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ABSTRACT 

This dissertation presents the research performed to develop an optical model, im

prove some design parameters, and analyze the performance of the UA modular 

gamma camera. Initially we provide a brief background on nuclear medical imaging 

with scintillation cameras. The key hardware components of a camera are introduced, 

and some of the fundamental physics involved in the detection of gamma rays is ex

plained. Then we describe a stand-alone modular-camera imaging system that was 

developed to image human breasts in the clinic. The hardware and software compo

nents, calibration procedure, and general operation of the system are detailed. We 

explain the concepts of position estimation and scatter rejection and note how they 

have been applied to imaging with the UA modular gamma camera. Position estima

tion uses the output signals of the camera to determine where an incident gamma ray 

interacted within the camera, and scatter rejection uses the signals to decide whether 

or not an incident gamma ray underwent scattering prior to being detected by the 

camera. Then we present an analytical optical model of the UA modular gamma 

camera. Taking into account physical and optical properties of the camera compo

nents, the model performs radiometric calculations to estimate the mean response 

of the camera to a scintillation event anywhere within the scintillation crystal. The 

results of several studies using the optical model to test and improve some camera 

design parameters are reported. Finally, we demonstrate how straightforward signal 

detection theory can be used to evaluate the performance of a modular gamma cam

era for the task of detecting signals in noisy backgrounds. Guided by the preliminary 

design of a dedicated breast imaging system, estimates of how well the UA modular 

gamma camera can detect lesions within human breasts were generated. 
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Chapter 1 

INTRODUCTION AND MOTIVATION 

1.1 Statistics on breast cancer 

Breast cancer is the most commonly diagnosed cancer after skin cancer and the second 

leading cause of cancer death, after Imig cancer among women in the United States 

(Parker et al. 1997). Currently about one out of eight women in the United States 

gets breast cancer (Parker et al. 1997). It was estimated that in 1997 approximately 

180,200 women and 1,400 men in the United States will be diagnosed with breast 

cancer and that approximately 43,900 women and 290 men will die from the disease 

(Parker et ai 1997). The rate of incidence of breast cancer cases has steadily increased 

since 1950 with a sharp rise in the number of detected cases occurring in the 1980's 

due to the increased use of mammography (Sondik 1994). The average annual increase 

in the overall incidence rate has been about 1% per year (Sondik 1994), resulting in 

an increase of 52% from 1950 to 1990 (MMWR 1994). Similar long-term rises in 

the annual incidence rates are being observed worldwide in both industrialized and 

developing nations (Boyle et al. 1990). Unfortunately, the causes of many forms of 

breast cancer and the corresponding means for cures have remained undiscovered. 

The risk of developing breast cancer increases when certain risk factors are present. 

Established risk factors, which are generally associated with only weak or moderate 

elevations in risk, include a family history of breast cancer, early onset of puberty, 

late age at first childbirth, late age at menopause, history of benign breast disease, 

and ecposure to ionizing radiation (Harris e£ al. 1992). The rate of incidence also 

increases with, age, rising rapidly after the age of 40 and becoming substantial before 
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the age of 50 (Harris et ai 1992). Many breast cancers, however, occur in women 

who have no identifiable risk factors. 

1.2 Screening methods for breast cancer 

The primary purpose of screening asymptomatic healthy women for breast cancer is 

to diagnose it early and in so doing reduce the risk of or delay the onset of death. 

Early detection increases the chance of successful treatment. Indeed, early detection 

is a significant factor influencing survival (Harris et ai 1992, Cha et ai 1996). 

If the cancer is detected early while the timior is still small, then it can often be 

treated effectively with surgery that preserves the breast and that provides a very 

good chance of survival for the woman. Presently there are two methods that are 

routinely used to detect breast cancer as early as possible — physical examination 

and x-ray mammography. If women follow the recommended guidelines for these 

procedures, then the chance of detecting suspicious mass^ within a breast is quite 

good. The malignant or bem'gn nature of a suspicious mass can be confirmed, if 

necessary, with a biopsy. 

1.2.1 Physical examination 

Physical examination attempts to discover palpable masses within the breasts. The 

first stage of physical examination is a monthly self-examination performed by the 

woman. Doctors and nurses can show a woman how to examine her breasts and what 

to look for. Regular examinations of her breasts help the woman establish a baseline 

for what her breasts feel like normaEy. Quite a few harmless lumps can be in. the 

breasts. The woman needs to be suspicious of an unusual new mass or a new mass 
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that is growing. In fact, many cancers that are detected early are pointed out to a 

doctor by the patient herself. The second stage of physical examination is a doctor's 

examination of the breast by palpation, or feeling, to decide whether or not a lump 

is suspicious. Although most palpable masses are benign, each must be suspected of 

being mahgnant until proven otherwise. 

Physical examination, however, has diagnostic limitations. The signs and symp

toms of breast cancer are not always distinctive and not always evident during physical 

examination. For example, in some cases cysts cannot be distinguished from solid ab

normalities by means of palpation. Also, some breast abnormalities are not detected 

because they are not palpable (Doimegan 1992). In general, physical examination 

results alone are correct in 60%-85% of ail patients and in 90% of patients when 

findings are distinctive, such as "clearly benign" or "clearly malignant" (Donnegan 

1992). 

1.2.2 X-ray mammography 

X-ray mammography tries to detect both palpable and nonpalpable masses within 

the breasts. The procedure involves taking an x-ray of the breast while the breast is 

held and compressed between two plastic plates. The x-ray source is located behind 

one plate. The x-rays pass through this plate, then the breast, and finally the other 

plate behind which is a film screen. The x-ray picture obtained from this procedure 

is a shadow image of all the structures in the breast. Cancerous growths have char

acteristic structures that radiologists are trained to recognize. Snnilar to the physical 

examination, the mammogram is most useful if there is a baseline, or normal, image 

for comparison. Thus, women are encouraged to routinely get mammograms as they 

grow older so if any changes do occur, then they might be quickly spotted. 
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Mammography is currently the most effective method for detecting lesions within 

the breast- This widely available, very safe, and relatively inexpensive procedmre has 

a very high sensitivity. In this context sensitivity is defined to be the ratio of the 

number of times that an observer correctly determines that a lesion is present to the 

number of times that a lesion is truly present. The high sensitivity makes it capable of 

detecting not only palpable lesions but also nonpalpable lesions which are not detected 

in physical examination (Wilhebn et aL 1991). For example, one study reported that 

mammography alone was responsible for detecting 42% of breast cancers in a study 

group while physical examination alone detected only 9% (Baker 1982). Mammo-

graphically detected carcinomas are typically smaller, more often node-negative, and 

found, on average, at an earlier patient age than palpable carcinoma (Bauer et aL 

1991). Several studies have concluded that mammography results in earlier detec

tion of cancer with improved rates of patient survival (EVisell et aL 1989, Tabar et 

aL 1992, Van Dijck et aL 1996). For example, one study reported a 25% reduction 

in breast cancer cases diagnosed at Stage H and higher in patients who underwent 

regular screening with mammography (Tabar et aL 1985) and a 31% reduction in 

mortality for women aged 50-69 (Tabar et aL 1989). Another study concluded that 

regular mammographic screening of women over age 65 (at least up to 75 years) can 

reduce mortality by approximately 40% after 10 years (Van Dijck et aL 1997). 

Mammography, however, suffers from some diagnostic limitations. In general, 

while it is very sensitive in the detection of abnormalities, mammography cannot be 

used to acourately differentiate between benign and malignant abnormalities (Sickles 

1986). Its eflacaqr for the diagnosis of breast cancer is limited due to the following 

conditions or procedures: dense glandular tissue, asymmetric tissue densities, altered 

tissues as in. biopsy or lumpectomy scars, radiation therapy, silicone implant or in
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jection, and pregnancy and lactation. Dense glandular tissue, present in about 25% 

of women (Tabar and Dean 1982) and particularly in yoimger women, can obscure 

breast lesions on a mammogram (Jackson et al. 1993). Even with, special compression 

techniques, dense tissue can make an image difficult to interpret. Scars &om exci-

sional biopsy or surgery can mimic the appearance of malignant l^ions. Radiation 

can cause edema, inflammation, or fibrosis that can also hamper the evaluation of 

a mammogram. All three aforementioned cases — dense tissue, breast surgery, and 

radiation therapy — may lead to an error in diagnosis (Bird et aL 1992). Silicone 

implants can also obscure lesions. Finally, calcifications can also create uncertainty 

in the course of evaluating whether a malignant lesion is present and, if so, where to 

perform a biopsy. 

Thus, a major problem with mammography is that it detects many suspicious 

masses of tissue which, when subjected to a biopsy, are determined, to be benign. 

In other words, mammography suffers firom low specificity and, hence, poor positive 

predictive value. In this context specificity is defined to be the ratio of the number 

of times that an observer correctly determines that a lesion is absent to the number 

of times that a lesion is truly absent. Positive predictive value (PPV) is a measure 

of the ability of a screening test to distinguish a true-positive (biopsy-proven cancer) 

firom a false-positive (suspicious in screening but not a biopsy-proven cancer). The 

PPV is commonly measured, as the number of cancers divided by the number of 

biopsies performed, or PPV = TP/(TP+FP) where TP = true positive and FP 

= false positive. The sensitivities and specificities of mammography firom several 

studies are shown in Table 1.1. The PPV, in general, is only 15%-30% (Harris et aL 

1992, Kopans 1992) but tends to increase with age. For example, one study which 

examined women aged 40-79 reported, that the PPV was approximately 12% at age 
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Study Num. Sens. 
(%) 

Spec. 
(%) 

Mekhmandarov et aL 1998 140 92 43 
Palmedo et aL 1997 246 91 42 
van Dam et aL 1988 52 
Waxman et aL 1994 66 14 

TABLE L.L. Data on sensitivity and specificity firom. several studies using mammog
raphy for palpable and nonpalpable lesions. 

40 and increased steadily with age to 46% at age 79 (Kopans et aL 1996). In addition 

to the somewhat low specificity and PPV, mammography also has a relatively high 

false negative rate. For example, one study reported false negative rates of 41% and 

27% in women under and over, respectively, the age of 50 (Niloff and Sheiner 1981). 

With respect to the low PPV, it might be argued that the discovery that a lesion 

is benign would be great news. But the associated stress, anxiety, discomfort, and 

expense to determine this is discomforting to everyone involved. 

1.2.3 Biopsy 

A biopsy is the removal and examination, usually microscopic, of tissue from a living 

body. Depending on the results of the physical examination and/or the mammogram, 

a biopsy may be performed in order to assess whether a suspicious mass is benign or 

malignant. A histological ecamination of biopsy tissue is required to make a definitive 

diagnosis of breast cancer. 

Depending on the patient's condition, a biopsy may be performed in several dif

ferent ways. If the suspicious mass is palpable, then the doctor has a choice of fine 

needle aspiration biop^, core biopsy, or surgical biopsy. Fine-needle aspiration biopsy 

is when a small, thin needle is placed in the lump, and a syringe is used, to aspirate 

Euid and cells from the mass for patholo^cal ecamination. If the lump disappears 
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with, this procedure, the mass is likely a benign, cyst. This method is cosmetically 

appealing as it leaves no scar, but, if the malignant area is small, then the needle may 

miss some cancers. Core biopsy is when a larger needle is used to remove a small 

piece of tissue from the mass in much the same way as in fine needle aspiration biopsy. 

The cosmesis is still good, and a larger sample of tissue is obtained. A chance still 

exists, however, that the sample tissue does not include any cancer cells. Surgical 

biopsy comes ia two types — incisional and excisional. In the incisional case, only a 

portion of the mass is removed. In the excisional case, the entire mass is removed, 

so the technique is essentially a lumpectomy. Both leave small scars on the breast, 

so the cosmesis is slightly poorer. Since larger volumes of tissue are removed, how

ever, the diagnosis is much more accurate. An excisional surgical biopsy is currently 

the most accurate method to determine if a suspicious mass is benign or malignant. 

If the suspicious mass is nonpalpable, having been detected with mammography or 

ultrasound, then the doctor can use either needle localization biopsy or stereotactic 

needle biopsy. Needle localization biopsy is when a needle, guided by a mammogram 

or ultrasound image, is inserted into the suspicious area to guide a subsequent sur

gical biopsy. Stereotactic needle biopsy is when a fine-needle aspiration biopsy or 

a core-needle biopsy is performed using mammograms in two views as a guide for 

precise localization. 

Biopsies, however, are not always successful. In order to make a correct diagnosis, 

the tissue removed from the body must include at least part of the suspicious mass. 

In the course of trying to remove as little tissue as necessary, however, the biopsy may 

miss the intended mass. One study, which ecamined the results of nonstereotactic, 

mammographically guided, needle localization breast biopsy in 280 cases of nonpal

pable breast lesions, found that the biopsy failed in. 2.5% of the cases (Jackman and 
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Marzoni 1997). A literature review performed by the authors found miss rates of 

0.0%-17.9% (mean, 2.6%) for all lesions and 0.0%-7.9% (mean, 2.0%) for cancers. 

Failures were related to lesion type, lesion size, number of lesions per breast, accu

racy of needle placement, and volume of tissue removed. Unsuccessful biopsies were 

more likely to occur with microcalcifications, lesions less than 1.0 cm in diameter, 

multiple lesions per breast, and small tissue samples. 

Most breast biopsies and conesponding axillary lymph node dissections, both 

unpleasant experiences by nature, are negative. Due to the low specificity and low 

PPV of mammography, a large fraction of breast biopsies are negative (Wilhelm et 

aL 1991). Thus, it has been argued that many biopsi^ are performed unnecessarily. 

Although a biopsy is an extremely safe procedure and is worthwhile doing to obtain a 

definitive diagnosis, a recommendation for a breast biopsy, with the implied possibility 

of breast cancer, induces high anxiety in. patients. The procedure itself is invasive 

and expensive, does not provide immediate results, results in a loss of productivity 

during the surgical and recuperative times, and creates various degrees of surgical 

trauma, cosmetic alterations, and psychological side effects. Similarly, since axillary 

lymph node involvement is an important prognostic factor in the staging process, 

almost every patient with invasive breast cancer will also undergo an axillary lymph 

node dissection, a procedmre associated with substantial costs and morbidity. Axillary 

lymph node dissection generally requires hospitalization, general anesthesia, and 1-2 

weeks of postoperative drain care (Adler et aL 1997). 

1.3 Nuclear medical imaging of breast cancer 

En. some cases a suspicious mass is discovered in a physical examination and/or in a 

mammogram, and the doctor is not sure whether or not it is cancerous. The doctor 
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and the patient must make a decisioa on how to proceed. One option would be 

to simply wait and do another mammogram, in, say, six months to see if the lump is 

growing. Another option would be to perform a biopsy so that the tissue belonging to 

the suspicious mass can. be examined ia the lab and identified. A biopsy would provide 

a relatively quick answer, but it is invasive, painful, and can cause scars in the breast 

that will make future mammograms more difficult to interpret. Needless to say, such 

cases can be very frightening to the patient who would like to know, immediately, if 

she has breast cancer. Thus, researchers are trying to find new methods of screening 

for breast cancer that could be used after a physical examination and a mammogram 

have beea performed and it has been determined that more information is needed 

to make a decision as to whether or not medical treatment is required. A reliable 

noninvasive technique is needed. The technique would discriminate between bem'gn 

and malignant masses and, in the process, would lead to a lower number of false 

positives and, hence, uimecessary biopsies. 

1.3.1 Complementary imaging techniques for x-ray maimnography 

Despite the limitations of mammography, its relatively low cost, high, safety, and 

widespread availability should allow it to remain the mainstay of early breast can

cer detection. To improve the overall sensitivity and specificity of the breast can

cer screening process, several different methods have emerged as useful complemen

tary techniques to x-ray manamography. These include digital mammography with 

computer-aided analysis, ultrasound, magnetic resonance imaging (l^IRI), computed 

tomography (CT), positron emission tomography (PET), and scintimammography. 

Comprehensive reviews of these techniques may be found in a review article by Adler 

and Wahl (Adler and Wahl 1995) and a text by Kopans (Kopans 1998). While these 
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tests may not be as eflBcacious as a primary screening technique for the entire pop

ulation, they might be useful as secondary screening tools in a selected segment of 

the population. This sub-section provides a brief description of how each technique 

can act as a complement to x-ray mammography. Scintimammography will be the 

subject of the ned: sub-section. 

Digital mammography with computer-aided analysis 

Digital mammography with computer-aided analysis involves the analysis of dig

ital images of the breast. Conventional mammography uses film/screen detectors to 

record an analog image of the x-ray photon flux that passes through a breast. Dig

ital mammograms are obtained by either digitizing the information contained in a 

mammogram film or by recording the data directly with a digital detector system. 

Digital mammography alone has several advantages over its analog cousin. First, 

since the image can be adjusted after exposure, originally unsatisfactory images can 

be modified and used, instead of eliminated, thus reducing the time and cost required 

to collect additional images and, in turn, reducing the total exposiure to the patient. 

Second, manipulation of the image contrast can make features (e.g. lesions) that are 

currently overlooked in conventional mammography become more visible. Third, the 

digital images are easily and securely stored, in a computer system. Finally, digital 

images can be easily transmitted anywhere in the world (via teleradiology) for neces

sary consultations. A disadvantage of digital mammography, however, is the inability 

to easily display all of the available digital data at once. Standard image display 

units do not have the nimiber of pixels required, to do so. Thus, reviewing a breast 

image can require viewing the entire breast image at a coarse level of resolutioa (with 

less information) and. then focusing in. on areas of interest at finer levels of resolution 
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(with, more information). 

The addition of computer-aided analysis to digital mammography enhances the 

ability to detect and diagnose tissues abnormalities. An analysis program can be 

taught to recognize and extract certain features - for example, calcifications, abnormal 

masses, and architectural distortions. While computer-aided diagnosis will not replace 

human radiologists, it can. serve as a secondary image reader, indicating areas of 

concern that might have been overlooked by the radiologist. Regardless of skill level, 

all radiologists occasionally fail to see a significant abnormality, and. the presence 

of more than one image reader decreases the probability that an abnormality in a 

mammogram will fail to be diagnosed (Bird 1990, Thur^eE et aL 1994, Hulka et ai 

1995). 

