

Most of the preliminary work in computed tomography was geared toward studies
in X-ray CT, as computed tomography’ s inventor, Godfrey Houndfield, origindly gpplied
his CT scanner to X-ray imaging. In X-ray computed tomography, sometimes cdled
radiography, a patient is kept stationary while a detector and X-ray tube rotate around the
patient, stopping at fixed positions while abeam of X-raysis emitted from the source,
collimated, and sent through the patient into a detector. The X-ray photons are
collimated to illuminate only that part of the subject of interest to the sudy (Hobbie

1997).
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Figure 2 - Typical X-ray CT detection set-up. Thex-ray tube and detectorsrotate around the
patient. Thedetectors, which areinterfaced with a computer network, allow for atwo-dimensional
image of the detected x-raysto be produced on a monitor. Thisimageis processed further to create
slices of theimaged x-rays. The dicescan bereconstructed to show the three-dimensional
differentiation of x-ray attenuation.



In Figure 2, the detector is used to record a two-dimensiond image of the
patient’sbody. A number of these different angular views are accumulated by rotating
the x-ray tube and the detectors around the body. A computer program is then utilized to
recongtruct dices of the subject. Asthe name tomography (literdly picture of adice)
suggedts, theinitid display of the recongtruction is just asingle dice of the object
carrying a congtant value of z (Herman 1980). The computer program can be used again
to stack each dice together in the proper sequence, thus reconstructing the 3-dimensond
distribution of X-ray densties detected by the system after passing through the patient.

Thismethod' s principle mativation is that attenuation will result in the X-ray
beam due to both absorption and scattering by the patient’ s tissue (Chandra 1976). By
measuring only those photons that remain in the unscattered, or transmitted, beam the
loss of photons can be measured. It isthisloss of photons in the detected beam that we
cdl the attenuation. Only photons that have not interacted in the materid remainin the
beam. So, by cdculating the loss of photonsin the beam, or attenuation, it is possbleto
reved spatia variationsin the detected X-ray densties (Robb 1995). To the extent that
the various tissues of interest have differences in X-ray attenuetion, the different spatia
densties of X-rays detected are directly used to differentiate different tissues of interest.
X-ray CT has proved particularly useful in detecting the location of tumors, where the
differentiation in tissue is made between hedlthy tissue and that of the tumor (Herman

1980).



C. Positron Emission Tomography (PET)

Individual radiation

detector
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Figure 3 - A typical positron emission radiation detector. After decay of the radioisotope within the
body, 180-degr ee opposite detector srecord the annihilation photonsin coincidence only if they are
detected simultaneously; a process known as*“ electronic collimation.”

A second method of computed tomography, not as commonly known or widdy
used as X-ray CT, is positron emisson tomography, or PET. Thistechniqueis used to
acquire 3-dimensond information regarding the biologica digtribution of a
radiopharmaceutica. A typica positron emisson detector set-up is pictured abovein
Figure 3. Thebasic processisasfollows. 1. A radioactive tracer is produced by some
form of accelerator (i.e. acyclotron) and injected into the body. 2. The radioisotope
decays by aprocess caled positron emission, or [3+ emission. 3. The positron
annihilates upon collison with an eectron in matter (the subject’sbody). 4. The
annihilation releases energy and results in the conversion of the eectron and positron into
apar of 511 keV gammaraystravelling colinearly in opposte directions. 5. The two

gammarays, travelling a 180° opposite directions, are detected in coincidence. 6.
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Coincidence detection is made possible by a coincidence detection circuit, which only
records an event if both detectors sense annihilation photons smultaneoudy. 7.
Tomographic techniques andyze this detection to yied images of the distribution of
positron-emitting radiotracers administered to the subject (Wei senberger 1998).

Every systlem has both efficient and inefficient uses and characteristics thet
consequently render the system suitable for particular studies and not suitable for others.
For instance, the usefulness of positron emission tomography depends heavily on three
generd factors. One must first congder the characteritics of the radiopharmaceuticals
that will be used in the sudy. They have avery short lifetime, and so require anearby
cyclotron for production and prompt ddlivery. A careful look must also be given to the
efficiency of the method of collimation. A collimator isused in PET applicationsto
reduce the amount of scattering photons detected. Lagtly, a merit of PET worth
condderation is the particular ease with which it lends itsdlf to tomographic imaging.

Firgt and foremost concerning the characteristics of the radiopharmaceutica, most
cameras being used currently in nuclear medicine sudies are not well suited for imaging
annihilation photons. Thisisadigtinct disadvantage of PET. To complicate matters
further, the total number of radionuclides that decay by positron emisson and that are
goplicable to biologicd sudiesisrdatively smdl; and, those that do decay by 3+
emission have very short haf-lives (*C = 20 min.; **N = 10 min; 0 =2 min; ¥F = 110
min). Such short haf-lives require an accelerator to be present at the Site, which is both
expensive and impracticable for most uses of PET (Hobbie 1997). Y et, as a consequence
and bendfit of their short half-lives, the radionuclides used in PET applications dlow

imaging with minimd radiation dosagesto patients. Thisis an extremely important
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consderation, and it may outweigh the price of cyclotron production, depending on the
goplication at hand. If cyclotron production is affordable, limiting radiation exposure to
the patient is alarge advantage over SPECT dtudies. Additiondly, it should be noted that
athough the number of radionuclides decaying by PET-usable emissonsis smdl, the
ones that do are extremdy useful. **C, N, and °O are the three mgjor components of
moleculesin living matter. Thisis an epecidly important point since most goplications

of PET are concerned with the relationship of the radionuclides with the metabolic
processes in anima physiology (Cho 1993).

An added concern of PET gudiesistheissue of collimation. A large amount of
collimating materid, typically lead or tungsten, is necessary to absorb the high-energy
annihilating photons. This proves dragticaly inefficient in most cases because it
necessitates the congtruction of massive detector systems, which increases expenses and
time (Robb 1995). Sdestepping this problem, though, one notices that positron emisson
tomography uses coincidence detection to record annihilation photons. Because of the
smultaneous detection of these photons along the colinear column or Strip joining the
two detectors, coincidence detection can be used as ameans of collimation. For this
reason, coincidence detection in PET isaso called “éeectronic collimation” (Cho 1993).
Electronic collimation €iminates the problem of unnecessarily large detector systems,
and due to the fact that detector sengitivity is dependent on collimator thickness, the lack
of externa collimator material increases the possible sensitivity (photon collection
cgpability) of the detector system. A higher level of maximum photon sengtivity can
aso be viewed as an additiona advantage of PET over SPECT, but the necessary

circuitry for PET isusudly moreintricate and expensive.
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A third factor concerning the process of positron emission tomography isamore
generd feature of the technique. The detector set-up lendsitsdf particularly well to the
recongtruction of images from projections via computed tomography. This characteristic
of PET aso owesits merit to the detection of the annihilation photonsin coincidence.
The accuracy of the spatid resolution achievable by this detection is limited only by the
physica properties of the annihilation, and not by any collimation limitations. This sets
the lower limit of gpatid resolution at about 2-3 mm fwhm, equaing (and in some cases

bettering) most other tomographic imaging moddities.

D. Sngle Photon Emission Computed Tomography (SPECT)

Injected Radiopharmaceutical

Rotating gamma camera
Computer interface

Monitor display

Slice 65

Figure4 - A SPECT application. A gamma cameraisused torotatefully around the patient. It
detectstheradiant gamma ray photonsemitted by theinjected isotope. A computer isthen utilized
to form diced images of the emitted radiation.

The third method of computed tomography thet is gathering potentid as ameans

of biomedica study isthat of Single Photon Emission Computed Tomography, or
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SPECT. Itisthegod of this paper to eaborate further upon the particular detector set-up
that has been developed here a William and Mary and which is capable of producing
SPECT images. But, firgt | will detall some of the motivations behind the technique and
give a brief outline of the process and gods of our study.

Similar to pogtron emission tomography, SPECT is a high-resolution means of
recongtructing a distributive map of the concentration of a radioactive tracer (thiswill be
elaborated upon in the introduction to SPECT). The radiopharmaceutical inthiscaseis
aso injected into the patient, but the means of production does not require a cyclotron.
The radioactive isotope decays within the patient, and the detector (gamma camera) is
capable of detecting these decays. Figure 4 on the previous page illustrates atypical
SPECT application in which the isotope is injected, decays, and is detected by the gamma
camera. Similar to the method of x-ray CT, acomputer is used to accumulate separate
views of the radiation and recreate diced images of the object.

The principle advantage of such anuclear medicine imaging system, as
recognized today, isto provide functiond information that is generaly difficult or
impossible to obtain via other imaging techniques. Functiond informetion isthe
information that is obtained as the radiopharmaceutical comes into contact with the
anatomical structure of theanima in vivo. Without adoubt, SPECT has found more
widespread use today for thisreason. It isaunique way to nortintrusvely show various
biochemicd functionsin live animas (Cho 1993). Unlike X-ray CT, for instance,
SPECT can show the increase and decrease of activity in aparticular area of amouse

brain as the radiopharmaceutica passes through the mouse's system in vivo.
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It isthis application that the detector system currently being utilized for phantom
sudiesin our laboratory hopes to implement in the future. Particularly, we are
atempting to use SPECT images to sudy the biologica processes within mice. We will
focus on obtaining a greater understanding of mechanisms of gene expression, and on
questions within the diabetes field. This form of research uses a specific tracer molecule
to bind to target molecules, which can dlow a study of specific genes and their
expression (Weisenberger 1998). Tracer molecules, such as probes and ligands, are
utilized for their ability to bind to specific target RNA molecules and proteins,
repectively.  The location of binding is entirely determined by the physiologica
response of the animal to the tracer compound. In the future, normal and diabetic mouse
sudieswill be used to compare binding locations for the probes and ligands of interest.
The comparable differences in binding locations should then shed some light on the
differences between normal and diabetic mice.