Ultrasound 

Ultrasound has evolved as a diagnostic tool best applied, to the differentiation of 

cystic lesions from solid masses and as a guide for aspiration and biopsy in certain 

situations. The primary reason for this evolution is that a significant nmnber of 

breast cancers are diflBcult if not impossible to see using ultrasound because they are 

isoechoic with fatty breast tissue (Jackson 1990, Kopans 1997). The tissues forming 

both carcinomic lesions and. fat in the breast tend to be hypoechoic, so ultrasound 

fails to easily distingmsh the boundaries between them. Thus, ultrasound is currently 

used as a tool to aid in the resolving of specific cancer management questions. 

Magnetic Tesonance imaging (MRI) 

Magnetic resonance imaging (MRI) with contrast enhancement can be helpful in. 

determining the physical ectent of cancerous tissues (Pierce et aL 1991) and possibly 

differentiating between malignant and benign, tissues (Orel ef ai 1994). Defining 
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the physical extent of tumors might include detecting unsuspected foci of multifocal 

tumors. The high cost and lengthy time required, to perform the imaging studies limit 

its lose as a standard screening technique. If the cost can be reduced and the patient 

throughput increased, then contrast-enhanced MRI also may have a role in the early 

detection of breast cancer, particularly in radiographically dense breasts. 

Computed tomography (CT) 

Computed tomography (CT) with contrast enhancement provides assistance in 

triangulating some lesions and in guiding needle localization in difficult biopsy sit

uations (Kopans and Meyer 1982, Spillane et al. 1996). This imaging technique 

is similar to the aforementioned contrast-enhanced MRI and possibly represents a 

lower-cost alternative. It also may provide more accurate detection and evaluation of 

lesions in radiographically dense breast tissue. 

Positron emission tomography (PET) 

Positron emission tomography (PET) is based primarily on the assessment of ei

ther the glucose metabolic rate with 2-[&uorine-18l fluoro-2-deo:qr-D-glucose (FDG) 

orofestrogen-or progesterone-receptor density with 16a-[F-18l fluoroestradiol (FES). 

Like many carcmomas, breast cancers can aggressively accumulate the glucose ana

logue FDG relative to the sxuxounding tissue. Both qualitative and quantitative FDG 

imaging of primary and metastatic breast cancer has been performed with PET dur

ing the past decade (Avril et al. 1997). Clinical studies have shown that FDG-PET 

is a useftil test for differentiating malignant &om benign breast masses and staging 

evaluation of newly discovered breast cancer (Bender et ai 1997). Preliminary stud

ies suggest that FDG-PET can provide excellent sensitivity and specificity for both 

malignant breast tumors and. axillary node involvement (Adler et aL 1997, Jacobs et 
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ai 1994, Thompson et al. 1994, Wahl et ai 1991). The great expense of PET de

tectors and the associated tracer FDG, which requires a cyclotron for manufacturing 

it, cvurently hinder this breast imaging modality &om having a clinical presence. 

1.3.2 Scintimammography 

In scintimammography a radioactively-Iabeled pharmaceutical (or radiopharmaceu

tical) is injected into a patient wherein it propagates throughout the body via the 

bloodstream. Cancerous tissue tends to exhibit an increased uptake of the radiophar

maceutical. Gamma detectors (scintillation cameras) placed near the patient detect 

the emitted gamma rays and form a map of the relative uptake in the tissue under 

study. Malignant lesions tend to manifest themselves as "hot" spots, or regions of 

accumulated radioactivity, in the image. Normal breast tissue takes up relatively 

little tracer, so metabolically active cancers have the potential to be easily seen. The 

observed relative uptake of the radiopharmaceutical provides an indication of the 

likelihood that a suspicious mass is cancerous. 

Scintimammography with technetium-99m Sestamibi, a myocardial unaging agent 

frequently used for tmnor imaging, has proven to be a promising noninvasive method 

of detecting mah'gnancies in cases of both axillary lymph node metastases (Schillaci 

et aL 1997) and breast lesions. In 1997 the Food and Drug Administration (FDA) 

recognized the potential of Tc-99m Sestamibi by granting DuPont Pharma Radiophar

maceuticals, a division of The DuPont Merck Pharmaceutical Company, clearance to 

market Miraluma (T^/I) (Kit for the Preparation of Technetium Tc99m Sestamibi), 

the first nuclear medicine test approved for breast imagmg (Obgynjiet Publications 

1997). As shown by the results of several studies summarized in Table 1.2, scin

timammography with technetituu-99m Sestamibi has demonstrated overall average 
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Study Num. Sens, 
(%) 

Spec. 
(%) 

PPV 
(%) 

NPV 
(%) 

Alonso et aL 1997 18 80 75 80 75 
Clifford and Lugo-Zamudio 1996 148 84 95 88 94 
BQialkhali et aL 1994 62 96 87 82 97 
Khalkhali et aL 1995 #1 106 94 88 77 97 
Khalkhali et aL 1995 #2 153 92 89 81 96 
Mekhmandarov et aL 1998 140 83 85 90 77 
Palmedo et aL 1996 54 88 83 81 89 
Scopinaro et aL 1997 449 85 90 97 61 
Taillefer et aL 1995 65 91 94 98 81 
Villanueva-Meyer et aL 1996 66 83 93 93 83 

TABLE 1.2. Data oa sensitivity, specificity, positive predictive value (PPV), and 
negative predictive value (NPV) firom several studies using scintimammography for 
both palpable and nonpalpable lesions. 

sensitivities of 80-96%, specificities of 75-95%, PPVs of 77-98%, and negative predic

tive values of 61-97%. Negative predictive value (NPV) is a measure of the ability 

of a screening test to distinguish a true-negative (biopsy-proven benignity) firom a 

false-negative (not suspicious in screening but a biopsy-proven cancer). The NPV 

is commonly measured as the number of benign masses divided by the number of 

biopsies performed, or NPV = TN/(TN+-FN) where TN = true negative and FN = 

false negative. 

Most of the studies tabulated in Table 1.2 differentiated between palpable and 

nonpalpable lesions. Whether or not a lesion is palpable can have a significant effect 

on whether or not it is detected and diagnosed correctly. Tables 1.3 and 1.4 tabulate 

the statistics for the cases of palpable and nonpalpable lesions, respectively. For 

palpable lesions, the studies reported sensitivities of 78-100%, specificities of 75-94%, 

PPVs of 81-97%, and NPVs of86-100%. For non-palpable lesions, the studies reported 

sensitivities of 25-89%, specificities of 75-100%, PPVs of 33-100%, and NPVs of 41-

97%. The very low sensitivity, PPV, or NPV in a few of the studies was attributed to 
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Study Num. Sens. Spec. PPV NPV 
(%) (%) (%) (%) 

Alonso et aL 1997 6 100 75 83 100 
Cheu et aL 1997 63 78 90 89 90 
Clifford ajid Lugo-Zamudio 1996 89 92 94 86 97 
Khalkhali et aL 1994 41 100 84 88 100 
Khalkhali et aL 1995 #1 85 97 87 80 98 
Khalkhali et aL 1995 #2 113 93 87 81 95 
Mekhmandarov et aL 1998 85 95 75 91 86 
Pahnedo et aL 1996 40 100 79 84 100 
Scopinaro et aL 1997 283 97 90 97 90 
Villanueva-Meyer et aL 1996 46 92 91 92 91 

TABLE 1.3. Data oa sensitivity, specificity, positive predictive value (PPV), and 
negative predictive value (NPV) from several studies using scintimammography for 
palpable lesions. 

Study Num. Sens. 
(%)  

Spec, 
(%) 

PPV 
(%)  

NPV 
(%)  

Alonso et aL 1997 12 75 75 60 60 
Clifford and Lugo-Zamudio 1996 59 71 97 92 89 
BChalkhali et aL 1994 21 50 89 33 94 
Khalkhali et aL 1995 #1 21 67 89 50 94 
Khalkhali et aL 1995 #2 40 89 93 80 97 
Maffioli et aL 1996 24 50 90 87 56 
Mekhmandarov et aL 1998 55 54 93 87 72 
Palmedo et aL 1996 14 25 90 50 75 
Scopinaro et aL 1997 166 63 92 96 41 
Tolmos et aL 1998 70 56 87 38 93 
Villanueva-Meyer et aL 1996 20 64 100 100 69 

TABLE 1.4. Data on sensitivity, specificity, positive predictive value (PPV), and 
negative predictive value (NPV) from several studies using scintimanunograpliy for 
nonpalpable l^ons. 
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scintimammography's diflSculty in detecting extremely small lesions, or lesions with 

diameters less than about 8-9 mm. 

Thus, in general, scintimammography has not only high sensitivity but high, speci

ficity, PPV, and NPV as well. An advantage which, scintimammography has over 

mammography is that it is not significantly affected by the density of the breast 

tissue (Khalkhali et ai 1993, Khalkhali et aL 1996, Waxman 1997). It depends pri

marily on the molecular difference between cancer cells and normal cells and not on 

the mere attenuation of tissues as does mammography. Thus, scintimammography is 

quite capable of outperforming mammography in some cases. For example, one study 

on imaging radiologically dense breasts with both techniques recorded a sensitivity 

of 93% and a specificity of 90% for scintimammography and a sensitivity of 82% and 

a specificity of 45% for mammography (Khalkhali ef aL 1995 #3). 

Since it can provide higher specificity and PPVs than mammography, sdntimam-

mography may increase the chance of a correct diagnosis and, hence, course of treat

ment. It should be emphasized that the ciunrent role of scintimammography is not as 

a screening procedure but rather as a means of obtaining information complementary 

to that of a mammogram for use in diagnosis, for evaluation of metastases, and for 

aid in the selection of appropriate treatment. It cannot decisively determine that a 

feature observed on a mammogram is or is not cancer. The usefulness of the infor

mation provided by scintimammography depends on the situation. For ecample, if 

a lesion is mammographically and clinically palpable, then the information provided 

by scintimammography is of little interest. But if a lesion is mammographically neg

ative and clinically palpable, then the information provided by scintimammography 

becomes more usefiil. In particular, its usefiilness increases in the case of an equivocal 

(indeterminate) mammogram (which, for example, could contain microcalcifications, 
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opacities, and/or nonpalpable masses). Then the infonnation provided by scinti-

mammography might improve diagnostic definitions prior to surgery or eliminate 

many unnecessary biopsies and axillary dissections. For example, if a mammogram 

is difficult to interpret and the case involves a woman with a history of prior biopsy, 

a partial mastectomy and radiation therapy, or silicone implants and injection, then, 

because of the high NPV of scintimammography, it has been suggested that a single 

negative scintimammogram would reduce future surgical intervention (Khalkhali et 

ai 1996 #2). Similarly, it has been suggested that a negative study in a patient with 

a large breast mass might preclude the need for biopsy (Maxurer et ai 1995). 

If a patient must undergo a biopsy, then scintimammography may help improve 

the odds of it being successful. Biopsy devices employing nuclear medicine that can 

aid in finding and removing a lesion that can be neither felt nor seen on a mam

mogram have begun to be developed and will aid diagnostic certainty. For example, 

some patients exhibit focal areas of increased Tc-99m Sestamibi uptake with no cor

responding abnormalities in the physical examination or on a mammogram. It is 

technically feasible to perform nuclear medicine guided stereotactic needle biopsy of 

the breast (Khalkhali ef ai 1997). The procedure requires that, prior to an excisional 

biopsy, the location of the focal uptake is determined in real time with a ®^Co-tipped 

needle. Not only does this information help the doctor to perform a successfiil biopsy, 

but it allows for the detection of breast cancer in the absence of clear-cut clinical and 

mammographical findings. 

Scintimammography, however, does have some limitations. The limitations in

clude drops in sensitivity for smaller (typically nonpalpable) lesions, drops in speci

ficity in cases of mammographic abnormalities, detection of lesions located deep within 

a breast, and low numbers of detected counts- The sensitivity of scintimammography 
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depends in part on lesion size. The mean size of a lesion is slightly over 1.0 cm in 

diameter. For lesions larger than 1.0 cm, the sensitivity can come close to 100%. 

A. lesion of this size, however, will usually have fairly characteristic mammographic 

features that can aid in determining whether it is benign or malignant anyway. For 

lesions less than 1.0 cm, the sensitivity can drop significantly. For example, some 

studies have indicated that sensitivity can easily drop to 55%-66% for nonpalpable 

lesions (Khalkhzdi et al. 1995 #1, Villanueva-Meyer et al, 1996, Waxman 1997). 

Two other studies both reported a sensitivity of 25% — one for tumors smaller than 

1.0 cm (Mekhmandarov et ai 1998) and one for nonpalpable lesions (Palmedo et ai 

1996). Finally, another study reported sensitivities of 26%, 56%, 95%, and 97% for 

category Tla (< 0.5 cm), Tib (0.5-1.0 cm), Tic (1.2 cm), and T2 (> 2.0 cm) tumors, 

respectively (Scopinaro et ai 1997). The drop in sensitivity with lesion size is readily 

apparent. Most false-negative exams occur with lesions smaller than 1.0 cm in size 

or nonpalpable lesions. Since the smaller the cancer is when discovered and treated, 

the more likely it is that it wiE be cured, this is a serious shortcoming and should be 

weE understood by anyone who uses scintimammography. 

The specificity of scintimammography can be affected by abnormalities within 

the breast. For example, fibroadenomas and inflammation can exhibit higher uptakes 

than surrounding normal tissue and thus produce false positives. This particular 

problem, has led to the recommendation that a good use of scintimammography would 

be to evaluate clinically suspicious breast masses without mammographic abnormality 

(especially in young women with dense breast tissue). 

The depth and location of a lesion can also provide diflSculty for scintimanunog-

raphy. If the lesion is located deep within the breast, and the scintimammography 

is negative, then the chance of a false negative is much higher and a biopsy becomes 
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mandatory. If the lesion is located close to the outer surface of the breast, then the 

probability of a false finding decreases. 

Finally, the small number of counts in scintimammographic images leads to some 

difficulty in diagnosis. Part of the reason for the count rate being low is that there is a 

limit to how much radiation dose a patient can receive. Since the radiopharmaceutical 

is injected into the blood stream, the patient's whole body is subjected to radiation, 

and the dose must be reasonable for the given procedvure. As a resxilt, the fraction of 

radiopharmaceutical which ends up in the breasts is very small - about 0.1%. This 

differs from mammography which works with local exposmre. In mammography more 

radiation can be used in the imaging process while providing the patient with a lower 

overall dose. 

Despite these limitations, scintimammography still has some advantages over other 

techmques in breast imaging and some potential applications in several areas. Look

ing at other techniques, scintimammography can lead to better diagnostic accuracy 

in some cases than contrast-enhanced MRI or ultrasound. Contrast-enhanced MEU 

has a sensitivity comparable to that of Tc-99m Sestamibi mammoscintigraphy, but 

its specificity is much lower. A study that compared the two methods found that the 

overall sensitivity and specificity for mammoscintigraphy were 88% and 83%, respec

tively, while the overall sensitivity and specificity for contrast-enhanced MRI were 

91% and 52%, respectively (Tiling et ai 1997). 

Ultrasound is commonly used to determine the presence of early breast cancers. 

It involves using harmless vibratory waves to sense the different densities of tissues. 

It is quite useful in determining tumor size as weE as the differences between solid 

masses and fluid q^sts, but unfortunately it is not very specific. 

Scintimammography has shown promise in indicating the success of chemother
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apy and in identifying multidrug resistance in. tmnors. With, respect to chemotherapy, 

studies have shown, that when a cancer responds to a particular type of chemother

apy, the scintimammogram done after the chemotherapy will show less tracer in the 

cancer than the scintimammogram done before chemotherapy. Sometimes, the repeat 

scintimammogram appears almost normal. This helps confirm that the chemotherapy 

treatment has been effective. With respect to multidrug resistance, one mechanism 

for multidrug resistance is an overexpression of P-glycoprotein. Sestamibi is known to 

be a transport substrate recognized, by P-glycoprotein. Thus, the efflux of Sestamibi 

from a cancer can be used as an indicator of multidrug resistance in patients with 

untreated breast cancer (del Vecchio et al. 1997). 

1.3.3 Single photon emission computed tomography (SPECT) 

SPECT reportedly can provide better image contrast, increased sensitivity and detec

tion, and information on the location, shape, and extent of the suspicious mass than 

planar scintimammography. Various studies, however, do not agree on all of these 

claims. One research group, for example, in comparing SPECT with planar scin

timammography, found no improvement in sensitivity (95% and. 95%, respectively) 

and a decrease in specificity (29% and 43%, respectively) (Ryu et ai 1996). Another 

group reported that SPECT and planar scintimammography had comparable sen

sitivities (80% and 86%, respectively) and specificities (79% and 83%, respectively) 

(Palmedo et ai 1995). Another group, which has experimented with several recon

struction algorithms, initially found no increase in sensitivity between planar and 

SPECT studies performed on the same patients (Tiling et aL 1996). Later, however, 

they reported, that iterative algorithm SPECT, combined with planar scintimammog

raphy, can improve overall sensitivity (Tiling et aL 1998) at the expense of specificity. 
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The sensitivity and specificity of scuitimanunography in the study were 80% and 83%, 

respectively, while the sensitivity and specificity of iterative algorithm SPECT were 

71% and 70%, respectively- When the techniques were used together, the sensitivity 

increased to 85% while the specificity decreased to 72%. Another form of SPECT, 

filtered back projection SPECT, performed slightly worse than the iterative algorithm 

SPECT-

One research group concluded that SPECT does not improve localization of le

sions seen on planar images, but it may assist in the interpretation of "difficult" planar 

images as well as in. the characterization of some lesions with multicentricity or mul-

tifocality of cancer in the same breast (Diggles et ai 1994). Another researcher 

noted that SPECT images often bring out the non-homogeneous characteristics of 

patients with fibroglandular breast resulting in an increased risk for a false-positive 

interpretation (Waxman 1997). 

The consensus opinion is that SPECT imaging is unable to improve the diagnostic 

accuracy of planar scintimammography for the detection of breast cancer. Although 

it can assist in the interpretation of difficult planar images and improve lesion char

acterization, SPECT is not recommended for routine clinical use. 

1.4 Dedicated breast imaging 

1.4.1 Rationale for eind advantages of dedicated breast imagers 

Current imaging devices are not designed to look exclusively at the breast. Instead 

most clinical imagers used in recent studies are large-field-of-view cameras which are 

not dedicated to the breast. The breast can be difficult to distinguish on a fuH-

body nuclear medical scan. Some organs in the thoracic cavity exhibit relatively 
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high, uptakes of Tc-99m Sestamibi, making it diflScult at times to distinguish and 

isolate possible lesions within the breasts. Imagers dedicated, to the breast are needed. 