Y et, before we can achieve these gods, there are initial steps that have to be taken
to ensure that the results we find with animalsin the future are useful. The meansto
achieving these gods firgt rests in the calibration and testing of our detector system and
our SPECT software. We currently use a SPECT phantom to accumulate data and run
our software. Thislimits the number of mice that will have to be used in research, and it
alows us to determine the best possible resolution and sensitivity achievable by the

detector system.
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. SPECT
A. SPECT Summary

The basic process of SPECT as performed in our laboratory isasfollows: A
gammacamerais utilized to take sngp-shots of the SPECT phantom and to detect the
distribution of radiation/photons emitted by the injected radioactive substance of choice
(inour case, iodine- 125, which emits X-rays and gammaray radiation). A scintillator
first converts the collimated photons from the radioactivity into visble light. Thevisble
light is then detected by a position sengtive photomultiplier tube (PSPMT), which emits
electrons via the photod ectric effect.

The emitted electrons are intercepted by the crossed wire anodes of our PSPMT,
and the anode output signals are then fed into and og-to-digita- converter cards,
converting the amplitude of the PSPMT sgnal into a number that can be stored and
andyzed by our computer system. The data acquisition software acquires ared-time
planar image by displaying these positionsengtive digital output Sgnas.  Rotating the
phantom in front of the camera dlows a number of incremental angular viewsto be
accumulated, stepping through from 0° to 360°. Each angular view is saved, filed, and
run through a SPECT computer program that forms dices of the object being studied.
These dices are then displayed to give atwo dimensond image of the reconstructed

digtribution of radioactivity in the body.

B. Radioactivity/lodine-125

The god of SPECT nuclear medicine techniquesisto provide information on the

digribution of administered radiopharmaceuticals. The radiopharmaceutical conggis of a
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pharmacologic agent, i.e. a probe or ligand, which is used to biologicaly interact with the
subject, and aradioactive tag, which is used to trace the distribution of the agent under
study (Wolbarst 1993). Such research exploits the tendency of certain tagged agentsto
concentrate in specific organs or biologica compartments within the subject. An
irregularity in the rate of uptake or washout of the tagged substance may indicate an
irregularity in biologica functioning, such as that between norma and digbetic mice
(Wolbarst 1993). The most glaring necessity for the probe or ligand in thiscaseisto
know the preferentia organ uptake for comparison with pathologica studies.

The essentia characteritics of the necessary tagsin such studies are complex.
They should release primarily gamma radiation, they need to have a convenient haf-life,
and they need to be capable of detection outside the object (Wolbarst 1993). Also, the
radionuclide needs to be readily attachable to the probe or ligand of interest in the
biologica study, and this attachment must be stable. It is hepful, but not necessary, for
the gamma emission to be monochromatic such that scatter radiation can then be
eliminated through energy windows (Wolbarst 1993). The collimator and eectronic
discrimingtion also serve to diminate scettered radiation.

125 |odinehasa

In our laboratory, we tag the agents with the radioactive isotope
hdf-life of 60 days, alowing it to be produced off-site and delivered by mail. lodine's
long hdlf-lifeis dso conducive to long-term storage and use, but it aso means that
injected radiation that is not excreted will not diminish asrapidly as some PET radiations,
for example. Itsprincipa radiation emissons are gammarays (0.035 MeV and 6.5%), K.

X-rays (0.027 MeV and 112.7%), and Ke X-rays (0.031 MeV and 25.4%) (Comar 1955).

Although, the primary emissions of iodine-125 are not energetic enough for human
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imaging research, the radiaion energy is sufficient for smadl anima and phantom
imaging. Our current SPECT sudies use theiodine-125 in aNal solution as a detection
device only, injecting it within a phantom o thet the x-rays and gammaradiation are
“seen” by our gamma camera. No biologica agent is used in these phantom studies.

In the future though, when we tag thisiodine to other molecules/agents of interest,
the radiopharmaceutical (agent and tag pair) will move by a process of active transport
through the body of the anima being imaged, and it will become concentrated in
particular parts of the body. For most iodine studies, any free iodine that might separate
from the ligand becomes sdectively concentrated in the thyroid, salivary, and gastric
glands. It is excreted rapidly from the last two and retained for longer periods of timein
the thyroid (Hobbie 1997). In fact, past radiation studies have shown that about thirty
percent of the soluble radioiodine intake to the body can be assumed to accumulate in the
thyroid of the subject (Comar 1955). This knowledge will help to distinguish interacting

radiopharmaceuticals from separated and free iodine.