Recently, interest in nuclear medicine detector development has focused on small, 

dedicated two-dimensional detectors for use in localization and diagnosis of breast 

cancer and head imaging. Because of their small size, such detectors can be placed 

closer than large-field-of-view cameras to organs to be imaged and can be used in 

specialized applications or areas with limited space where the use of a full-sized gamma 

camera is impractical or impossible. Such a system is referred to as a small-field-of-

view gamma camera. 

The detectability of carcinoma may be improved with a small field of view gamma 

camera. The detectability of a cancer with scintimammography is determined by 

(1) radiotracer uptake in the tumor relative to that of siurounding normal tissue, 

(2) tumor volume, (3) attenuation of gamma rays from the tumor by intervening 

tissue between tumor and detector, (4) intrinsic detector spatial resolution (which 

determines the severity of partial-volume averaging of the tumor in the image), and (5) 

separation between the txunor and the camera (which affects collimator resolution). 

Factors (3)-(5) are affected directly by detector design. Decreased detector size and 

added maneuverability will increase the number of available views, will reduce the 

amount of tissue and distance between lesion and collimator (breast compression may 

also be of value in this regard), and may permit acquisition geometries that minimize 

scattered radiation from nearby organs with high uptake, such as the myocardium 

and Kver. 

The anticipated major advantages of small-field-of-view scintimammography can 

be summarized. (1) It can provide crucial fimctional and metabolic information 

not supplied by x-ray mammography. (2) It can improve sensitivity, specificity, and 
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efficiency relative to large-field-of-view imagers and at a lower cost. In particular, the 

number of false negatives {i.e. missed tumors) could be reduced if the detector had 

a closer view of the breast. In such situations the dead space and large size, typical 

in large-field-of-view gamma cameras, could be significantly reduced and possibly 

eliminated. (3) The radiation doses delivered to patients can potentially be lowered. 

(4) Combined with x-ray mammography, it can form the basis of a multi-modality 

system for breast imaging. (5) In the case of dense glandular breasts, it could be 

used when the sensitivity of manunography is impaired. (6) It could be used for post-

surgery discrimination between tmnor recrurence and scar tissue, since scarred breasts 

are poorly imaged with mammography. (7) If its sensitivity improved, it could be 

used in noninvasively evaluating metastatic axillary lymph node involvement. (8) It 

could be used to evaluate clinically sxispicious breast masses without mammographic 

abnormality (especially in young women with dense breast tissue). (9) Easy access 

to all nodes and potential breast-l^on sites will improve image quality and can be 

expected to improve diagnostic accuracy. 

1.4.2 Current work on dedicated breast imagers 

Several university and commercial groups are currently developing high-resolution, 

small-field-of-view (dedicated) cameras (de Vincentis et ai 1997, Levin et al. 1997, 

Maurer et al. 1995, Pani et al. 1997) for use not only in. scintimammography but 

in, other modalities as well. For example, ia scintimammography the Detector Group 

of the Physics Divisioa at the Jefferson Lab is collaborating with the Radiology De

partment at the University of Virginia in Charlottesville, VA, to build and test an 

economical, portable, application-specific, gamma-ray imaging detector. In PET, a 

research group at Lawrence Berkeley National Laboratories (LBNL), headed by Greg 
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Gniber, is working to develop positron emission mammography (PEM) instrmnen-

tation tailored to breast and axillary node imaging. Such devices are much smaller 

than, conventional PET machines (hence much less expensive) and make PET a viable 

modality for breast cancer imaging. Compared to scintimammography, PEM should 

make superior images (including 3-D realization of the breasts and axillary nodes) at 

the cost of greater instrumentation and tracer expense. 

1.4.3 Design and emulation of a dedicated breast imager 

The preliminary design and emulation of a dedicated breast imager has been per

formed within the Radiology Research group here at the University of Arizona (Sain 

2000). As shown in. Figures 1.1 and 1.2, the design called for the placement of five 

modular gamma cameras (See Chapter 3) around a human breast. Four of the cam

eras would be smaller in size and image the breast through pinhole collimators (See 

Chapter 2) while one larger camera would image the breast using a parallel-hole colli

mator (See Chapter 2). Since the focus of this dissertation is not upon the dedicated 

b.'-east imager, we wiU forego any fiurther explanations about the system at this point. 

We will QOte, however, that since the design and emulation of the imaging system 

requires knowledge of the design, operation, and performance of the modular gamma 

cameras, a significant portion of the research presented in. this dissertation came about 

in the course of completing tasks associated with the initial design and emulation of 

the dedicated breast imager. 
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FIGURE l.l. Diagram of how the 5 modular gamma cameras (4 small, 1 large) are 
arranged about a breast. 

TORSO 

LIVER. 

SMALL 
CAMERA 

PARALLEL-HOLE 
COLLIMATOR 

CAMERA 
FIELD OF VIEW 

FIGURE 1.2. Diagram of the torso and breast phantoms and the position and field 
of view of one small modular gamma camera. 
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1.5 Scope of this dissertation 

The scope of this dissertation covers a wide variety of topics associated with the de

sign, operation, and performance of modular scintillation cameras. Chapter 2 provides 

a brief background on nuclear medical imaging with scintillation gamma cameras. The 

basic hardware components of a camera are introduced, and the fundamental physics 

involved in the detection of gamma rays are ecplained. Chapter 3 introduces a stand

alone gamma-camera imaging system that was developed for imaging human breasts 

in a clinical environment. The hardware and software components, the calibration 

procedure, and general operation are described. This imaging system was frequently 

used to collect data for the research tasks to be described here. Chapter 4 explains 

the concepts of position estimation and scatter rejection and shows how they have 

been applied to imaging with modular scintillation gamma cameras. Position esti

mation involves using electronic signal outputs from the camera to determine where 

a gamma ray interacted within the camera, and scatter rejection requires using the 

camera output signals to decide whether or not a gamma ray has undergone scat

tering prior to being detected by the camera. Chapter 5 presents an optical model 

of the ITA modular gamma camera. Taking into account the physical and optical 

properties of the camera components, the model performs radiometric calculations to 

estimate the mean response of the camera to a scintillation event anywhere within 

the scintillation crystal. The model has been used in simulations to test and improve 

camera design parameters. Chapter 6 demonstrates how straighforward signal detec

tion theory can be used to evaluate the performance of a modular gamma camera for 

the task of detecting signals in noisy backgrounds. Our motivation, guided by the 

preliminary design of a dedicated breast imaging system, was to estimate how wett a 
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modxilar gamma camera could detect lesions within human breasts. Finally, Chapter 

7 contains a summary of the dissertatioa and offers some suggestions for future work. 
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Chapter 2 

IMAGING IN NUCLEAR MEDICINE 

Nuclear medical imaging requires imaging systems that are capable of detecting var

ious forms of radiation - such as x-rays and gamma rays - that either pass through 

or originate from within an object of interest. The most conmion imaging systems 

- gamma cameras - contain what is called a scintillation detector, a detector that is 

capable of absorbing incident radiation particles and converting them to visible light. 

This chapter provides a general description of a scintillation gamma camera as 

weE as some of the essential physics involved in its operation. Section 2.1 describes 

the basic hardware and operation of a scintillation gamma camera. The procedure 

for collecting flood images, which are used to help calibrate a camera, is illustrated, 

and a variety of performance measxires are defined as well. Section 2.2 discusses the 

physics involved in the absorption of gamma rays within the scintillation crystal, the 

scintillation process, and the amplification of photoelectrons within photomultiplier 

tubes. 

2.1 ScintillatioiL camera 

A scintillation camera is an instrumait that uses gamma rays to create an image of 

the spatial distribution and uptake of a radiopharmaceutical in an object. The most 

common type of scintillation camera consists of a sin^e thallium-doped sodium iodide, 

or NaI(Tl), scintillation crystal optically coupled to an array of photomultipKer tubes 

(PMTs) - an eicample of which is shown in Figure 2.1. This type of camera is often 
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light guide sdntillatioa crystal 

(a) Top view (b) Side view of one row 

FIGURE 2.L. Basic structure of a gamma camera. An array of PMTs is optically 
coupled to a light guide that, in turn, is optically coupled to a scintillation crystal. 

called an "Anger camera" in recognition of Hal Anger, who invented it in the late 

1950's (Anger 1958). The scintillation crystal thickness has a typical range of 0.25-

1.00 inch, where the thickness depends^ in part, on the energy of the gamma rays to 

be detected. Thicker crystals are requnred to detect higher-energy gamma rays with 

the same detection efficiency. The lateral dimensions of the scintillation crystal and 

the number and size of PMTs used depends upon the imaging task. For example, the 

modular scintillation camera to be described in more detail beginning in Chapter 3 

uses a 10-cm x 10-cm scintillation crystal and only four PMTs. 

2.1.1 Operation 

The operation of a scintillation camera is straightforward. An incident gamma ray 

interacts with and transfers energy to the scintillation crystal. A small fraction of the 

transferred energy is converted into visible light photons with enargies of about 3 eV. 

These photons radiate throughout the crystal and light guide (if one is used), and 
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some axe incident upon the photocathodes of the PMTs. The photocathode converts 

a fraction of the incident photons to electrons, and the electrons are multiplied and 

converted into an electronic signal that is measured at the anode of the PMT. The 

output PMT signals are then used to estimate the location at which the gamma ray 

interacted with the scintillation crystal. 

Many techniques exist for estimating the interaction location of the gamma ray. 

In general, the PMTs located close to the location of the scintillation event detect 

more light than those that are far away. So the PMT signals vary in magnitude 

as a function of their distance from the scintillation event. A conamon estimation 

technique, known as "Anger arithmetic", is to calculate the position-weighted sum 

of the PMT signals in both the x and y directions and to normalize each sum with 

the simi of all the PMT signals to obtain the estimate of (ar, y) for the interaction 

location. The sum of all the PMT signals can be used to estimate the energy of the 

ganmia ray. Other techniques for estimating the scintillation event location apply 

more complex algorithms to the PMT signals. 

An image is generated by forming a spatial histogram of the locations of the 

gamma ray interactions, or scintillation events, within the scintillation crystal. When 

a scintillation camera image is digitized, its area is divided, into small rectangular 

elements called pixels. A rectangular matrix of pixels, which, in our applications, may 

be 64 X 64 or 256 x 256 pixels, is set up ia the computer memory to acctmiulate photon 

events as they occiur. When the camera signals are processed and the location is 

determined, then the corresponding pbcel coordinate is incremented by one. Initially, 

all pixel elements are set to zero. The process continues untE the prescribed number 

of counts has been collected. This method of acquisition is often called frame mode 

acquisition. Alternatively, the digitized events may be stored in a list as they arrive. 
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This method of acquisitioa is often called list mode acquisition. After acquisition is 

complete, reconstruction of the list mode data into image frames takes place. List 

mode acquisition provides tremendous flexibility in choosing an image frame size. If 

the initial size turns out to be unacceptable, then the image can be reconstructed 

again but with a different frame size. If tune information is collected as well, then a 

djniamic set of images can be created. The disadvantage of list mode acquisition is 

the excessive use of computer memory since a Ust item must be reserved for each and 

every photon that is recorded. 

Finally, since each burst of scintillation h'ght usually corresponds to a single gamma 

ray interaction, the imaging process continues until the requested number of gamma 

rays have been detected. The total imaging time will depend, in part, on the total 

amount of radioactivity administered to the patient and the sensitivity of the imaging 

system. 

2.1.2 Collimators 

While the PMT array in a scintillation camera can record the spatial distribution 

of gamma rays striking the scintillation crystal, it cannot specify the direction from 

which the gamma rays came. Knowledge of the spatial origin of the gamma rays is 

essential for forming an image of the spatial distribution of a radiopharmaceutical 

in the object under study, so the imaging system must provide a means of selecting 

gamma rays based on the direction that they are travelling. The solution is to place a 

collimator, a device consisting of a lead (or a similar high atomic number substance) 

block with holes drilled through it, between the object being imaged and the scintil

lation crystal. The collimator permits only those gamma rays travelling in particular 

directions to pass through the holes and strike the scintillation crystal. Gamma rays 
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(a) converging (b) pinhole 

(c) diverging (d) parallel-hole 

FIGURE 2.2. Dlustrations of different types of collimators. Each, illustration depicts 
a radioactive object, a collimator, and a scintillation crystal. The arrows indicate the 
paths of gamma rays emitted from the radioactive obj'ect. 

travelling obliquely to the direction of the holes are absorbed by the lead. 

Tijpes 

Five types of collimators used for gamma ray imaging, four of which are shown in 

Figure 2.2, are the parallel-hole, converging, diverging, pinhole, and multiple-pinhole 

collimators. The paraUel-hole collimator is the simplest and most frequently-used 

collimator. The holes are parallel to each other and perpendicular to the plane of the 

camera crystal. The converging collimator has holes that converge to a focal point 

behind the obj'ect under study. The convergence leads to image magnification, making 

the collimator a good choice for imaging small objects that fit within the reduced 
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camera field-of-view (FOV). Since the angle of convergence changes across the camera 

FOV, the degree of magnification changes as well. At the center of the collimator, the 

holes are parallel and so no magnification occurs. The diverging collimator has holes 

that diverge to a focal point behind the scintillation crystal. The divergence creates 

image minification, allowing for the imaging of objects whose width is greater than the 

diameter of the scintillation crystal. Similar to the converging collimator, the angle 

of divergence varies across the camera FOV, so the amount of minification varies as 

well with the depth and lateral position of the radioactive source within the camera 

FOV. The pinhole collimator fimctions in the same fashion as a pinhole camera. The 

image of the object under study is inverted, and the magnification is determined by 

the location of the pinhole between the source and the detector. If we let the source-

pinhole and pinhole-detector distances be denoted by and sa, respectively, then the 

image magnification will be the ratio —s^/si. Finally, a multiple-pinhole collimator 

extends the concept of a single pinhole to an array of pinholes. Each pinhole projects 

part of the object under study onto some portion of the detector. These multiple 

projections may or may not overlap. If they do overlap, then the projections are 

considered to be multipleced. A multiplexing imaging system is also known as a 

"coded aperture" imaging system (Barrett & Swindell 1981) in which the "code" is 

the distribution of the pinholes. Di this case a reconstruction algorithm is required 

to demultiplex, or decode, the projection data in order to obtain a usable image. 

SensiUvity 

A collimator is designed to provide restrictions on which gamma rays are detected 

by the imaging system. The sensitivity of a collimator refers to the number of gamma 

rays that, having arrived at the collimator, successfully pass through, it without being 
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absorbed. In. practice, we find that collimators typically block well over 99.9% of the 

incoming gamma rays. The exact fraction depends upon the collimator design and 

the gamma ray energy. Suppose that, for each type of collimator, a radioactive source 

is placed within the corresponding FOV of the scintillation camera. In general, we 

find that the converging collimator has the greatest sensitivity while the pinhole col

limator has the worst. The converging collimator has the greatest sensitivity because 

not only does it have multiple holes but all of them are pointed towards the center 

of the camera FOV. The diverging collimator Kdiibits much less sensitivity because, 

while it also has many holes, most of them are pointed away from the source in the 

FOV. The sensitivity of the parallel-hole collimator falls between that of the converg

ing and diverging collimators. Some specific examples of sensitivity for parallel-hole 

collimators when ®®^Tc is used are 360 events per minute per microcurie (cpm/;i Ci) 

for a low energy, all purpose collimator, 230 cprnftzCi for a low energy, high resolu

tion collimator, and 100 cpm//iCi for a low energy, ultra-high resolution collimator 

(Wagner et aL 1999). 

Spatial resolution 

The spatial rraolution of a collimator is a function of the shape, diameter, and 

length of its holes, the thickness of the septa (the walls between the holes), and the 

distance of the object from the collimator - parameters that are shown in Figure 2.3. 

For the case of a parallel-hole collimator, we note without derivation that the spatial 

resolution, in terms of fiill-width-half-maximiun (FWHM), can be defined as 

FWHMa,u = (2.1) 
Lb 

where Db is the hole diameter, Li, £s the hole length, z is the source-to-collimator 

distance, and c is the scintillation crystal half-thickness (Wagner et aL 1999). The 
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scintillation crystal 

collimator 

source position 

FIGURE 2.3. Diagram, illustrating the parameters that determine the geometric rela
tionship between spatial resolution and sensitivity for a parallel-hole collimator. 

spatial resolution improves if the holes become narrower or longer, the object being 

imaged is positioned closer to the collimator, or the scintillation crystal is thinner. 

Sensitivitif vs, spatial resolution 

A trade-off exists between the sensitivity and spatial resolutioa of a collimator. In 

general, as the holes in the collimator become longer and/or narrower, the sensitiv

ity decreases and the spatial resolution increases. The sensitivity decreases because 

fewer gamma rays will be travelling in the correct direction to pass all the way through 

the collimator holes. The spatial resolution increases because, since the gamma rays 

making it through the collimator are travelling more in line with the direction of the 

holes, the spatial distribution of scintillation events due to the gamma rays coming 

through one collimator hole is smaller. Thus, the FWffMcoit of the spatial distribu

tion decreases. Referring to Figure 2.3 again, the geometric relationship between the 
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collimator sensitivityj denoted as Scoii, and the collimator spatial resolution is 

v/3 iFWHMcoii' 
0 r Db 

I67rln2 { L f ,  4- 2 + c) D f )  +1  

where t is the septal thickness (Wagner et aL 1999). So, for example, if the collimator 

resolution is improved, by a factor of two, then the sensitivity decreases by a factor of 

four. The choice, if necessary, of whether to give more weight to either the sensitivity 

or the spatial resolution will depend upon the application. 

Sensitivity vs. source position 

The sensitivity of most collimators is significantly affected, by the location of the 

source. For a pinhole collimator, the sensitivity is proportional to the inverse square 

of the source-to-collimator distance. For a converging collimator, the sensitivity in

creases with, distance until the source begins to extend beyond the FOV of the colli

mator. For a point source, the maximiun sensitivity is obtained when the source is 

placed at the focal point of the collimator. For a diverging collimator, the maximiun 

sensitivity is always obtained when the source is as close as possible to the collimator. 

For a parallel-hole collimator, the relationship between sensitivity and source po

sition is rather intriguing. The sensitivity changes little with, source distance and is 

actually constant for sources placed within a certain range of distances. The explana

tion is as follows. For a single hole, the sensitivity decreases with, the inverse square 

of the source distance. But, as the source distance increases, more holes become 

available for the radiation to penetrate. The increase in the number of holes being 

penetrated at a greater distance ecactly compensates for the loss in sensitivity due 

the inverse-square law, so the sensitivity remains constant. The exceptions are very 

small source distances, for which the sensitivity is affected, by the lateral position of 

the source due to the presence of the septa, and very large source distances, for which. 
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the sensitivity begins to fall off as part of the imaging FOV becomes eclipsed by the 

edge of the collimator. 

2.1.3 Flood Images 

Flood images are a means of ascertaining the miiformity of the detector response as 

a fimction of position. Ideally the scintillation camera will be uniformly sensitive 

to gamma rays across its entire FOV. Two tjfpes of flood images exist - intrinsic 

and extrinsic. An intrinsic flood image permits the assessment of the uniformity 

characteristics of the scintillation crystal and the PMT array. As shown in Figure 

2.4(a), the collimator is removed, a point source of radioactivity is placed far firom 

the scintillation camera, and the scintillation crystal is flooded with, a uniform source 

of gamma rays. An extrinsic flood image allows for evaluation of the uniformity of 

the collimator, scintillation crystal, and PMT array. As shown in Figure 2.4(b), a 

flat slab source of uniform activity is placed on top of the collimator, and the camera 

is flooded with, ganama rays. An extrinsic flood image can be used in lieu of an 

intrinsic flood to evaluate the detector uniformity, but it is not recommended because 

the collimator may contain phsrsical defects that would affect the flood image. In 

both types of flood images, the count density variation across the FOV of modem 

scintillation camera systems should be less than about 3%. This variation includes 

the noise due to counting statistics in the flood image. 

Nonuniformities 

Nonuniformities in a flood image can result from a variety of factors - such, as col

limator defects, detector problems, and technical errors. Defects in the collimator can 

easily occur since lead is a soft metal and, hence, is easily damaged. Detector prob-
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FIGURE 2,4. Diagram illustrating how intrinsic and extrinsic floods are collected. 

lems can include fractures in the crystal, diflferences in PMT gain, errant positioning 

of the photopeak window, or pulse pileup due to high count rates. Nonuniform gains 

in the PMTs is a significant problem, because, for large diflferences in gains, one or 

more of the PMTs will become visible in the image. Rracturing of the scintillation 

crystal is also significant because the scintillation light will reflect at the fracture 

interface, producing sharp discontinuities in the flood image. 

2.1.4 Perfonnance 

The performance of a scintillation camera can be described in a variety of ways - such 

as in terms of spatial resolution, sensitivity, count rate, energy resolution, uniformity, 

and spatial distortion. Depending on the imaging task, some of these may be more 
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critical than the others. We discuss each of them next. 

Spatial resolution 

The spatial resolution of the scintillation camera is primarily determined by (a) 

the dimensions of the scintillation crystal and PMT array and (b) the collimator. 

We consider the "intrinsic resolution" of the imaging system to be the resolution 

achieved by the scintillation crystal and the PMT array and the "extrinsic resolution" 

of the imaging system to be the resolution achieved by the whole system - including 

the collimator. Scintillation camera manufacturers specify the intrinsic resolution 

in terms of the FWHTi/I of a line-spread function (LSF) measiured across images of 

thin slits (< 1 mm in diameter) milled into a sheet of lead. Since collimators have 

physical limitations placed on them in order to stop high-energy gamma rays, their 

resolution may be much worse than the intrinsic resolution. The extrinsic resolution 

of the system, in terms of FWHM, is the quadrature sum of the intrinsic resolution, 

denoted as FWHMintr, and the geometric resolution of the collimator, defined in 

Equation 2.1, or 

FWHM^ = . 

Recall from Equation 2.1 that the best spatial resolution is achieved by having nar

row, long holes, a short coUimator-to-source distance, and a thin scintillation crystal. 

Thinner scintillation crystals improve the resolution because the scintillation light 

does not disperse as much as in thicker crystals, so the estimate of the scintillation 

event location is more precise. The more PMTs that can be used, the better the 

spatial resolution. A larger number of PMTs allows more sample signal values to use 

in estimating the spatial origin of the scintillation light. 

The best extrinsic spatial resolution that we can achieve is on the order of 5 mm 
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(Chen 1995). This does not imply that the smallest object we can detect is about 

3-4 mm in size. Indeed, no matter how small a radioactive object is, if it emits a 

higher amount of radioactivity than its surroundings, then it will always be detected. 

We note, however, that the observed size of a radioactive object, regardless of its 

radioactivity, will not be smaller than the resolving power of the imaging system. 

Sensitivity 

The sensitivity of a scintillation camera corresponds to the number of counts 

(gamma rays) detected per minute per fi Ci (cpm/^ Ci) of radioactivity present within 

its FOV. The sensitivity can be affected by factors such as the scintillation crystal 

dimensions, the collimator type, the field of view, etc. 

Count mte 

The count rate of a scintillation camera is the nxunber of gamma rays detected per 

unit time. Most conventional scintillation cameras today have count rate capabilities 

in the range of 100,000-200,000 counts per second (cps). Higher coimt rates are 

advantageous because the imaging time required to collect a specified niunber of 

counts can be reduced or, on the other hand, a larger number of events can be 

collected within a specified time frame. As the count rate increases, it eventually 

reaches a level at which "pulse pileup" occms. Pulse pileup occurs when a gamma 

ray interacts with the scintillation crystal before the light from the scintillation event 

of a previous ganoma ray has decayed to a negligible level. The resulting PMT signal 

output is abnormal, so the event is either rejected outright or, if it is accepted, the 

position estimate of the gamma ray interaction location might be faulty zind the 

spatial resolution degraded. Thus, the camera should be operated at a coimt rate 

that avoids the chance of pulse pEeup. 
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Energy resolution 

The energy resolution of a scintillation imaging system is found by measuring the 

FWHIvI of the photopeak of the pulse height spectrum. The energy resolution is then 

calculated as 

. FWHM(keV) 
% energy resolution = -r ; .. x 100%. 

photopeak energy (keV) 

Energy resolution is a fimction of the number of scintillation light photons emitted 

per interaction. For lower-energy gamma rays, fewer Ught photons are emitted with 

a corresponding higher variation in the number of photons being emitted. For the 

L40-keV gamma rays of ®®^Tc, the energy-resolution percentage is about 9%. 

Uniformity 

The uniformity of the response of a scintillation detector is affected both by count

ing statistics and by physical defects within the detector components. It can be mea

sured by illuminating the detector face with a high-count, uniform flood of gamma 

rays. The high nxmiber of counts reduces the noise fluctuations due to the counting 

statistics, and the uniform flood allows regions of the detector that are detecting ei

ther greater or fewer number of counts than average to become visible. The intensity 

variations due to the detector can be corrected by collecting a high-count uniform 

flood image and using it to normalize future images. 

Spatial distortion 

Spatial distortions typically manifest themselves by making straight lines appear 

distorted or bowed inward or outward. These effects can be due to the collimator 

£uid/or the imaging geometry used. Most clinical imaging is performed with a parallel-

hole collimator because it induce no geometrical distortion. 
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2.2 Detector physics 

When a gamma ray is incident upon a scintillation camera, it interacts with the 

scintillation crystal and emits a small burst of light that is subsequently detected by 

the PMTs. This interaction is called a scintillation event. In this section we review 

the physics of how the gamma ray interacts with the scintillator material, how the 

optical photons are generated in a scintillation event, and how a PMT converts and 

amplifies the optical photons into a useful electrical signal. 

2.2.1 Xnteraction of radiation and matter 

Gamma rays transfer their energy to matter via interactions with atoms, nuclei, and 

electrons. For gamma rays with, energies in the range of 10 keV to 500 keV, the 

interaction is usually due to the photoelectric effect or Compton scattering. Each 

of these mteractions contributes to the attenuation of the gamma rays as they pass 

through an absorbing medium. 

Linear attenuation coefficient 

When a coUimated beam, of gamma rays is incident upon a homogenous meditun, 

its intensity decreases exponentially with increasing depth of penetration into the 

medium. This reduction in intensity is referred to as attenuation of the beam. The 

intensity of the beam follows an exponential law, 

r{x) = foe-'-, 

where Iq is the incident gamma ray intensity, x is the distance the beam, travels in the 

medium, I{x) is the beam intensity after traveling a distance x, and ^ is the linear 

absorption coefficient. The coefficient ^ is a flmction of the energy of the gamma ray 
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as well as the properties of the medium. The definitioa of that leads directly to 

this exponential law 

AI 1 
I Ax' 

in which a fractional change in intensity. A///, occurs every unit of distance. Ax. 

The linear attenuation coefficient fi can be expressed as 

where is the atomic attenuation coefficient (cm^/atom), Nq is Avogadro's number 

(6.02 X 10^^/mol), p is the density (g/cm^), and A is the atomic mass number. The 

atomic attenuation coefficient is the simi of the atomic cross sections from three 

independent interactions, or 

fia='''a.-i'(^a+Kar 

where r^, cTa, and Ka are the atomic cross sections of the photoelectric effect, Compton 

scattering, and pair production, respectively. The mass independent attenuation 

coefficient (//„,), which is simply the linear attenuation coefficient normalized for the 

density of the material involved and is expressed as = it[p (cm^/g), is often a 

more convenient term. The linear attenuation coefficient for 140-keV gamma rays in 

Nal(TI) is about 2.4 cm"'̂ . 

Photoelectric effect 

The photoelectric effect is an inelastic collision during which an incident gamma 

ray interacts with an atom, transferring energy to an orbital electron and ejecting it 

from the atom as shown in Figure 2.5. The ejected electron, called a photoelectron, 

leaves the atom with a kinetic energy. Eg, equal to 

Ee^ = Ej — Eb 
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FIGURE 2.5. Diagram of photoelectric effect. 
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FIGURE 2.6. Diagram of Comptoa scattering. 
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where Ej is the energy of the gamma ray and Eb is the binding energy of the orbital 

electron. The interactioa typically involves a K-sheU. electroa in. an atom of the highest 

atomic nimiber present in. the material because the most tightly bound electrons have 

the highest probability of photoelectric absorption. When the vacancy created by the 

departure of the ejected electron is filled again, part of the binding energy usually 

appears in the form of characteristic X-rays or Auger electrons. The probability of 

the photoelectric effect happening increases when Ey is close to If JS-y cs then 

resonance occurs, and the cross-section of the photoelectric effect rapidly increases. 

Indeed, the photoelectric effect increases suddenly when the energy of the gamma ray 

just exceeds the binding energies of the medium. For the case of 140-keV gamma rays 

interacting with. Nal(Tl), the binding energy of iodine is 33 keV, so E^ = 107 keV, 

and the cross section is about 2.0 cm"*^. 

Compton scattering 

Compton scattering is an inelastic collision between a gamma ray and a firee or 

loosely-bound electron. Part of the energy of the gamma ray is transferred to the 

electron in the form of kinetic energy and momentum. When a gamma ray of energy 

Ey collides with an electron, the gamma ray scatters with energy Eî  at an angle 9 

with respect to its original trajectory while the electron scatters with energy E^ at 

an angle <f> with respect to the same trajectory as shown, in Figure 2.6. Applying the 

principles of conservation of energy and momentum to the collision, the energies of 

the scattered gamma ray and electron are given, respectively, by 

Ut _ 
L-i-a(l —cosfl) 

^ _ £ya(l —COS0) 
® l-f-a(I — cos5) 
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where 

me is the mass of the electron, and = 5LL keV. The angle at which the electron 

is scattered is 

Note that the maximum energy is transferred to the electron when 6 = 180°. The 

scattered electron is considered "backscattered" and has an energy of 

In contrast to the photoelectric effect, the binding energy (if applicable) of the 

electron is neglected. For loosely-bound electrons the binding energy is typically 

negligible with respect to the energy of the incident gamma ray. The Compton 

scattering cross section is significant from several keV to several MeV for all absorbers 

and is more noticeable than photoelectric absorption for absorbers with small atomic 

number, such as organic materials. The cross section for 140-keV gamma rays in 

NaI(Tl) is about 0.4 cm"*^. 

Scattered gamma rays 

Nuclear medical images often suffer degradation, such as reduced contrast and 

spatial resolution, due to patient motion and the attenuation and scatter of gamma 

rays within the patient's body. The most significant degradation is probably caused by 

Compton scattering since, for the energies of gamma rays emitted by commonly-used 

radioisotopes - typically about 50 keV to 200 keV, it represents the most common 

type of interaction of gamma rays within soft tissues. The gamma rays leaving a 

L-f-2a 
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patient consist of both, primary (unscattered) and scattered gamma rays, and both 

types are readily detected by the imaging system. The amount of scatter present 

in. the measured data can. be described by a parameter called the "scatter fraction" 

(Floyd et ai 1984), defined as the ratio of scattered gamma rays to primary gamma 

rays. Depending on the size of the scatter mediimi, the size of the energy window, 

and the energy resolution of the detector, the scatter fraction can be 0.5 or higher 

(Rosenthal et ai 1990). Thus, the eflScient rejection of and correction for scatter 

is required to maintain/improve the quality of raw imag^. Several scatter rejection 

and correction techniques have been developed. We will discuss three scatter rejection 

techniques - likelihood windowing, energy windowing, and Bayesian windowing - in 

Chapter 4. For a flurther review of scatter rejection and correction methods, refer to 

Jaszcak et aL 1985. 

2.2.2 Scintillatioa process 

The scintillation process is what occurs when a gamma ray interacts with the scin

tillation crystal and is converted into visible photons. The process of absorbing an 

incident gamma ray and converting it into visible light occurs in several stages. A 

good explanation of how this occurs, especially within the context of the Nar(Tl) sdn.-

tillator crystals used in this research, is provided by Milster (Milster 1987). We will 

outline the key steps here. In. both the photoelectric effect and Compton scattering, 

the collision of a gamma ray with aa electron leads to the electron travelling some 

distance before interacting with, other particles. The electron undergoes multiple col

lisions with atoms ui the crystal lattice, and each, collision r^ults in the transfer of 

some of the electron energy to the atom, generating a large number of electron-hole 

pairs — Le. electrons in the conduction band and holes in the valence band - due to 
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electrons being excited from, the valence band to the conduction band. The electrons 

and holes can then recombine to form excitons, which are bound electron-hole pairs 

in the exciton band corresponding to an energy band below the conduction band. As 

the excitons drift through, the crystal lattice, they can be captiured by luminescence 

centers - in this case, the Tl"^ ions. If the excited state has an allowed transition 

to the ground state, then it can do so through radiative recombination and, in the 

process, emit an optical (visible) photon. The emitted photon wiE not be reabsorbed 

by the crystal since the energy transfer for the light emission at a luminescence center 

is less than the energy required for the creation of the electron-hole pair (Knoll 1989). 

Thus, doping the sodium iodide crystal with, thallium provides the very useful result 

that the scintillator crystal is transparent to its own scintillation light. 

The mean number of photons emitted in a scintillation event is proportional to 

the energy of the incident gamma ray. Not all of the gamma ray energy, however, is 

converted into useful light. The scintillation efficiency of the scintillation crystal can 

be defined as the ratio of the energy emitted in the form of useM visible photons 

to the energy of the incident gamma ray. For Nal(Tl), the scintillation efficiency is 

about 13%, meaning that it emits 4r5 approximately 3 eV photons per 100 eV of 

absorbed energy and about 5200 photons per 140 keV gamma ray. Within its class 

of scintillating materials, NaI(Tl) has the highest scintillation efficiency - hence its 

ectensive use in scintillation cameras. 

Both, the photoelectric effect and Compton scattering generate optical photons in 

a region about the interaction location of the incident gamma ray. The photoelectric 

effect dissipates aE of its energy within about 0.17 mm of the original interaction 

location (Sorensen and Phelps, 1987), so the corresponding scintiEation photons can 

be considered to have originated from the interaction location. Compton scattering. 
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FIGURE 2.7. Schematic representatioa of a PMT and its operation. 

however, can lead to the scattered electron travelling a relatively longer distance 

away &om the original interaction location, so the optical photons that are generated 

do not necessarily come from the original interaction location, leading to uncertainly 

about the exact location of the gamma ray interaction. Thus, photoelectric events are 

preferable because they generate optical photons very close to the interaction location 

of the gamma ray where as Compton scatter events are not preferable because they can 

potentially generate optical photons far from the interaction location of the gamma 

ray. 

2.2.3 PMTs 

A PMT is essentially an electron multiplier as shown in Figure 2.7. The basic radia

tion sensing component of a PMT is the photocathode that is deposited on the inside 

surface of the glass entrance window. A short distance from the photocathode lies a 

series of dynodes that is foEowed by the anode, or output terminal, of the PMT. A 

photon incident upon the PMT first passes through the window material and strikes 
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the photocathode. Aa electroa is ejected firom the photocathode with a certain prob-

abihty, called the quantum efficiency, for each photon. The quantum efficiency is 

defined as the ratio of the number of electrons emitted fi:om the photocathode to the 

number of incident photons. For the PMT that we use in this research, the quan

tum efficiency is on the order of about 27%. Electric fields accelerate the electron 

to the first dynode, where its impact leads to the emission of a bunch of secondary 

electrons. The secondary electrons are accelerated to the next dynode, and the pro

cess continues down the dynode chain to the output, resiilting in a current signal 

exhibiting an electrical gain on the order of 10® with respect to the photoelectron 

current. The current signal is integrated over the decay time of the scintillation flash, 

changed into a voltage signal, and converted to a digital signal by a fast analog-to-

digital (A/D) converter. For a large number of applications, the PMT is the most 

practical or sensitive detector available. The basic reason for the superiority of the 

PMT is the secondary-emission amplification that makes it possible for the PMT to 

approach "ideal" device performance limited only by the statistics of photoemission. 

Amplifications ranging firom 10^ to as much as 10® provide output signal levels that 

are compatible with auxiliary electronic equipment without any need, for additional 

signal amplification. 

2.3 Summary 

This chapter introduced some essential concepts for imaging in nuclear medicine -

specifically, the operation and performance of the hardware components in a scintE-

lation camera as well as the physics involved in the detection of a gamma ray by a 

scintillation camera. 