C. Callimation

Thefirst part of the detector setup that the emitted radiation encountersisthe
collimator. A collimator is used in most tomographic gpplications to narrow the sze of
the beam striking the detector, thus reducing the amount of scattering photons detected.
The collimator basicdly acts as afilter of theradiation. Itisablock of absorbing
materid, usudly lead or copper or some other high atomic number substance, with smal
holes drilled into its face, dlowing only columns of light to pass through. The holes can

a0 be chemicdly etched into the surface of thinner dices of collimator materid thet are
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subsequently stacked and cemented together. The collimator thereby serves to confine
the direction of incident photons and locdizes the Ste of the emitter.

So that scattered photons do not interfere with the locaization of the source, the
collimator’ swalls must be just thick enough to block most of the photons that do not pass
through the collimator holes and that directly contact its surface, or septa.  In thisway,
the thickness of the collimating materid plays acrucid role in the sengtivity of the
results. Sengtivity here refersto the ratio of counts detected per unit time divided by the
activity of the radioactive source; it isbagicaly the count rate per unit activity
(Weisenberger 1998). Asthe collimator thickness increases, the sengitivity decreases
snce fewer photons will reach the gamma camera. (It should be more readily apparent
now why the dectronic collimation of PET isameansto higher sengtivity. Since no
externd collimator is necessary for PET, more photons can be detected.)

The thickness of the collimator aso has obvious repercussions with regards to
resolution.> The more photons that are allowed to pass through the collimator to the
detector, the more likely scattered photons are allowed to be detected and counted as
emitted radiation. This can severdly limit the minimum spatia resolution dlowed by a
detector system, for the resulting image will be blurred out by scattered photons. With a
thicker collimator, the resolution of the image will increase, improving our results. For
this reason, the collimator is sometimes termed the “eye’ of the detector, asit is capable
of focusing the incoming gammaradiation in thisway.

Similar to the thickness of the collimator, both the direction of the holesin the

collimator and the area of the apertures drilled or etched into the collimator face have

! See Appendix for amore concrete, mathematical examination of collimator and system resolution
capabilities.
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direct effects on the highest possible resolution and sengtivity achievable by one's
detector systlem. The directiona type of collimator most typicaly used inimaging
goplicationsistermed pardld-hole (and it is dso the type of collimator used in these
gudies). Inapardld-hole collimator, dl the apertures are paralel to one another. Yet,
other smilar sudies may use pinhole callimators (magnifies or minifies objects
depending on closeness of the camera), diverging collimators (minify objects), or
converging collimators (magnify objects), each of which is pictured below in Figure 5
(Wolbarst 1993).

Asis apparent, the diameter and depth of the holes limits the directiona
acceptance of the emitted photons. A photon not emitted in a direction corresponding to
the orientation of the holesin the collimator will be absorbed by the collimator materid
(Saunders 2000). Thisdirectiona limitation thus puts an additiond ceiling on the
possible sengtivity of the imaging system, but it can be used to improve resolution and

subject contragt, just as with collimator thickness.
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Figure5- A. Parallel-hole, B. Converging, C. Diverging, and D. Pinhole Collimators




In like fashion, the area of the aperture in the collimating materid isdso a
parameter involved in the determination of system sengitivity and resolution. Asthe area
of the gperture increases and more photons are dlowed to pass through, the sengtivity of
the detector goes up (Saunders 2000). Asthe aperture area decreases, fewer photons are
alowed to pass, and thus fewer Satistics are gathered and sensitivity decreases.
Conversely, with asmaler gperture area, the detector systemis able to resolve smdler
aress of the emitting radiaion. Thus, the resolution of the imeage increases with the
decreasing aperture area.  One notices the tradeoff that must be considered between
sengitivity and resolution. In order to improve upon one aspect, one must sacrifice the
other. The only solution isto the weigh the benefits of senstivity versus resolution for
each particular application of the technique being utilized. A fina decision must be based
upon the most important factors for that individua study.

For our purposes at the College of William and Mary, we have two separate
callimators, both of which are copper-beryllium, pardle-hole collimators. They have
been optimized for imaging of iodine-125 with a Cdl(Na) crystd array with Imm x Imm
crystal eements (Weisenberger 1998). Thermo Electron, of Woburn, MA designed both
callimators, gluing together layers of copper-beryllium (gpprox. 1.9% Be) laminates.
Photochemica techniques were used to construct square openings. One was designed as
ahigh-resolution/low sengtivity collimator with 0.2mm openings and .05mm thick septa.
The other collimator alows for increased senstivity even though its resolution is not as

high. This high sensitivity/low resolution collimator has 0.75mm openings with 0.16mm

septa.
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D. Gamma Camera and Electronics

After callimation, the next insrument encountered by the emitted radiation in the
detection process is the gamma camera, or gamma-ray camera. The gamma camerawas
invented by Hal Anger in the late 1950's, and its purpose is to detect the photons emitted
by the lodine-125 (Cho 1993). The typica gamma camerais made up of an array of
photomultiplier tubes with their entrance windows coupled to alarge plate of crysta
scintillator materia by means of alight guide. Subsequently, they are sometimes referred
to as stintillation cameras. The entire assembly isenclosed in alight-tight case that
dlows entry of the radiation.