With respect to the scintillation camera, we initially outlined, the basic operation 



69 

of the camera whea it detects a gamma ray. Then we discussed five common types of 

collimators that can be used with a scintillation camera and the associated sensitiv

ity and spatial resolution. In particular, for a parallel-hole collimator, which was the 

collimator used for the research reported in this dissertation, we saw that the sensi

tivity was directly proportional to the square of the spatial resolution (FWHM) and 

was constant with respect to the source-to-collimator distance. Next we talked about 

flood images and how they are used to map out non-uniformities in the mean camera 

response as a function of position. A flood image can be used to remove the effect of 

these non-uniformities from subsequent images. Finally, we defined several measures 

of performance for a scintillation camera - including spatial resolution, sensitivity, 

count rate, energy resolution, uniformity, and spatial distortion. We noted that UA 

modular gamma cameras (parallel-hole collimator included) have a spatial resolution 

of about 3 to 4 mm and an energy resolution of about 9%. In addition, the standard 

maximum count rate capability is in the vicinity of 100,000 counts per second. 

With respect to the physics involved in the detection of a gamma ray, we dis

cussed some common interactions between, radiation and matter, the scintillation 

process, and the operation of PMTs. Photoelectric absorption and Compton scatter

ing independently contribute to the linear attenuation coefficient. For lower gamma 

ray energies (e.g. 140 keV), the photoelectric effect dominates the linear attenuation 

coefficient, while for higher energies (e.g. 511 keV), Compton scattering dominates. 

For 140-keV gamma rays in NaI(Tl), the linear attenuation coefficient is 2.4 cm"'̂ . 

Next we described the scintillation process - the means by which a gamma ray is 

absorbed and its energy is used to generate a burst of visible light. The scintillation 

efficiency of NaI(Tl) was noted to be about 13%, and the scintillation crystal, due to 

the presence of the thallium ions, is transparent to its own scintillation light. Finally, 



70 

the amplification process of photoelectrons within a PMT was detailed. The PMTs 

used in our research have a quantimi efficiency of about 27% and a gain of 10® to 10®. 
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Chapter 3 

STAND-ALONE MODULAR CAMERA (SAJVICAM) 

The stand-alone modular gamma camera imaging system, nicknamed "SAMCA '̂P', 

used in this research, was developed and is currently used by the research, group here 

in the Center for Gamma Ray Imaging at the University of Arizona. The key com

ponent of SAMCAM, the modular gamma camera, was designed and constructed in 

the late 1980's (Milster et aL 1990). Each modular gamma camera is an independent 

imager, havmg its owa dedicated high-voltage power supply and data acquisition and 

processing electronics. A long term goal at the time of development was to design and 

build task-specific modular-camera imaging systems, capable of fast dynamic imag

ing, that consisted of many stationary modular gamma cameras arranged in SPECT 

imaging geometries. Several prototype multiple-pinhole, modular-camera SPECT im

agers were developed - including some multiple-slice cardiac imagers containing four, 

eight, and sixteen modular cameras (Roney 1989, Rogers 1990) and FASTSPECT, a 

24-camera system used extensively for brain, bone, and smaE-animal imaging (Rowe 

1991, Patton et aL 1994, Rogulski et aL 1995, Klein et aL 1995, Kastis et aL 

1998). The SA^/ICAM imaging system, however, is a single-camera system designed 

to perform dedicated planar imaging of humaa breasts in a clinical eavironment. 

This chapter provides an overview of SAMCAM. Section 3.1 describes the compo

nents of the modular gamma camera and of the SA^ICAM imaging system. Section 

3.2 explains how the modular gamma camera is calibrated - specifically, how the 

calibration, data is coEected and, in great detail, how the data is processed. Finally, 
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Section 3.3 provides a general outline of how SAMCAM operates in a standard imag

ing mode. 

3.1 Description 

SAMCAM is a nuclear medical imaging system designed to exploit the capabilities of 

a single modular gamma camera in a clinical enviroment. Initially we will describe 

the components and construction of the modular gamma camera. Then we will briefly 

discuss the overall imaging system. 

3.1.1 Camera components 

The modular gamma camera consists of a small number of components - namely, 

a scintillation crystal, a light guide, and four photomultiplier tubes (PMTs) - opti-

caEy coupled together inside in an aluminum housing. A simplified cross-section of 

the camera and its components is shown in Figure 3.1. The scintillation crystal is 

thallium-doped sodium iodide, or NaI(Tl), and has dimensions of 100 mm x 100 mm 

X 5 mm. The fiised quartz light guide, 100 mm x 100 mm x 19 mm in size, is op

tically coupled to the top surface of the scintillation crystal. The scintillation crystal 

and light guide are moimted together as a unit in an aluminum housing. A black 

rubber band is placed around the edge of the scintillation crystal to absorb light, and 

a gel sealant is used to fill the air gaps between the crystal-light guide unit and the 

aluminum housing. The gel sealant acts to not only hold the crystal and Ught guide 

in place but to seal off the hygroscopic Nal(Tl) crystal firom the outside environment. 

An air gap, on the order of tens of thousandths of an inch, is maintained between 

the bottom surface of the scintillation crystal and the aluminmn housing. A piece of 
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FIGURE 3.1. Cross-section of UA modular gamma camera. 

highly-reflective material is placed in. this gap to help reflect scintillation light upward 

toward the PMTs. Four square Hamamatsu R1534-07 photomultiplier tubes (PMTs), 

about two inches wide, are arranged in. a 2 x 2 array and optically coupled to the 

top sxirface of the light guide as showa in. Figure 3.2. Finally, the entire assembly 

is enclosed ia a light-tight, black-anodized, aluminum housing. The incoming high-

voltage power supply and the outgoing PMT signals are coupled through the housing 

via BNC connectors on the top plate. 
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FIGURE 3.2. Assembled modular gamma camera without exterior housing. The 
scintillation crystal and light guide are mounted in the shallow aluminum housing 
located beneath the PMT array. 

3.1.2 Imaging system components 

The hardware components of the imaging system consist of a modular gamma camera 

(described above), collimator, data acquisition electronics, host computer, and sup

porting gantry. The collimator, a lead parallel-hole collimator with a 1.5-mm bore 

width and 23.6-mm bore length, is positioned directly m front of the camera face. 

Both the camera and collimator are encased in a lead-lined housing that is attached 

to an articulated arm of the gantry. A high-voltage power supply delivers power to 

the camera PMTs via cables routed through the top plate of the camera housing. The 

analog PMT signals are likewise routed via cables out the back of the camera housing 

to a circuit card containing signal-processing and analog-to-digital (A/D) electronics. 

The circuit card hands off the digitized signals to the host computer, which contains 

the software required to control the camera, to collect and process the PMT signal 

data, and to generate and post-process images. 

The software components of the imaging system include the programs required 
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to calibrate the camera, to collect and process PMT signal data, to generate images 

from the PMT signal data, and to perform post-processing of the generated images. 

Some of the specific tasks of the software are scatter rejection, position estimation, 

smoothing, and masking. 

3.2 Calibration 

The performance of an imaging system depends, in part, upon a proper calibration of 

its detector element(s). For a nuclear medical imaging system, a careful calibration 

of the detector elements enables the system to accxirately estimate the energy and 

interaction location of incident gamma rays. Knowledge of the energy and interaction 

location permits the imaging system to accept gamma rays with specified energi^ 

and to reconstruct accvurate images of the object under study. For the UA modular 

gamma camera, the calibration procedure involves, first, recording the response of 

the camera to gamma rays incident at specified locations on the camera face and 

collecting a uniform reference flood image, second, calculating the sample statistics 

of the signals for each PMT, and, third, generating a look-up table that will execute 

a specified scheme of scatter rejection and position estimation. 

3.2.1 Data collectioa 

Two sets of data are required to calibrate the modular gamma camera. The first data 

set is a measmrement of the mean, response of the camera to incident gamma rays as 

a function of position. The second data set is a uniform reference flood that is used 

to correct for spatial nonmiiformities in the mean response of the camera. Both data 

sets are described next in more detail. 
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Mean detector response function (MDRF) 

The mean detector response function (MDRF) represents the mean response of the 

modular gamma camera, as a function of position, to gamma rays incident anywhere 

upon the camera face. Because of the statistical natiure of the (a) the number of 

visible photons generated by a scintillation event, (b) the number of corresponding 

photoelectrons leaving the back surface of the PMT photocathode, and (c) the gain of 

the PMT, it is necessary to characterize the camera response in terms of the MDRP, 

The value of MDRF{x,y) is approximately proportional to the mean number of 

photoelectrons ejected from a PMT photocathode in response to a scintillation event 

at the location {x,y). 

We collect data for a MDRP by stepping a Tc-99m source, designed to emit a 2-

mm-wide coUimated beam of gamma rays and oriented such that the beam is normal 

to the camera face, through either a 16 x 16 or 64 x 64 rectilinear grid of points on 

the camera face and recording, at each point, the PMT signals for 12,500 scintillation 

events as shown in Figure 3.3(b). The PMT signals for each detected event are 

digitized to eight bits and stored for future processing and analysis. Since the camera 

response changes continuously and smoothly with respect to position, the 16 x 16 grid 

is typically used because the corresponding data requires significantly less collection 

time, memory space, and processing time than that for the 64 x 64 grid. We still want 

to know the MDRF values at each pixel within the 64 x 64 grid, so, after the MDRF 

values are determined on the 16 x 16 grid, a bicubic spline interpolation scheme is 

used to calculate the remaining MDRF values on the 64 x 64 grid. 

Uniform reference flood 

The uniform reference flood represents a map of the non-uniformities, as a fimction 
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(a) uniform reference flood (b) MDRF 

FIGURE 3.3. Source and camera configurations for data collection during calibration 
of the gamma camera. 

of position, present in the detector. One or more of the camera components may have 

some physical defect that causes the mean response of the camera to be abnormal 

in certain areas. For example, suppose that the scintillation crystal is cracked. If 

the camera face is uniformly flooded with gamma rays, then fewer gamma rays will 

be absorbed, in the vicinity of the crack and, as a result, less scintillation light will 

be emitted - leading to a relatively dark area in the reference flood image. The 

uniform reference flood image is used to remove the effect of the non-uniformities 

from subsequent image data. 

We collect data for a uniform reference flood by placing a Tc-99m source directly 

in front of and approximately one meter away from the camera face and recording 
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the PMT signals for a minimum of four million events as shown in Figure 3.3(a). The 

source is typically about 0.5 mCi of Tc-99m in about 0.L mL volume in a sealed syringe 

cap. We collect the data for at least four million events to ensure that the random 

fluctuations in the number of events in each, pixel are relatively small when compared, 

to the mean. Specifically, since the camera face is subdivided, into 64^ = 4096 pixels, 

the random spatial distribution of gamma rays across the camera face corresponds 

to a mean of about 1000 events per pixel and, assuming that the number of gamma 

rays incident at each, pixel is Poisson distributed, a variance of about vTOOO ci 32, or 

3.2%. 

3.2.2 Data processing 

Using the calibration data, we calculate the sample means, variances, and covari-

ances of the PMT signals as a fimction of source location (x,,!/,). The means and. 

(co)variances of the signals at each location are determined, by applying a multi-step 

algorithm. Initially, histograms of the signals for each PMT are formed, and some 

invalid, events are removed. fi:om each data set. Then a sample mean and variance is 

calculated for each PMT signal. Using the sample means and variances as a starting 

point, normal distributions are fit to the signal histogram data in order to (a) po

tentially improve the estimates of the means and variances and (b) help eliminate a 

significant firaction - typicaEy about 20% - of the events that correspond, to lower en

ergy gamma rajrs. Finally, having recalculated, the sample means and. variances once 

again, the remaining signal data is fit to a four-dimensional multivariate normal dis

tribution fi:om which we can obtain accurate measure of the means and (co)variances 

of the PMT signals. Since this procedure for processing the signal data is unique, we 

will proceed to outline each step of the procedure. 
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Formation of histograms of the PMT signals 

The first step in calculating the means and (co)variances of the PMT signals 

is to form histograms of the data. Let the digitized output PMT signals of the 

modular gamma camera in response to a single scintillation event be represented by 

the elements of the vector u, or 

u = Uq Ui U2 U3 

and let u be the corresponding mean vector as a function of the gamma ray interaction 

location {x,y), or 

it 
Uq UI U2 UZ \i{x,y) = 

Upon completion of the data collection, the PMT signals are stored as 8-bit integer 

values, ranging from 0 to 255, in "super list mode (SLM)" format. In SLM format, 

the sets of PMT signals for every detected event are stored, in the order that they 

were collected, in the form of a hst as shown below, 

Wo.l Ul.L U2,i W3,l 

^0,2 ^2,2 U3,o 
J 

where iV-,,o is the specified number of gamma rays to be detected at each MDRF grid 

point. The advantage of this format is that the raw PMT signal data is preserved and 

any form of processing may be applied to the data. A histogram of the PMT signal 

data is formed for each PMT. The nxnnber of bins in each histogram, which is 256 in 

this case, is designated by For example, for the case of the radioactive source 

being located at (x„ y,) = (23,47) on the camera face, a histogram of the values 
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for PMT 0, or [tzo,]., is shown in Figure 3.4. Note that the distribution 

has a peak in the vicinity of 220 and a "tail" of lower signal values extending all the 

way to 0. The "tail" of the distribution primarily represents the signals due to lower-

energy (i.e. scattered) gamma rays that were incident upon the camera face during 

the calibration process. Note as well that the bins at the edge of the histogram - the 

0"' and 255"^ bin - may have an abnormally high number of signals due to electronic 

noise and signal saturation. The sample data set shown in Figure 3.4 has a significant 

number of signals in the 255'̂  bin but not in the 0'̂  bin. 

Elimination of invalid PMT signals from the edge bins of the histograms 

The second, step is to eliminate signals at the ends of the histograms - specifically, 

near/in the 0'̂  and 255"^ bins - that appear to be invalid. We do not expect to record 

any PMT signals with a value of 0, and we assxmie that the maximum allowed, value 

of 255, when it does occur, most likely does not represent the true signal value but 

rather a value due to signal saturation. Some histograms contain a significant number 

of signals in one or both of the edge bins, and. the calculations of the sample mean and 

variance of the histogram may be skewed away firom the true sample values if the edge 

events are included. A simple algorithm in the data-processing software ecamines the 

three bins closest to each edge and. sets one, two, or all three of them equal to zero 

if an upward, trend in values towards the edge exists. After this modification, the 

histogram looks like that shown in Figure 3.5. Note that, since an upward trend in 

bin values was detected at each end of the histogram, the bins near the edges have 

been set to zero. We assume that the removal of these values leads to a more accurate 

initial estimate of a sample mean. 
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Calculation of initial sample means and variances 

The third step is to make an. initial calculation of the sample means and variances 

for each PMT. The sample mean, for the PMT and as a fimction of source location 

(2^3,1/4), is a weighted sum of the histogram bin values divided by the total number 

of signals in the histogram, or 

where Ui is the bin number (and signal value) for the histogram of the i"' PMT i 

and /„'is the number of signals in the bin at the location (ars,y,) after the 

removal of invalid signals at the histogram edges. The corresponding sample variance 

is a weighted sum of the squared difference between the signal value and the sample 

mean value divided by one less than the total number of signals in the histogram, or 

"ui 1/3) r^AT I 1 (3.2) 
.1 

Note that since we eliminated some of the signals at the edges of the histogram, the 

number of toted signals remaining in the histogram will fluctuate as a fimction of 

position, or 

E 
Ui=Q 

The number of signals eliminated is typicaEy a very small fraction of the total num

ber present in the original data. Note also that the sample mean and variance are 

influenced by the tail of the histogram distribution. 

Elimination of tails of the PMT signal distributions 

The fourth, step is to remove the tail of the histogram distribution for each PMT. 

Since the presence of the tail has most likely affected the initial values of the sample 
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means and variances, its absence should lead to more accurate sample statistics. The 

first part of this step is to fit a normal distribution to the histogram for each PMT 

at each, position (2:3,^3). For each histogram, the normal distribution that best fits 

the data is that which, minimizes the least-squares cost function 

f 
Qn(l», ys) = 51 ys) - Pife, ys) exp 

txi=0 L 

where Fi(Xs,ys), n^(x»,ys), and o^(arg,ys) are the values of the peak, mean, and 

variance, respectively, for the normal distribution. For the case of the PMT data 

that we have been using as an example so far, the corresponding normal distribution 

is shown in Figure 3.6 against the backdrop of the histogram data firom Figiure 3.5. 

Note that most of the taU of the histogram distribution lies to the lefb of the fitted 

normal distribution. 

The second part of this step is to review the PMT signals for each, event and elim

inate those for which, at least one PMT signal is more than three standard deviations 

away firom the mean. Specifically, for a given event, the PMT signals Ui, i € [0,3], 

must fall within the corresponding ranges ± 3c7(^(xs,t/a), i € [0,3}. If any 

Ut is outside its corresponding allowed range, then the event u is removed firom the 

SLM data file, and each. PMT signal histogram is modified accordingly. Typically, 

about 20% of the events are eliminated through this procedure. Figure 3.7 shows 

the histogram for PMT 0 after the tail has been removed. At this point, we assume 

that the remaining events correspond to unscattered primary gamma rays firom the 

source. The total number of remaining events is 

tti=0 

where, as noted, Ny is less than N" and iV^,o-

-iui-Ui{xs,ys)f 
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Calculation of intermediate sample means and variances 

The fifth step is to recalculate the sample means and variances of the PMT data 

without the influence of the histogram distribution tail. The equations to be used are 

similar to Equations 3.L and 3.2. The only difference is that, since the histogram dis

tribution tail has been removed, the number of signals used to calculate the statistics 

is smaller. The sample means and variances are 

where fuii^ayVa) is the number of events in the bin at the location (xs.ys) after 

the events corresponding to the distribution tail have been removed. 

Fitting of PMT signal data to a multivariate normal distribution 

The sixth and final step is to fit the signal data to a multivariate normal distri

bution. While the PMT signals are assimied to be essentiaEy Poisson distributed (as 

is shown in Appendbc C), the random depth of interaction of the gamma rays within 

the scintillation crystal (See Chapter 5) introduces correlations between the PMT sig

nals. The correlations between the PMT signals are relatively very small but finite. 

We assume that if we fit the signal data to a multivariate normal distribution, then 

we will achieve greater accuracy when calculating the signal statistics. A normalized 

continuous multivariate normal probability distribution has the general form of 

where u is a vector of random variables, u is the corresponding mean, vector, and K is 

the corresponding covariance matrix. Specifically, for this application, the probability 

(3.3) 

J -1^(1., rf/tu(!..!/>) 
(3.4) 

P (li) = , - exp 
(27cf >/detK 

-i(u-u)'K-'(u-u) 
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distribution, takes the more detailed form of 

p{n\xs,ys) = 
1 

{2T)- y/detK{xs,ys) 

X exp [u - u (x„ ̂ a)}' (ar„ y,) [u - u (ar,, J/s)! 

where the dependence of u and K on (x4,i/a) is included. The program that fits the 

multivariate normal distribution to the PMT histogram data repeatedly and sequen

tially perturbs each of 14 parameters - the 4 means, 4 variances, and 6 covariances 

- until a minimum cost function is achieved. The multivariate normal distribution 

that represents the best fit is that which maximizes the summation 

In order to reduce the amount of computation required to evaluate the cost func

tion, we chose to obtain the cost fimction by, first, taking the natural logarithm of 

p(urt,lar3,y,),or 

(3.5) 
n,=l 

lnp(un, 1x5,2/5) = hi 

= ha(l) - In I^(27r)^ v'̂ et K (i,, j 

H-b I exp —A' K"^ (xs.ya) A 

= 0 — hi (27r)^ — In >/det K (xj, ys) 

YS) K (XJ, Y^) A. (X5, Y^) 

where 

A^Cx^.y,) =u-u(xs,t/,). 
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and then, second, defining the cost function to be 

•̂t 
QmvniXs, Vs) = ^ {- In [(det K) (Xs,yjj - A' (r,, y,) K"^ (x,,y^) A (x„ y,)} 

rt,=l 

where the term inside the {}-brackets is the non-constant portion of the natiiral log

arithm of p (n„^ I X3,ya). Since the non-constant portion of p (u^ | x^y^) at a given 

i^a, Vs) resides in the exponent of the expression, maximization of p (u | X„T/s) corre

sponds to minimization of Qmrni'̂ syVs)- Thus, the multivariate normal distribution 

that represents the best fit to the histogram signal data is that which minimizes 

Qmvnip'Sy Vs)' 

Plots of final sample means, variances, and covariances 

Representations of the final sample means, variances, and covariances are shown 

La Figure 3.8-3.11. Each representation displays the data in three ways: (1) a gray-

level image of the data in the upper left-hand comer, (2) a surface contour plot of the 

data on the right-hand side, and (3) a diagram indicating the location of the PMT(s) 

corresponding to the data in the lower left-hand comer. Note that the magnitudes of 

the covariances are much smaller than that of the variance as a function of position. 

The non-zero covariances arise due, primarily, to the random depth of interaction of 

the gamma rays within the scintillation crystal (as will be described in fuller detail 

in. Chapter 4). Figure 3.8 illustrates the mean, signal for one PMT as a fimction of 

position (xs, y,). The mean peaks under the center of the PMT and falls away on all 

sides. Figure 3.9 illustrates the variance of the signal for the same PMT. The variance 

exhibits behavior similar to that of the mean, but it does not fall off as the mean does 

in the quadrant containing the PMT. Instead, the variance is approximately constant 

in that region and, also, sharply increases at the edges to account for additional 

signal noise due to gamma rays interacting near the edges of the crystal. Figure 
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FIGURE 3.8. Final sample mean of the output signal for one PMT as a fimction of 
position {xs, ys). 

FIGURE 3.9. Final sample variance of the output signal for one PMT as a function 
of position 
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FIGURE 3.10. Final sample covariance of the output signal for two adjacent PMTs 
as a fimctioaof position (arj.j/s). 

FIGURE 3.11. Final sample covariance of the output sigaal for two diagonally-opposed 
PMTs as a function of positioa (xsr2/s)-
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3.10 shows the covariance between the signals of two adjacent PMTs. The gray-level 

image indicates that a positive correlation exists between the signals, especially for 

the locations under the two PMTs. A relative decrease in the magnitude of the 

correlation - as is indicated by the darker patch - occurs directly between the centers 

of the PMTs. Also, once again, we observe a sharp increase in the covariance at the 

edges of the camera. Finally, Figure 3.11 shows the covariance between the signals of 

two diagonally-opposed PMTs. Both positive and negative correlations exist in this 

case, and the smface contour plot is similar to a saddle contour plot. Similar to the 

case of the adjacent PMTs, the correlation is, in general, positive at/near locations 

under the PMTs yet exhibits a decrease in the region directly between the centers 

of the PMTs. In this case, the correlation for the small central region is slightly 

negative. 

3.2.3 Look-up table generation 

The final step in calibrating the modular gamma camera system is to generate a 

look-up table (LUT) that can be used to perform scatter rejection and position esti

mation. Scatter rejection urvolves the elin:iination of PMT signal data sets that are 

due to unwanted (e.g. scattered) gamma rays, and position estimation deals with the 

estimation of spatial locations at which gamma rays interact within the scintillation 

crystal. The generation of a LUT requires the use of the MDRF and uniform reference 

flood data described above. The variance data can be incorporated as well if desired. 

Chapter 4 is devoted to these topics, so we will not provide any mote explanation at 

this point. 
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3.3 Operation 

The operation of the modular gamma camera imaging system involves generating 

an image that accurately represents the spatial distribution of unscattered gamma 

rays incident upon the camera face. The operation can be divided into two general 

procedures - data acquisition and data processing. This section provides a brief 

overview of both procedures for the UA modular gamma camera in a normal imaging 

situation. We assume that the gamma camera has been calibrated, fitted with a 

collimator, and positioned such that its field of view contains the radioactive object 

under study. 

3.3.1 Data acquisitioa cind storage 

The data acquisition and storage procedure is illustrated in Figure 3.12. When an 

incident gamma ray is detected, each of the four PMTs in the modular gamma camera 

outputs an analog signal, denoted by u'̂  where the accent indicates the analog nature 

of the signal and the subscript p is the PMT index. Analog-to-digital (A/D) electron

ics are used to digitize the PMT signals to eight bits. The digital signals, denoted as 

Up where p 6 [0,1,2,3}, are then stored, ui SLM format, in memory where they can 

be accessed for future processing. This acquisition and storage procedure continues 

until either a specified ntmiber of gamma rays has been detected or a specified time 

limit has been reached. 

3.3.2 Data processing 

The data processing procediure is shown in Figure 3.13. The digital PMT signals cor

responding to a scintillation event are input into a LUT that performs both, scatter 
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FIGURE 3.13. Flowchart of data processing procedure. 
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rejection and position estimation. If the LUT decides that the PMT signal com

bination does not correspond to a photopeak event, then it rejects the signal data 

as scatter. If, on the other hand, the LUT accepts the PMT signal combination as 

corresponding to a photopeak event, then it outputs a maximum-likelihood estimate 

of the position, denoted as at which the gamma ray interacted with the 

scintillation crystal. A 64 x 64 image array, constituting a spatial histogram of the 

gamma ray interaction locations, is incremented by one at Once all the 

PMT signal data has been passed through the LUT and a raw image has been gen

erated, various post-processing operations - such as flood-correction, smoothing, and 

masking - are applied to the image. The flood-correction operation divides the raw 

image - pixel by pixel - by the uniform reference flood image in order to remove 

any nonuniformities present in the image due to systematic detector defects. The 

smoothing operation performs a two-dimensional convolution of the image with a 

specified kernel in order to, for example, reduce the level of noise in the pixel values 

and/or remove high-frequency features. The masking operation sets certain pixels in 

the image to specified values. For example, since we frequently encounter a buildup 

of counts in the edge pixels, we set the value of the edge pixels to zero - effectively 

cropping the edges of the image. While the flood-correction operation is required to 

obtain an accurate image, the smoothing and masking operations are optional. Other 

application-dependent post-processing operations - not mentioned here - may also 

be applied. 

3.4 Summary 

SAA'ICAL'I is a nuclear medical imaging s3:stem designed for dedicated planar imaging 

of human breast in a clinical environment. This chapter described the hardware 
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and software components, the calibration procedmre, and the general operation of 

SAMCAM. First, we specified all the relevant hardware components of the modular 

gamma camera and then those of the whole imaging system. The software components 

were only given brief mentioa since some of them will be discussed in more detail ia 

Chapter 4. Second, the procedures for collecting aad processiag the MDRF aad 

uniform refereace flood data, both used for calibrating the camera, were explained. 

Carefiil consideration was given to how the MDRF data was manipulated in order to 

improve the accuracy of the sample means, variances, and covariances of the PMT 

signals. The procedure for generating LUTs will be discussed in Chapter 4. Finally, 

we described the general operation of SAMCA^/I for a standard imaging procedure -

from collecting the PMT signal data to generating a processed image. 
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Chapter 4 

POSITION ESTIMATIOIN" AND SCATTER REJECTION 

Two essential tasks for a nuclear medical imaging system are to detect the desired 

radiation being emitted firom the object of interest and to estimate the physical origin 

of the detected radiation. For the task of detecting the desired radiation, the imag

ing system should have the ability, due to hardware design and/or software-based 

processing of collected data, to discriminate between wanted and unwanted radia

tion. The type of discrimination will depend on the imaging study. For example, one 

might want to discriminate between unscattered and scattered, gamma rays or be

tween gamma rays of different energies. In each case the user would like the imaging 

system to reject as much of the "unwanted" radiation as possible. In our research, 

we frequently work with a radiotracer that emits 140-keV gamma rays, and we would 

like to detect unscattered 140-keV gamma rays. Thus, we would like our imaging 

systems to reject as many non-140-keV gamma rays, most of which we assume to 

have been scattered, as possible. For the task of estimating from where the detected 

radiation came, the imaging system must combine information about the aperture 

- if one is used. - with an accmrate estimate of the position at which the gamma 

ray interacts with the detector. Li the case of scintillation detectors, estimating the 

interaction position commonly involves using an appropriate arrangement of photo-

multiplier tubes to detect the scintillation event and then using the photomultipher 

tube output signals to estimate the position of the interaction. 

This chapter provides the theoretical background, for the concepts of position esti-
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matioa and scatter rejection, describes the algorithms that we use to implement them 

in the laboratory, and outlines several specific studies that illustrate the capabilities 

of the theory and algorithms. Section 4.1 provides a brief review of estimation theory. 

The review describes the basic principle of estimation, discusses the concept of an es

timator and how to measure its performance, and introduces a specific estimator - the 

maximum-likelihood estimator - that we use in this research for position and. energy 

estimation. In Section 4.2 we discuss scatter rejection and describe three different 

windowing techniques - likelihood windowing, energy windowing, and Bayesian win

dowing - for rejecting scattered radiation. Section 4.3 contains descriptions of several 

position estimation schemes. The schemes are similar in that they each use a look-up 

table but differ in theur overall approach to estimating a position. FinaEy, in Section 

4.4 we outline the results of several studies that have dealt directly with measur

ing and optimizing the capabilities of the position estimation and scatter rejection 

schemes in specific applications. 

4.1 Review of estimatioa theory 

4.1.1 Estimation principle 

The theory of estimation involves an inverse problem in the field of statistics. In 

general, given an observed set of data, one would like to determine something about 

the source that gave rise to the data. Two kinds of estimation problems exist: (I) 

parameter ^imation and (2) probability law estimation. Li parameter estimation the 

unknown parameters can be deterministic or random. We wiil consider only the case 

of parameter estimation for which the unknown parameters are deterministic. The 

parameters to be estimated, will be represented by the vector 0, and the corresponding 
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FIGURE 4,1, Estimation model, 

data from which, the parameters are to be estimated will be represented by the vector 

u. 

The general estimation problem can be described by a sequential mapping process 

- first, from a parameter space to an observation space and, second, from the obser

vation space to an estimation space, A conceptual model of the mapping process is 

shown in Figure 4.1. An event in parameter space, represented by 0, is probabilisti

cally mapped into observation space in which a random data set u is measiured. Using 

the measured data u, we would like to find an estimate of d, denoted by 0 (u). The 

measured data u is mapped into estimation space through the use of an estimator, the 

estimation rule or algorithm used to determine 6 (u). The value of the estimate will 

depend on the chosen estimator. Given the nature of the specific estimation problems 

to be encountered in this research effort, we will work with the maYiTmiTn likelihood 
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FIGURE 4.2. General conditional probability density fiinction of the estimate, 

estimator, the details of which will be described in Section 4.1.3. 

4.1.2 Estimator performance 

The performance of an estimator can be evaluated by two measures of quality, the 

bias and the variance of the estimate. The bias quantifies the systematic error in the 

estimation process while the variance depicts the random error. Together the bias 

and variance, respectively, quantify the accuracy and precision of an estimator. An 

estimator that has little or no bias and a small variance is highly desirable. As was 

shown in Figure 4.1, G is mapped to u by a measurement system, and u is mapped 

to 0 by an estimator. The complete mapping can be described by the probability 

density fimction p{9\d), an ecample of which is shown in Figure 4.2. We would like 
•s. 

p(0\9) to be clustered at the true value and to have little spread. 

The total error of an estimator can be quantified by its mean square error. Let V" 

and B be vectors representing the variance and bias, respectively, of the elements of 
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an estimate 0 given 6 and be defined as 

/(Si 

V (§!«)= B(9|9)= 
I I 

where J is the number of elements in 8. Then the mean square error {MSE) of an 

estimator may be expressed as 

where var{0\d) is the total variance of the estimate given 6. If the bias is zero, then 

the estimator is unbiased, or correct on average, and the mean square error is simply 

the variance of the estimate. If the bias is non-zero but constant, then the estimator 

has a known bias that can be subtracted. If the bias is non-zero and a function of 0, 

then the estimator has a 0-dependent bias that might be difficult to characterize and 

subtract. 

The mean square error of an estimator has a lower bound. While an estimator 

may be unbiased, the variance of the estimates cannot be made arbitrarily small. A 

MSE 

J 
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finite lower limit on the variance of any unbiased estimate exists and is called the 

Cramer-Rao bomid (Melsa and Cohn 1978). 

4.1.3 Maximum likelihood estimator 

Let us assimie that the probability density function of the observed variable condi

tional on 6, denoted as p(u 10), is known. For a given u, when p(u 16) is considered 

to be a function of d, we call p(u j 6) the likelihood function and designate it  as L{6). 

The ML estimate of 6, denoted is the value that maximizes the likelihood 

function L{0) for a given u. In a more concise format, we state that 

0ml (U) = arg max L{e) (4.1) 
d 

where the value of dml nia-y also denoted as 6ml (U) since it depends on the data u. 

Since the logarithm of a niunber monotonically increases with the number, Equation 

4.1 is equivalent to 

0ml (U) = arg max hi L{d) (4.2) 
6 

If In L{6) has a continuous first derivative, then 6ml (U) IS obtained when 

- =0 (43) 

Equation 4.3 is called the likelihood equation (Van Hees 1968). 

The ML estimate has some significant properties. First, any estimate that satisfies 

the Cramer-Rao boxmd with, equality is called an eflttcient estimate. While such an 

estimate does not necessarily exist, it can be shown that if an efficient estimate does 

eidst, then it is the ML estimate. Second, the ML estimate is asymptoticaEy unbiased, 

or consistent, and asymptotically efficient as the number of independent observations 

approaches infinity. 
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4.1.4 Maxiinuni likelihood positioa estimators 

Generating an image with, a modular gamma camera requires forming a spatial his

togram of the locations at which, incident gamma rays interacted with, the scintillation 

crystal. Such, interactions, called scintillation events, are not observed directly but 

rather are detected by PMTs optically coupled to the scintillation crystal. When 

a scintillation event generates a burst of optical photons, some of the photons pass 

through the entrance windows of the PMTs and are absorbed by the photocathodes, 

leading to the ejection from the photocathode of a number of photoelectrons. The 

dynode chain of the PMT amplifies the number of photoelectrons, and when they 

arrive at the anode, an analog signal is output from the PMT and subsequently dig

itized to 8 bits by the data processing electronics. The position estimation task is to 

use the observed data, the digitized PMT signals, to estimate some specific parame

ters, the spatial coordinates of the corresponding scintillation event. To accompUsh 

this task, we need a likelihood fimction. 

The likelihood fimction will require a probability model for the PMT signals. We 

consider three probability models - Poisson, independent normal, and multivariate 

normal. The choice of which probability distribution to use may depend on such, 

factors as how much, information we would like to incorporate into the estimation 

process and how much computer processing time we would like to use. Once a like

lihood fimction has been selected, we apply the ML principle to determine the {x,y) 

coordinate that maximizes the likelihood fimction L{x,y) for the given data u. If 

every unique u is considered, then we can establisk some form of mapping between 

the event data u and gamma ray interaction coordinates 

Let the digitized output PMT signals of the gamma camera in response to a single 
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scintillation event be represented by the elements of the vector u, or 

• t 
U Q  U I  U O  U 3  

u = 

and let u be the corresponding mean, vector as a Eimctioa of the gamma ray interaction 

location {x,y), or 

- f t  
U Q  U I  U I  U Z  

u.ix,y) = 

Let the {x,y) coordinate be represented by the vector 6, or 

Tt 
6 = X y 

For ease of discussion, while we have just defined 6 to represent the location 

we will continue to use the variables x and y in expressions to follow. 

Poisson probability model 

The Poisson probability model assumes that the numbers of photoelectrons gen

erated in the PMTs due to a single scintillation event are statistically independent 

and Poisson distributed (Reedmaa et aL 1979). Let represent the number 

of photoelectrons emitted from the photocathode of PMT p in r^onse to a single 

scintillation event. Then the mean, variance, and signal-to-noise ratio of 71^,p are 

'̂ .P ~ Vpc^h.,p 

~ "pe»p ~ ^pc'̂ pft.p 

SNRn,. 
_ "pe _ VjxJhh __ / _ 
— — —=— — yVpJhk 

"ripe y/Vpc^h-

where is the quantum efficiency of the photocathode and nph,p is the number of 

scintillatioa photons from a scintillation event that strike the photocathode of PMT 
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p. Please note that each of the equations above, as well as the brief argument to follow 

here, are derived and explained in detail in Appendix C. If we make three simplifying 

assumptions - that (1) each dynode stage within the PMT has equal gain, (2) each 

dynode stage has a large gain, and (3) the number of secondary electrons emitted by 

each dynode stage in response to a single incident electron is approximately Poisson 

distributed (Burle 1980), then the mean, variance, and SNR of ne,p, the number of 

electrons collected at the anode of PMT p in response to a single scintillation event, 

will be 

Tig — G Jlpe = 5' 

o-'L^npc'^hg-" 

o\rD 9'^Vpe^^h I —— 
SMRn — '\/Vpc^h 

where G = 5' is the total mean gain of the PMT dynode chain and q is the number of 

dynodes. Note that, under these assumptions, the SNR of ne,p is essentially identical 

to that of npe,p, or 

Thus, the large gain introduced by the PMT wiE not significantly degrade SNB^. 