Any rediation that makes it through the collimator first interactsin the crysta
scintillator, producing ascintillation. A scintillator is a substance that aosorbs radiation
and produces visble photons with high efficiency, yet is trangparent to them (Hobbie
1997). The stintillator works because the photons emitted by the radioactive iodine
trandfer some of their energy to atomic eectronsin the scintillator through indlastic
collisons, exciting the scintillation materid. Some of the subsequent de-excitation then
resultsin ultraviolet or visble photons. It is these visible photons that the phototubes
detect in the next stage of the process. The photomultiplier tubes then give pulses
providing information on the early location and time of the oncoming photon.

When the light flash strikes the photomulltiplier tubes, eectrons are emitted from
the photocathode via the photoel ectric effect. These eectrons move through the vacuum
of the photomultiplier tube, accderating until they strike the surface of the firgt positively
charged dynode. 1n aprocess caled secondary emission, the kinetic energy that the

accderating electrons gain is sufficient to knock severd dectrons off the surface of the
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dynode. The eectronsthat get knocked off the first dynode then accelerate to the next
dynode, where the process, called eectron multiplication, is repeated.?

Finally, once the end of the dynode chain has been reached, the eectrons are
collected by the crossed wire anode. The pulse of current striking the anode is
proportiond to the number of colliding eectrons. Each current pulse at the output is
cdled acount and is fed through discriminator eectronicsinto ADC (anaog-to-digita
converter) cards that determine uniquely the size and location of the pulse, thet isthe
amplitude and the x- and y-coordinates of each scintillation event on the scintillation
crystd. Every count that is accumulated by the analog-to-digita converter cardsisthen
recorded by a data accumulation program on a computer such that each count appearsin
an image according to its particular coordinates.

In the imaging setup that was designed for the detection of x-ray and gammaray
emissons of lodine-125 in our laboratory, we have two avallable five-inch detectors.

The two five-inch cameras are Hamamatsu R3292 Position Sengitive Photomulltiplier
Tubes (PSPMT's). The scintillator is composed of a Cdl(Na) crystal array with Imm x
1mm crystd dementsthat are 3mm thick. A 1 kV voltage is maintained between the
photocathode and the last dynode of the PSPMT by aHigh Voltage Power Supply (Ortec
Inc.). The detectors have 28 x 28 crossed wire anodes, but the number of output channels
has been reduced by connecting anode wiresin groups of two, cregting al4x X 14y
channd readout. The entire assembly, as used in our |ab, is depicted in a schematic cross

section in Figure 6 on the next page.

2 |f there are n cascaded dynodes, and the average multiplication at each of the dynodesis m, then the
overall charge multiplication of the dynode chain is m" (Hobbie 1997).
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Figure 6 - Hamamatsu R3292 Position Sensitive Photomultiplier Tube

Both detectors are identical. The choice of which detector to use for which
goplication comes from the type of collimator being used to “focus’ the gamma radiation.
The detector design dlows for easy removal and replacement of collimator type. As
mentioned, one collimator has narrower openings (0.2mm), providing a higher resolution
but lower sengtivity. The detector using this collimator is termed the high-resolution
detector (detector B). The other collimator has wider openings, at 0.75mm, for amore
sengtive data accumulation.  The detector with this collimator is our high-sengtivity/low-
resolution detector (detector A).

In the configuration in our |ab, the x- and y- outputs from each detector are
separatey fed into the andlog-to-digital converter cards, which are located in the Sparrow
CAMAC Crate Controller. Thesgna from the last dynode of the PSPMT isinverted and

amplified prior to reaching the discriminator € ectronics o asto detect an event only if

24



the agna amplitude is above a predetermined background and noise threshold. The data
from the CAMAC crate are fed to a G3 Macintosh Power PC workstation by SCSI cable
lines. The Macintosh Power PC isour host computer, running dl control software
developed in the KMAX data acquisition system from Sparrow Corporation. The

KMAX software, programmed as our data acquisition device, determines where each
photon gtrikes the scintillator and excludes events that do not occur in a certain energy
window. Thewindow filters out lower energy radiation resulting from the primary
gamma-ray Compton scattering in the phantom, the collimator, and the scintillator. The
results are displayed as two-dimensond histograms on the G3 monitor in the KMAX

applications software program.

E. SPECT

Up to this point, the detection scheme has consisted of concepts applicable to any
gamma-ray imaging system and not particular to astudy of SPECT; it iswhat has
conventionally been called planar imaging, as the resulting imageisjust atwo-
dimensiond or planar projection of the detected iodine from whichever angle the detector
is facing with respect to the object or anima being studied. SPECT results are achieved
by accumulaing a number of these views, incrementally from 0° to 360°. Regardless of
the number of views imaged and saved (s0 long as the totd spans angles from 0° to
360°), the resulting images are then fed into the SPECT computer program. This
program acquires dl the data and returns a horizontal or vertica dice (depending on the

orientation of the detectors) of the object being imaged. The horizonta or vertica dices
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are then stacked to recongtruct the three-dimensiond distribution of radioactivity within
the subject.