Having already assumed that npe,p is Poisson distributed, we can now assimie that 

ne,p follows a scaled Poisson distribution where the scaling is due to G, the total gain 

of the PMT dynode chain. Let the actual output signal of the PMT, in the form of 

a cmxent, be denoted by fp. Recalling that we defined u to represent the digitized 

PMT signals, let Up equal the digitized value of ipfG for p G [0,3l. Thus, we have a 

set of random variables Ui, i 6 [0,3}, that are statisticaEy independent and Poisson 
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distributed. The likelihood fiinctioa is a simple product of the individual Poisson 

probabilities, or 

where, as noted earlier, L{d) = L{x,y).  

Independent normal probability model 

The independent normal model assumes that the numbers of photoelectrons gener

ated. in each PMT are normally distributed, and uncorrelated. Making the assumption 

that iVpg,p I for a scintillation event, we approximate the Poisson distribution with 

a normal distribution. Similar to the Poisson case, the statistical independence of the 

random variables leads to a likelihood, ftmction that is a product of the individual 

normal probabilities, or 

where a- is the variance of «£. 

Multivariate normal probability model 

Finally, the multivariate normal model assumes that the numbers of photoelec

trons generated iu each PMT are normally distributed- and correlated. Experimental 

studies have shown that small correlations between PMT signals exist (Marcotte 

1993). We believe that the correlations are due to the variable depth of interac

tion of the gamma rays within the scintillation crystal. The corresponding likelihood 

fimction is represented, by a multivariate normal distribution, or 

where u is a random vector and K is the covariance matrix of the components of u. 

L (x,y) = 5—• = 
(27r)* ydetK(x,T^) 

(4.4) 
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4.2 Scatter rejection 

An important feature of any gamma camera used in nuclear medicine is the capability 

to discriminate against scattered radiation. No camera, however, can perfectly dis

criminate between unscattered and scattered radiation - in other words, every camera 

has finite energy resolution. Many different methods of correcting for scatter have 

been developed in an effort to reduce, if not completely eliminate, the effects of the 

scattered radiation in the final image. In conventional Anger cameras, for example, 

a linear energy estimate is formed by adding the PMT signals while including some 

correction for position-dependent light-collection efficiency, and the event is accepted 

if the estimated energy falls within the limits of a specified energy window. This 

scatter correction technique, aptly called an energy window, is a common approach. 

In the modular gamma cameras used at the University of Arizona (NClster 1987), 

however, estimating energy with this method is difficult because the variations in 

light-collection efficienqr across the camera face are large. To overcome this obstacle, 

not only have we created an alternate energy windowing technique (Chen 1995), but 

we have also developed two other methods to reject scattered radiation - namely, the 

likelihood window (Milster et aL 1990) and the Bayesian window (Chen 1995). This 

section reviews the work of Chen in order to provide a brief background on each of 

these scatter correction techniques (Chen 1995). Each of these methods makes use of 

a threshold value that permits specifying a trade-off between the acceptance of un

scattered gamma rays and the rejectioa of scattered ones. Each method also involves 

generating a look-up table (LUT) to provide a mapping between a set of PMT signals 

and the corresponding ML position estimate (x,^. 
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4.2.1 Likelihood windowing 

Likelihood windowing (LW) is the simplest of the three scatter-rejection methods. 

First, making the assumption that the detected gamma ray has not been scattered, 

we initially compute the ML estimate of the position, denoted as To do so, 

we employ a nested-search routine based upon the assumption that the PMT signals 

are independent (Milster et al, 1990). Let •pth. be a preset probability threshold. 

The search routine initially considers every possible {x,y) location and finds those 

for which p('iiol^o (ar»y)) > Vth- This subset of locations, denoted by 5o, is then ex

haustively searched to find a smaller subset of locations, denoted by Su for which 

(x,y)) > -pth- The process is repeated for the U2 and uz signal values, lead

ing to a subset Sz of locations that is much smaller than the total number of (x,  y) 

locations. The subset denoted by Sz is then exhaustively searched for the (r, y) loca

tion that maximizes the likelihood function L {x,y, EQ).III other words, we calculate 

L (x,  y,  £b),  where £0 is the energy of an unscattered gamma ray, for all  possible (x,  y) 

locations, and the (x, y) that maximizes L (x,  y, EQ )  is the ML position estimate (x,  y) 

corresponding to that particular u. 

Second, we compare the value of L {x,y,Eo) to r, a preset value called the like

lihood threshold. If L^x^yyEo) > r, then u is assumed to have resulted from an 

unscattered gamma ray, and so the ML position estimate (x,^ is stored in a LUT 

at the address uniquely identified by u. If L (x,y, EQ) < r, then a is considered to 

correspond to a scattered gamma ray, and we reject it by inserting a flag in the LUT. 

The total fraction of events rejected by the likelihood window is a fimction of the 

likelihood thr^hold r. The value of r is chosen such that a reasonable balance is 

struck between events accepted as photopeak events and events rej'ected as scatter. 
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4.2.2 Energy windowing 

In a conventional Anger camera, the stmi of all the PMT signals is used to estimate 

the energy of the detected gamma ray The diflFerence between the estimated energy, 

E, and the mean estimated energy, £"0, is compared to a preset energy window, AJB, 

and if the difference is greater than AE, then the event is rejected. Otherwise, it is 

accepted as a photopeak event. Let Gj be a gain factor representing the change in 

signal magnitude due to the gain provided by PMT j and the subsequent hardware-

based signal processing. Then, specifically, the estimated energy may be calculated 

as 

E — 
J 

and the detected event is rejected if E — E Q  j > A£. 

The method of energy windowing (EW) developed for use with the UA modular 

gamma camera is, in a simple sense, an extended version of the ML estimation method 

used in likelihood windowing. In this case, not only is the (or, y) position of the gamma 

ray interaction estimated, but the energy E of the gamma ray is estimated as well. 

Thus, the ML estimate of parameters is Gml — It should be noted that, 

due to the added estimation of energy, this approach, depending on the allowed 

range of energies, can be computationzilly intense relative to the LW method. Similar 

to the approach used with a conventional Anger camera, the ML energy estimate, 

E, is compared with the limits of an energy window and rejected if it falls outside 

the window limits. Specifically, we initially calculate L{x,yyE) for all permitted 

[x,yyE) combinations. The {x^y^E) combination that maximizes L{x,y,E) is the 

ML position and energy estimate (r,y,£) corresponding to that particular u. We 

then compare the energy estimate £ to a preset energy window centered, for sample. 
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on JEQ- If B resides within, the limits of the window, thea u is assimied to have resulted 

from aa miscattered gamma ray of energy EQ^ thea we store the ML estimates of 

position, (x,^, and energy, E, ia separate LUTs at the address um'quely identified 

by u. If £? does not reside withia the limits of the energy window, then, u is assumed 

to have resxilted from an scattered gamma ray, and the event is rejected. The energy 

window can. be chosen to allow for the generation of images associated with different 

energy ranges. 

4.2.3 Bayesian windowing 

Unlike the likelihood and energy windowing methods, the Bayesian windowing (BW) 

method incorporates prior knowledge of the real or simulated energy spectrum of the 

scattered gamma rays into the dedsion of whether or not to reject a detected event. 

The method is based on a branch of decision theory called Bayesian decision theory 

which explicitly considers the statistics of two hypotheses. One hypothesis, denoted 

by HQ, corresponds to unscattered, or primary, photons, and the other hypoth^, de

noted by ffi, corresponds to scattered photons. Since only two alternative hypotheses 

exist, this test is also called a binary hypothesis test. Specifically, the two hypotheses 

are 

HQ  : u results from unscattered photons 

Hi : u resxilts from scattered photons 

where HQ  is often called the null hypothesis because it represents the hypothesis under 

which the photon is not scattered. The decision between the two hypotheses is based 

upon the likelihood ratio, defined as 
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where P(u ] Hi) is the probability of the PMT signal combination u occurring under 

hypothesis Hi. The decisioa is actually made by comparing the likelihood ratio to a 

threshold value, called the likelihood ratio test threshold and denoted by Xth., or 

If A(u) > Xth, then HQ  is the accepted, hypothesis, and the photon is considered to 

be unscattered. If A(u) < Xtk, then Hi is the accepted hypothesis, and the photon is 

considered, to be scattered and, hence, rejected. 

Determining the likelihood ratio A(u) requires a separate calculation for each 

hypothesis. The calculation of P(u | HQ) is similar to that done in the case of likelihood, 

windowing. Specifically, assuming that EQ is the energy of a primary photon, we 

maximize the quantity p{u.\x,y,EQ) with respect to {x,y), or 

The calculation of the alternative hypothesis P(u | Hi) is more complicated. Let 

p{E I Sc) be the probability density function for the real or simulated energy spec

trum of the scattered photons where Sc designates a scattered photon. The quantity 

p(u IX, y, E) is calculated, for all permitted {x, y, E) combinations, just as in the energy 

windowing method, and then the product of p(u[ x,y, E) and p{E \ Sc) is integrated 

over [0, EQ), the range of allowed energy and maximized with respect to (x, y), or 

The (x, y, E) combination that maximizes p(u [ x.y, E) is the ML position and energy 

estimate {%y,E) corresponding to that particular u. Thus, the likelihood ratio, as 

defined, in Equation 4.5, may also be written as 

^th-

P(u I Ho) = max p(u [ x,y, EQ ) .  

P[\i 1 ffi) = n dE p(u 1X, y, E) p{E [ 5^). 

dE p(u 1X, y, E) p{E} Sc) 

max3,,y p{vi\x,y,Eo) 
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The informatioa stored in the LUT at the unique address specified by u is the ML 

position estimate (x, ̂  as well as a flag indicating whether or not the event should 

be rejected according to the Bayesian decision criterion. 

4.3 Position estimation 

Having reviewed the theory behind ML position estimation and various methods of 

scatter rejection, we now focus on the means by which these ideas are put into practice. 

Four position-estimation and scatter-rejection schemes will be discussed - the 5-bit 

LUT, the 6-bit LUT, the 6-bit LUT plus 8-bit likelihood-weighted smoothing, and 

the 6-bit LUT plus 8-bit analytic solution. Each of the four schemes uses a LUT, and 

the latter two improve upon the initial LUT-provided position estimate by exploiting 

the information available in all 8 bits of the signals. 

A LUT provides a mapping between a set of PMT signals and the corresponding 

ML position estimate (r,^. The size in bjrtes of the look-up table depends upon the 

number of bits used to represent each of the PMT signals. In general, if Ntubes is the 

number of PMT's and if Nuta is the number of bits used to represent each PMT signal, 

then a single look-up table will require bytes. The UA modular gamma 

camera uses four PMT's, so iViu4« = 4 and a single look-up table will use 2'̂ "" 

byt^. The signal processing hardware used in conjunction with the UA modular 

gamma camera is capable of outputting 8-bit signals for each PMT. But, if Nbus = 8, 

then a single look-up table would require an unmanageable 2^ bytes. To alleviate 

this situation, the 8-bit signals are non-linearly compressed to 5 bits using a novel 

data-compression scheme, resulting in a 2^°-byte, or 2 megabyte, look-up table. The 

compression scheme is an approximate square-root mapping that transforms aPoisson 

random variable (in this application, the number of photoelectrons emitted from the 
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photocathode of the PMT) into a 5-bit signal with approximately constant variance 

(Bartlett, 1936). The specific application of this scheme to the signal processing for 

the UA modular gamma camera has beeu previously described (Chen, 1995). Taking 

advantage of recent improvements in computer computing speed, and memory space, 

we have Kctended this compression scheme to provide a mapping from 8 to 6 bits, 

resulting in a 2-''-byte, or 32 megabj^e, LUT. Note that, with respect to notation, we 

will designate 8-bit signals by lowercase letters, or {u0,ui,u2,uz), and 5-bit or 6-bit 

signals by uppercase letters, or iUo,Ut,U2,U3), The remainder of this section will 

describe each of the four position estimation schemes and present some comparative 

images. In each of the four schemes, Bayesian windowing was the chosen method of 

scatter rejection. 

4.3.1 5-bit LUT 

The 5-bit LUT approach provides a mapping between a set of 5-bit PMT signal values 

and an estimated (r, y) location of a scintillation event. An advantage of the 5-bit 

LUT is that it requires only 2 Mb of memory space. Thus, when multiple cameras are 

contained in an imaging system, the total memory space required for the LUTs is not 

excessive. For example, FASTSPECT, a high-magnification small-animal SPECT 

imaging system here at the UA (Kastis et ai 1998), contains 24 modxilar gamma 

cameras, and so 48 Mb of memory space are required for the LUTs. A disadvantage, 

however, is that the smaller number of bits per PMT signal leads to an artifact we 

call checkerboarding. Checkerboarding occurs when, some of the (ar,y) locations on 

the camera face are the ML position estimates for only a few or none of the accepted 

signal combinations {Uq, Uu Uz, Us) while neighboring locations, in contrast, are the 

ML position estimates for many accepted signal combinations. The artifact is clearly 
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seen in tmiform flood images when the juxtaposition of these pixels, which have either 

an above-average or below-average buildup of coimts, leads to a pattern of light and 

dark pixels reminiscent of the pattern observed on a checkerboard. This effect is less 

significant when more bits are used because more signal combinations are available to 

map to each pixel, and so the distribution of events as a functioa of position becomes 

more uniform. 

Some sample images of a uniform reference flood, a point array, and a planar 

projection of a geometric phantom are shown in Figures 4.10(a), 4.12(a), and 4.13(a), 

respectively. The uniform reference flood image in Figure 4.10(a) exhibits the checker

boarding effect Just described. To provide a rough qualitative measiurement of smooth

ness of the uniform reference flood image, a horizontal cross-section through the center 

of the flood image is shown in Figure 4.11(a). The point array image in Figure 4.12(a) 

illustrates how the spatial resolution degrades towards the edges and, in particular, 

the comers of the camera face. Note that the PMT signal data sets from which 

these images were generated will also be used to generate images in each of the three 

position estimation schemes remaining to be discussed. 

4.3.2 6-bit LUT 

The 6-bit LUT approach provides a mapping between a set of 6-bit PMT signal 

values and an estimated {x,yi) location of a scintillation, event. Whereas a 5-bit LUT 

requires only 2 Mb, a 6-bit LUT uses 32 Mb of memory space. Reducing the size 

of the LUT is possible, and an algorithm for doing so will be described in. the ned: 

section. An. advantage of the 6-bit LUT is that, due to the increased niunber of 

bits per PMT signal, more information is available and the position estimation is 

improved. Thus, the checkerboarding effect seen in 5-bit images is not as noticeable. 
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The corresponding 6-bit sample images of the uniform reference flood, the point array, 

and the planar projection of a geometric phantom are shown in. Figures 4.10(b), 

4.12(b), and 4.13(b), respectively. Comparing the 6-bit images to the 5-bit images, 

the 6-bit images have less checkerboarding and better spatial resolution than the 5-

bit images. The reduction in checkerboarding is clearly seen in. the uniform reference 

flood images in Figure 4.10 and, indirectly, in the cross-section plots in Figure 4.11 

that depict the added smoothness in the 6-bit image. The improvement in spatial 

resolution is illustrated well in the point array images in Figure 4.12. In particular, 

compare the grid points along the edges and near the comers of the camera face. The 

points in. the 6-bit images are much more well-defined than in the 5-bit images. 

Compression of 6-bit look-up table 

We have developed a novel compression algorithm in which a single 32 Mb LUT 

can be transformed and compressed into a two-stage LUT, the first stage of which is 

exactly 4 Mb and the second stage of which is approximately 4 Mb. Knowing that 

most of the elements in the 6-bit LUT correspond to rejected combinations of PMT 

signals, the algorithm searches through the LUT and extracts segments, the length 

of which will be defined later, that contain at least one ML position estimate for an 

accepted combination of PMT signals. All of the extracted segments, when concate

nated together in an orderly fashion, constitute the second stage of the compressed 

two-stage LUT. The first stage acts as an index to the second stage. 

In order to understand the theory behind the compression algorithm, we must 

understand the relationship between the PMT signals values and the LUT structure. 

As noted earlier, a LUT provides a mapping between a set of PMT signals and either 

a ML position estimate {x,y) or a rejectioa flag, either case, for a given. 6-bit 
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signal combination U6=(C/6,o,C/6,ij^6,2>t/6,3)» where the first subscript indicates the 

number of bits used to represent the signal value and the second subscript indicates 

the identity of the PMT, the corresponding element in the 6-bit LUT is found by 

calculating an ofeet address (OA) having the value of 

0^6 = C/-6.32®-='+C/6,22®-'̂  + /76.i2®-^-h(76.o2®-° 

= ^^6,32^® + + C/6,I2® + Usja 

where 2® = 64 is the number of possible values of a 6-bit PMT signal. Similarly, for 

a given 5-bit signal combination U5=(C/5,0,^/5,1,^/5,2,^^5,3), the corresponding 5-bit 

LUT has an oSset address with a value of 

OAs = CTg,325-3+ C/5,25-2-KCr5.i2^-'+C/5.o2®'° 

= C/5,32^® +• t/5,22^° + C/5,12® + C/5,0 

where 2° = 32 is the number of possible values of a 5-bit PMT signal. Comparing 

the 5-bit and 6-bit expressions for the LUT offset address, we see that, if we try to 

represent the same dynamic range of an input signal with, either 5 or 6 bits, there are 

two available 6-bit values for every one 5-bit value. To further illustrate this point, 

consider the diagram shown, in Figure 4.3 in which, the histogram bins - one set for 

5-bit values and one set for 6-bit valu^ - span a particular dynamic range of incoming 

signal values. We clearly see that the 6-bit histogram has twice as many available 

bins than the 5-bit histogram. As shown in the diagram, a signal that was assigned 

to Bin 3 in the 5-bit histogram can also be assigned to either Bin 6 or 7 in the 6-bit 

histogram. In this case, it was assigned to Bin 7. Thus, a PMT signal corresponding 

to one value in "5-bit space" also corresponds to one of two possible values in "6-^1 
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FIGURE 4.3. Comparisoa of 5-bit and 6-bit histogram bin values. 

space". Mathematically, 

5-bit signal = (6-bit signal) modulus 2. (4.7) 

Extending this concept to simultaneously include all four PMT signals, a PMT signal 

combination in "5-bit space" corresponds to one of 2*^ = 16 possible signal com

binations in "6-bit space". For ecample, any one of the following 16 6-bit signal 

combinations, 

(8.18.56.26) (8,19,56,26) (9,18,56,26) (9,19,56,26) 

(8.18.56.27) (8,19,56,27) (9,18,56,27) (9,19,56,27) 

(8.18.57.26) (8,19,57,26) (9,18,57,26) (9,19,57,26) ' 

(8.18.57.27) (8,19,57,27) (9,18,57,27) (9,19,57,27) 

corresponds to the single 5-bit signal combination (4,9,28,13). It is this relationship 

between a block of 16 6-bit signal combinations and one 5-bit signal combination that 

is exploited by the compression algorithm. 