Our computer program is based on the One Step Late dgorithm invented by Peter
Green and converted from C code to the IDL form we use by Dr. Steve Meikle of the
Royd Prince Alfred Hospital in Sydney, Audtrdia. It isabadc iterative procedure that
compiles dl of the acquired data, converts the incoming data to arrays, corrects each dice
with a center of rotation offset, and displays a chosen dice of the object being imaged via
backprojection. The program has been augmented to mask out unnecessary scatter
radiation outside the region of interest that may corrupt the program. Also, dl data
entrieswith avaue less than or equa to one have been converted to avalue of one. This
resolves any problems with zero in the calculation process and sidesteps any possible

data underflow problems typical in SPECT outputs.

1. SPECT PHANTOM TESTSAND CALIBRATION
The research directed toward future smal anima studies usng SPECT has begun in

our lab. We use a SPECT phantom and a centerline source to detect the radiation emitted
by theinjected iodine-125. Both phantoms are 3cm in diameter and 5cm in height. The
centerline phantom has a4cm long drilled tube running directly down its center for the
injection of the radioactiveiodine. The SPECT phantom has four drilled holes. Thetwo
vertical holes are 3.5cm long while the crisscrossed pair of holes are 2.75cm in length
each. Both phantoms are depicted in Figure 7.

We have taken runs using these phantoms to assess the results of varying angular

incrementing (smdl versuslarge), time duration of runs (short versus long), and choice of
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detector usage (high resolution versus high gtatistics). These runs have been designed to
test both the detector apparatus itself and the SPECT software used with this detector

system.

i S —_— o
e -_—_ . - —
-] o

A B

Figure7 - A. Centerline Phantom and B. SPECT Phantom

Theinitid runs taken with this SPECT software were designed to test the trade-
off between longer runs with larger angular increments and shorter duration runswith
gmdler angular increments. Smaller angular increments result in alarger amount of data
accumulation because there are more runs overal. This should increase the number of
dtatitics/counts gathered per run. However, shorter time for data accumulation aso
means that fewer counts will be recorded per angle. In the end, with the smal increments
and short duration, we will have more totd angles imaged, but fewer Satistics per angle.

For the larger increments and longer duration, we will have fewer total anglesimaged,
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but more datistics acquired per angle. Each run should acquire ardatively equa amount
of total data. In thisway, we can compare the SPECT results considering these differing
combinations and sSmilar amounts of data accumulation.

Four runs were made with the above phantoms. The high-resolution detector
(detector B) was used for dl of the data accumulation. In generd, the gamma camera
scans linearly dong the phantom at a given view q, and after completion of this scan, the
source phantom is rotated through an angle Dg. The processis repeated until the
completion of the 360°-rotation, resulting in atota of 360/Dg = N scans per run.

The firgt run imaged the centerline phantom, which would subsequently be used
in each of the next three runs as a center of rotation (COR) correction in the SPECT
caculations. Gresat care had to be taken to ensure that the base designed to rotate the
phantom was not disturbed or shifted from itsinitia postion. Any disturbance of the
location of the center of rotation affects COR offset cdculaionsin the SPECT program.
We placed the centerline phantom afew millimeters awvay from the detector, just far
enough so that rotating the phantom would not disturb its center of rotatior®. This COR
run consisted of 10 incrementa views, each separated 36° from the previous angle and
lagting three minutes in duration. For example, we arted at 0°, collected datain KMAX
for three minutes, rotated the phantom 36°, collected data once again, etc. dl the way up
to 324° (360° — 36°). The 360° angleis not necessary since it coincideswith 0°. If both
angles areimaged, the SPECT program just ignores one of them. The centerline run does

not need to be as thorough as the runs with the actual SPECT phantom, so not as much

dataacquidtion timeis necessary.

3 Closer objects are imaged at a higher resolution than farther ones. See Appendix.
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The second, third, and fourth runs were al done using the SPECT phantom, again
placed only afew millimeters away from the high-resol ution detector, as depicted below
in Figure 8. The second run used 6° increments and a three-minute data collection
duration. The third run used 12° increments and Sx minutes per angular view, while the
fourth run tested 24° increments with twelve minutes alowed for data accumuletion. A
summary of these runs, dong with the other runs taken for our SPECT testing, is depicted

on the next pagein Table 1.

SPECT Phantom

Detectors High voltage input

ow voltage
input (& volts)

4 Dynode Signal

K\Anude signals - x
and y
Enoh for rotating hase

Rotating base for
incrementing phantom

Figure 8 - The SPECT detector configuration in our lab. Both detectors, A and B, arealigned
horizontally to image the phantom of interest, which is placed asclose as possible to each detector.
Therotating baseisused to increment the phantom through successive angular degrees, allowing the
accumulation of a sufficient collection of projectionsfor the SPECT computer program.

Each run has its own folder to be opened and run through the SPECT software
program. Each individud imageis saved in KMAX according to its particular angle and
gtored in the folder for itsrun. The SPECT computer program then retrieves the folder,

converts esch KMAX image histogram into atwo dimensional data array, masks out

scattered counts, and returns an image of the desired dice of the phantom.
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The same generd procedure was repeated again for additiona data. Thistime we
used both detectors smultaneoudy to compare results between high-resolution and high-
gatistics detection. The centerline phantom was again used to correct for COR offsets.
Thisrun, Run 5, was formatted identicd to theinitid centerline sudy. We used 36°
increments with three-minute data accumulation. The results for the imaging of the
phantom were stored separately for each detector. We used the same SPECT phantom as
before for our 6" Run, placing it equidistant between the two detectors and no more than
afew millimetersfrom either. A three-degree increment was used thistime, and we
imaged each angular view for three minutes. The same means of data storage and
andysswere used on this accumulation of images. A summary of the runs that were

taken isillustrated below in table format, Table 1.

Run Phantom Detector A Detector B Time Angular
Used duration increment
1 Centerline No Yes 3 minutes 36°
2 SPECT No Yes 3 minutes 6°
3 SPECT No Yes 6 minutes 12°
4 SPECT No Yes 12 minutes 24°
5 Centerline Yes Yes 3 minutes 36°
6 SPECT Yes Yes 3 minutes 3°
Tablel

30




V. RESULTS
The am of this project has been to test our detector system to see if the existing
set-up could be configured properly to acquire SPECT data. We have acquired dl of the
necessary data and hope to have it anadlyzed in the near future. The next step of the
process will be to successfully run the data through our SPECT software to recreste
diced images of the iodine-125 injected in the SPECT phantom. The data, as acquired in
our KMAX data accumulation program, initidly looks like that depicted below in Figure

9 below.

Hood Door
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The detected radiation forms a circular image ingde the square KMAX data
acquisition window. This particular image depicts the radiation emitted from the SPECT
phantom that was accumulated at an angle of 240° usng the high-resol ution detector
(detector B) for athree-minute duration (Run 2). Each detected count of radiation
gppears as a point on the data accumulation screen, and the mgjority of the data points are
concentrated around the areas of the tubular holes bored in the SPECT phantom, where
the iodine was injected.

The conclusions that we have made based on the data that was accumulated in
these runs are twofold: 1) The amount of totd Satisticsisa crucid factor in the ability of
the SPECT software to compile and run the data, as the SPECT program is extremely
sengtive to the amount of data accumulation. The factors involved in the number of
acquired gatistics include both the number of angular increments and the time duration
per angle, as wdl as the amount of radiation emitting from the radioactive iodine per unit
time, i.e. the hotness of the phantom. With thisin mind, the SPECT phantom needsto be
recharged before each run and evenly dispersed throughout the entire length of each of
the tubes in the phantoms.  Recharging the phantoms ensures that the maximum amount
of gatisticswill be gathered per phantom per run. Equaly dispersing the radiaion
through the tubes further aids in the maxima utilization of the radiation injected within
the phantom. A smilar congderation regarding the amount of satisticsis that the
SPECT program prefersto see alarger number of angles such that the angular increments
aesndl. And the program wants long time durations for each angular increment, both
of which increase the amount of data accumulation. Once the data from Runs 1 through

4 can be successfully run through our SPECT program, it will be gpparent which factors
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weigh more heavily.  2) The orientation of the detectorsin the acquisition phase play a
crucid rolein the ability of the SPECT program to properly correct for the center of
rotation offset. The convention isthat the axis of rotation projects onto a verticd linein
the center of the two-dimensiond data array at each angle. The data that were
accumulated in dl of our runs were projected horizontaly in our KMAX software, o the
center of rotation (COR) offset revolves around the opposite axis as that of our COR
correction data.

On top of needing to recharge the phantoms with the necessary iodine-125,
running the program made it clear thet changes needed to be made in the computer code
itself. Hoating point underflow error messages illustrated the fact that the program was
not properly reading the data. Absolutely no images were being produced a dl. To
counter the floating underflow problem, the program was corrected to convert all
negeative and zero data points to avaue of one. This was done manudly in the computer
code. Additiondly, the outer lying scattered radiation reaching the detectors was masked
out of the data that we fed into the SPECT program to compile and run the software. The
masking factor is a changeable parameter in our SPECT program that cuts out the dices
of the image outside of the region of interest. Thisdlows for the program to ignore those
regions of the image with lower statistics than the regions of radioactive emissons.

The mask that we used to hide datais illustrated on the next pagein the
accumulated KMAX image of Figure 10. Thisimage was taken using our high-gtatistics
detector (detector A). It depictsthe SPECT phantom at an angle of 240° after athree-
minute duration. Because the KMAX image is a square, while the detected radiation

from the gamma cameraforms a circular region of detected radiation, areas outside the
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circlereturn avaue of zero to the data analysis program. Additiondly, very few counts
are detected outsde the region directly surrounding the injected radiation. The lack of
data in both these regions was causing the floating- point underflow problems, so the
implemented mask “hides’ these regions of low data and forms awindow around the

region of interest including and directly surrounding the injected radiation.

Fohd e windo

Circular detector image

\ Implernented mazking

[ window

SPECT phantom radiation
|

Figure 10 - Masking of acquired data.

The runs designed to test the capabilities of the high-resolution detector versus the
high-tatistics detector — Runs 5 and 6 — were successful. The two phantoms were
recharged with iodine- 125 solution in hopes of acquiring more tota data with our low
ddtistics detector B. The high atistics detector A was used as acomparisonin
resolution and counts acquired per angle. Two typicd accumulated KMAX images have
been depicted on the next page in Figure 11 and Figure 12. Figure 11 showsthe

datistical results of detector A while Figure 12 shows the results from detector B.



Figure 1l - Centerline phantom using detector A.

Figure 12 - Centerline phantom using detector B.

Both images were formed in Run 5 by the respective detector for three-minute
smultaneous data accumulation using the centerline phantom. The disparity in resolution

and the difference in Statistical accumulation for the corresponding detectors are reedily
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gpparent in comparing the two images. Detector A’simage, in Figure 11, has alarger
amount of acquired counts but the resolution is much worse that that of detector B in
Figure 12.

The conclusions derived from these runs showed us thet the orientation of the
detectors upon imaging plays a crucid rolein the ability of the SPECT program to
correct for the center of rotation offset. In Figures 11 and 12, for instance, one can see
that the planar imagesin KMAX project horizontaly rather than verticaly; however, the
program prefers avertica orientation of the image. Rotating the KMAX images ninety
degrees before running the program will project the data on the vertica axis so that the
program will recognize the image format. The resulting image should look like the
following, in Figure 13 below, which is arotated depiction of Figure 11. To avoid this
complication in the future, data should be taken with the detectors oriented for vertical

projection.

Figure 13 - Rotated image of horizontal planar image. Rotation of theimage by ninety degr ees
orientstheimage vertically so that the data analysis softwar e program can recognize the format.
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Overdl, the fact that we were able to run the data through the SPECT program in
order to pinpoint the problems involved showed that the detector set-up hasthe
capabilities necessary for SPECT runs. The SPECT images, to this point however, have
been used mainly as ameans of uncovering program mafunctions rather than as a correct
depiction of diced images of radiation from our phantoms. The mgority of our diced

images of radiation have the generd format of one of the two images below.

Figure 14 - SPECT image of slice 45 from Run 2.
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Figure 15 - SPECT image of slice 50 from Run 2.

Figures 14 and 15 both tend to show afailure to correctly adjust for the center of
rotation. Figure 14 depicts two concentric circles while Figure 15 has awhirlpool-like
formation of data points toward its center. Both figures have aided in targeting our
problems with the centerline correction and the orientation of the detectors.

Thelack of SPECT reaultsto this point basicaly restsin the program’ s ingbility
to recognize the format of our rotated images. The program is specific to the format of
the KMAX images, so even though all the data have been acquired and saved

successfully, SPECT results cannot be achieved. Further reparationsin the SPECT
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program and in the method of data acquisition will help promote the ability to achieve
resultsin the diced image display. The data that have been taken in Runs 1-6 can then be

utilized to test the parameters of the detector system that they were designed to andyze.
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V. APPENDIX
A. Resolution determination for a parallel-hole collimator
The resolution of a pardle-hole collimator can be determined by the following equations
(Weisenberger 1998):
Re=d(a+b+c)/ & @)
a=a-2/m 2
where
Rc = collimator resolution
d = gperturesze
a= collimator thickness
& = effective collimator thickness
m= linear attenuation coefficient of collimator materid a energy of gammarays
b = distance between the source and the collimator face, and

¢ = digtance between the back of the collimator and the front of the scintillator

B. Systemresolution

The system resolution is determined from both the resolution of the collimator and the
intringc resolution of the detector. The inherent resolution of the detector is set asthe
pixel sze of the scintillator, or 1 mm for our sudies. Ingenerd, theintringc resolution
of the detector isthe ability of the camerato pinpoint the location a which incoming
photons interact on the scintillation crystal (Cho 1993). Basicdly, the more

photomultiplier tubes present in the detector, the better itsintringc posgtion resolving
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cgpability. Probability and gatistica fluctuations st the limit on how high theintrindgc
resolution can be. The overdl system resolution is then:

Rs= (Rc+ R)"
where R = the intringc resolution of the gamma camera (Weisenberger 1998).

Typicaly, the resolution of the collimator can be amuch larger contributor to overal

system resolving capabilities.
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