The first step in the compression algorithm is to search through the 6-bit LUT and 

find every block of 16 elements that contains at least one element with a ML position 

estimate. Recall, as shown by the example above, that a "block" is a set of 16 LUT 
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elements whose 6-bit oflfeet addresses all correspond to the same 5-bit oflfeet address. 

For reference, a flowchart of this portion of the algorithm is shown in Figure 4.4. 

The algorithm executes a loop to calculate every possible 6-bit LUT oflfeet address 

and to examine the element stored at each address. For each 6-bit oflfeet address, 

the corresponding 5-bit version of the oflset address is computed. If an element in 

the 6-bit LUT contains a ML position estimate, then a value of "1" is stored in 

the first stage of the two-stage compressed LUT, denoted as the "Stage-1 LUT", at 

the corresponding^ 5-bit offset address. If, on the other hand, an element contains a 

rejection flag, then, unless a '1" is ahready present, a rejection flag is stored in the 

Stage-1 LUT. Upon completion of the loop over all the 6-bit LUT offset addresses, 

the Stage-1 LUT contains a complete record of every block within the 6-bit LUT that 

contains at least one ML position estimate. 

The second step in the compression algorithm is to build the second stage of the 

two-stage compressed LUT, denoted as the "Stage-2 LUT", using only those blocks 

of elements found in the first step and to also build an index to the new LUT. 

Again, for reference, a flowchart for this part of the algorithm is shown in Figure 

4.5. The algorithm ececutes a loop to calculate every possible 5-bit off^t address 

and to Kcamine the corresponding Stage-1 LUT element. If the element contains 

a rejection flag, then the algorithm does nothing, since the flag indicates that all 

16 of the corresponding 6-bit LUT elements contain rejection flags as well. If the 

element contains a value of'T', then it replaces the'T' with an index value indicating 

where, within the Stage-2 LUT, the first of the 16 corresponding 6-bit LUT elements 

is stored. This index value is simply an integer, beginning with "0", recording the 

number of elements - a multiple of 16 - stored in the Stage-2 LUT. Then the algorithm 

executes a loop to calculate aU 16 6-bit LUT oflfeet addresses, firom smallest to largest. 
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FIGURE 4.4. Flowchart depicting formation of Stage 1 of 2-stage 6-bit compressed 
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î̂ ^S(Sfccompu®aJEtK 

igAOlSel̂ d^se^  ̂

fe|to|,tar̂ t5dbrresM  ̂

^yoiifgppacn^  ̂ iist;̂  
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corresponding to the Stage-15-bit LUT o^et address and, for each, address, appends 

to the end of the Stage-2 LUT the contents of the corresponding &-bit LUT element. 

Upon completion of the loop over all the 5-bit LUT o^t addresses, the Stage-2 LUT 

consists of every block of 16 6-bit LUT elements from the original 6-bit LUT that 

contains at least one ML position estimate. 

The procedmre for using the compressed 2-stage 6-bit LUT, a flowchart of which 

is shown in Figure 4.6, is as follows. The 8-bit signals are initially compressed to 6 

bits using the square-root compression scheme introduced in Section 4.3. The 6-bit 

signals are then converted to 5 bits via Equation 4.7. Using Equation 4.6, the 5-bit 

signals are used to form an ofeet address {OA5) for an element in the Stage-1 LUT. If 

the Stage-1 LUT element contains a flag indicating scatter, then the event is rejected 

and the position estimation is done. If the event fe not rejected, then the Stage-1 

LUT element contains the oflset address (OAuk) for a block of 16 elements within the 

Stage-2 LUT. The 6-bit signals are once again converted - this time to binary values 

(0 or 1). The binary representation, denoted by Ubinj where j is the tube index, is 0 

if the 6-bit signal is even and 1 if it is odd. The binary values are used to form an 

offset address calculated as 

OAfrin — Ubm,Z^ Ubin,2^' + i 

for an element within the block of 16 elements designated by the offset address OAuk-

The total offset address for the Stage-2 LUT elememt, denoted by 0Astage2, is formed 

by adding the two ofeet addresses together, or 

^•^Stage2 ~ OA^k '^OAf^. 

If the Stage-2 LUT element contains a flag indicating scatter, then the event is re

jected. Otherwise, the Stage-2 LUT element contains the ML position estimate (r, . 
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FIGURE 4.6. Flowchart depicting use of 6-bit 2-stage compressed LUT to perform 
position estimation. 



121 

4.3.3 6-bit LUT with. 8-bit likelihood-weighted smoothing 

This two-stage positioa estimation scheme requires a search through a designated 

region of [x, y) locations. The first stage involves the use of a 6-bit LUT to obtain an 

initial ML position estimate, which is designated (ro,yo). The second stage requires 

searching a defined neighborhood of pbcels around (xo.^o), using 8-bit signal data 

to find the (z,y) location that maximizes the value of the likelihood function, and 

then applying a normalized, likelihood-weighted set of values to the pixels within the 

search area. A description of the second stage will be prox'ided in this section. 

The motivation for this scheme was (a) to improve the accuracy of the position 

estimation by exploiting the information provided by the full 8-bit signals and (b) 

to incorporate some level of smoothing into the image. With respect to improving 

the accuracy of position estimate, recall that in Section 4.3.2 we noted an obvious 

improvement in image quality when 6 bits, instead of just 5, were used. The improve

ments included more uniformity and less checkerboarding in reference flood images, 

as shown in Figure 4.10, and better spatial resolution near the edges of the camera 

face, as demonstrated in the point array images in Figure 4.12. Thus, it would be 

reasonable to assume that using 8 bits would lead to further improvements. With 

respect to incorporating smoothing into the images, in this scheme it is a convenient 

by-product of the position estimation procedure. 

The implementation of this scheme, for which a flowchart is shown in Figure 4.7, 

is straightforward. Given the initial 6-bit ML position estimate (xq , yo), a 3 x 3 square 

region of pixel locations is defined such that (xorj/o) is at the center. If (xq, UO) is on 

the edge or in a comer of the camera face, then only those pixel locations physically 

on the camera face are used. For example, if (ro,jfo) is in an edge row but not in 
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FIGURE 4.7. Flowchart depicting use of 6-bit plus 8-bit likelihood-weighted smooth
ing method to perform position estimation. 
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-2["- K \x,y) [u- u(r,t/)l 

a comer, thea we consider a 3 x 2 regioa ia which, five pixels surround {xo,yo), and 

if (2^0 >2/0) is in a comer, then we use a 2 x 2 region in which three pixels surround 

(2^0.^0)- Using all 8 bits of the signals, the multivariate normal likelihood function, 

defined earlier in Equation 4.4 as 

1 ,  
„ exn — 

(27r) ,/detK(ar,y) 

is evaluated*^ at each {x,y) within, the defined region. Then the individual values 

of L {x,y) for every (x,y) considered are normalized such that their sum equals 1.0. 

Finally, the normalized valu^ of L {x,y) are used to increment the image array at 

the corresponding pixel locations. In effect, instead of merely incrementing the image 

array by 1.0 at (xo,yo) - which is what occiurs in the 5-bit and 6-bit LUT position 

estimation schemes, the contribution of LO to the image array is broken up and 

distributed over the search region in proportioa to the likelihood that the gamma ray 

interacted with the camera at that pixel location. 

Increasing the nimiber of bits in. the signals leads to improved spatial resolution 

and uniformity via better position estimation. Once again, the sample images of the 

uniform reference flood, the point array, and the planar projectioa of a geometric 

phantom are shown in. Figures 4.10(d), 4.12(d), and 4.13(d), respectively, while the 

c r o s s - s e c t i o n  o f  t h e  u n i f o r m  r e f e r e n c e  f l o o d  i s  s h o w n ,  i n  F i g u r e  4 . 1 1 ( d ) .  T h e  8 x 8  

grid of points, as weE as each individual point, in. the 8-bit point array unage clearly 

Kdiibits a higher level of regularity and symmetry than, is seea in. the 5- and 6-bit 

images. Also, in. general, the 8-bit images are more uniform than, their 5- and 6-

bit counterparts. While we acknowledge that the improved uniformity is due, in 

part, to the smoothing operation incorporated into this scheme, we note that using 8 

"^Due to (a) the minuteness of the magnitudes of L(x,y) and (b) the very slight changes in L(x,y) 
when moving from one (x,y) location to the next, the calculations were actually performed using 
the natural logarithm of the likelihood fimction, or In L(x,y). 
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bits essentially eliminates the checkerboarding effect easily seen in the 5-bit miiform 

reference flood, image and. thus leads to more uniformity. In fact, the 8-bit position 

estimation scheme to be described, in the next section uses no smoothing yet provides 

comparable, if not superior, results to the scheme described, in this section. 

4.3.4 6-bit LUT with 8-bit analytic solution 

This two-stage position estimation scheme employs a quasi-analytic solution of the 

multivariate normal likelihood, fimction. Like the previous scheme, the first stage 

uses a 6-bit LUT to obtain an initial ML position estimate (xoiVo)- The second stage 

requires making three assumptions about the behavior of some terms contained in the 

likelihood, fimction expression and then using 8-bit signal data to analytically solve 

for the (r, y) that maximizes the value of the likelihood fimction. As in the previous 

position estimation scheme, the motivation is, in part, to improve the accuracy of the 

position estimation by exploiting the extra information contmned. within the 8-bit 

signals. The details of the second, stage will be described, in this section. 

The first and second assumptions made to facilitate this approach involve the be

havior of two specific terms, as a function of (z, y), within the likelihood, fimction. The 

likelihood function is the multivariate normal distribution defined earlier in Equation 

4.4, or 

The first assumption is that the term i/detK(r,y) is slowly varying in. the local 

neighborhood of (aro,yo), or that 

v'detKCaTjy) ~ v'detK(ro,yo)-

u(x,y)l' K \x,y) [u- \x{x,y)\ .  
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A sample plot of y/det.K{x,y) for a typical MDRF data set is shown in Figure 4.8. 

The effect of the assumption for ydetK(ar,y) is to make the term in front of the 

exponential term a constant for a given (aro, yo)- Thus, in order to maximize L{x, y), 

we have to maximize only the exponential term 

exp [u - u (2, y)f K-^{x, y) [u - u {x, y)j 

or, equivalently, minimize 

[u - u(x,y)I' K"^(ar,y) [u - u(ar,j/)I, 

the non-constant portion of the exponent in the exponential term. The second as

sumption is that the term K.~^{x,y) is also slowly varying in the local neighborhood 

of (xo.yo), or that 

K~\x,y) 0£.K~\xQ,yQ). 

A sample plot oiK~^{x,y), specifically one of the diagonal elements that corresponds 

to the variance of a single PMT, is shown in Figure 4.9. 

The final assumption is that the components of the vector u(x,t^) are well-

approximated by a first-order Taylor series expansion. Specifically, we can expand 

u(x,ir) with respect to x and y in a first order Taylor series expansion about (xo,yo), 

or 

d d 
a (x, y) = a (xq, yo) + V) 1(io,bd) " aro)  + v) 1(xo,ir)) " J/o) - (4-8) 

These assumptions make the problem, of solving analytically for the (x,y) location 

that maximizes L{x,y) a much more tractable one. 

The remainder of this section will detail the procedure for determining the final 

(x,y) location - namely, substituting the expression for a(x, y) in Equation 4.8 into 
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Y 0 0 

FIGURE 4.8. Square root of the determinant of the covaxfaiice matrix as a fimction 
of (x,y). 

0.0.,-

Y 0 0 

FIGURE 4.9. Diverse of the variance as a fimctioa of (x,y) for a single PNIT. 
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the term 

[u- \x{x,y)f K ^(aro.yo) [u- n{x,y)\, 

differentiating this term with respect to (Xry), setting the differentiated expression 

equal to zero, and. solving for the corresponding {x, y). The term 

where, following the form of Equation 4.8, 

d d 
Uiix,y) = 'iHixQ,yo) + -^tH{x,y)\^xo,yo)i^-XQ)+-^i^,y)kxo,yo)iy-yo) 

d d 
Ui{x,y) = trj(arort/o) + ^Uj(a^,y)[(io,!«,)(a^-aro) +^%(a;,y)l(io.!«,) (f-^o) • 

The next step is to differentiate the (ar, jr)-dependent terms independently with respect 

to X and y. Since the x and y cases will differ only in notation, the procedure will be 

worked out for the case of x, and the result for y will be incorporated further along 

when necessary. Differentiating with respect to x, we have 

[u- u(x,y)j' K ^(aror^o) [u- u(x,y)I 

can be rewritten in summation form as 

4 4 

y)l ^ijK^OrVo) [y-i - y)| 
£=l i=l 

(4.9) 
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To simplify Equation 4.10, we define the following terms: 

C\xi = kio.sm) 

C\xj = l(xo,so) 

Clyi — kio.SKj) 

Clyj = kio.sm)' 

In order to keep the mathematical expressions as clear and concise as possible, we will 

refrain from writing in the dependence of the defined constants on the ML position 

estimate (a:o.yd)> For example, instead of writing Cixi{xQ,yQ) in the equation above, 

we have merely written Cixi- Substituting the terms defined above into Equation 4,10 

and rewriting, we have 

d 
-U£(x,y)I [uj -Uj{x,y)\} = 

= [%• - yo) - Cixj {x - xo) - Ciyj {y - yo)l [-Ciiil -f-

[uf - Ui(aro, yo) - (ar - XQ) - Ciyi {y - yo)] [-Cixy] 

~ ~^lxi [[%• yo) ^Ixj XQ "i" ̂ lyj yol ^Ixj  ̂ fl 

~Cixj [[lit 2/0) Îit ̂ 0 "f" ̂ lyi yol ^Ixi ̂  l̂yt 2/} -

To simplify Equation 4.11, we define the following terms: 

Cat = 'ik{xQ,yQ)-CixiXo-CiyiyQ 

C2J = '^ji^Otyo) OlxjXQ ^lyjyO' 

Substituting these terms into Equation 4.11 and rewriting, the derivative with, respect 
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to X is 

^ {[ui - Uiix, 2/)| [uj - Uj{x, y)I} = -Ci„- [{uj - Coj) - Ci^j x - Ciyj yi4:12) 

-Cixj [(t^t - Cii) -CixiX- Cijrf y\. 

The correspouding derivative with respect to y is 

 ̂{[•Ui - Ui{x, y)I [uj - Uj{x, y)l} = -Ciyi [{uj - Cij) - Cix,- x - Ci„- yj;4.13) 

~CLYJ [('Ui Coi) CLXI X CIYI -

Recall that we would like to differentiate the term in Line 4.9 independently with 

respect to x and y and set it equal to zero. Mathematically, we have 

•t 4 

iin] 
'dx I 

4 4 
FC~^('rn 

dy 

0 = -%(a:,y)l} (4.14) 
i=L j=l 

Q 
0 = {[tfi-iii(x,t/)j[uj-uj(r,y)j}. (4.15) 

.•=t i=i 

Substituting the right-hand sides of Equations 4.12 and 4.13 into Equations 4.14 and 

4.15, r^ectively, we have 

4 4 

0 = EE'̂ 5'(^»'!»HPw(%-Cy)+Cu„(ui-C2.)l C-i-ie) 
i=l j=l 

— {QlxiClxj + ClxjClxi) X— {ClxiClyj -f- ClxjClyi) y} 

4 4 

0 = C4.1T) 
^1 i=i 

— (OtyiCtxf + ClyjCtxi) X — (ClyiClyj + ClyjClyi) J/} 

where the variables x and y have been replaced with, x and y. To simplify Equations 

4.16 and 4.17, the foUowmg terms — two of which are fimctions of the PMT signals -



130 

are defined: 

^3tj (^"i ^j) 

C4ii(Ui,Uj) 

Osij 

Csij 

Cnj 

Csii 

Oixi (liy ^2j) "f" ^Ixj (jH Qzi) 

^lyi (%' ^27) "f" ^lyj Q2t) 

CixiCixj "f* ^Ixj^lxi 

ClyiClxj 4" ClyjClxi 

ChiClyj + ClxjClyi 

0\yiC\yj + C\yjC\yi, 

Substituting these terms into Equations 4.16 and 4.17, the summations become 

4 4 

0 = 53 (^if, %) - C^ij X - Cjij 
.=1 j=i 

(4.18) 

4 4 

0 = X! E '̂ 5' ("<' ">•) - • 
t=l ]=l 

(4.19) 

Expanding and regrouping terms. Equations 4.18 and 4.19 may be rewritten in the 

general form of 0 = Ax-i-By+C where ^4, B, and C are each summations themselv^. 

0 = 

4 4 

L»=I- J=l 

4 4 

.f=i j=i 
X — 

4 4 

EE ̂7''̂ '" 
Ml i=i 

y 

(4.20) 

0 = 

" 4 4  

Li=l 3=1. .fc=l- 3—1 
X — 

4 4 

EE^7'c»i 
_i=l j=l 

y-

(4.21) 

The regrouping of terms will faciKtate a straightforward approach to solve for x and 

y. To simplify Equations 4.20 and 4.21, the following terms - two of which, again. 
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axe functions of the PMT signals - are defined: 

i 4 

i=l i=l 

i 4 

C,„(U) = 
t=l J=l 

Cu S 
i=l J=l 

i=l j=l 

Ci3 = 
i=l j=L 

Ci4 = 
i=L /=L 

Substituting these terms into Equations 4.20 and 4.21, we have 

0 = C9(u) -Cnx-Ctsy 

0 = Cio (u) — Ci2 X — Ci4 y, 

a simple system of two equations with, two unknowns. Multiplying both sides of the 

first equation by C12 and both sides of the second equation by Cn, or 

0 = Cg (u) C12 — C11C12 X — C12C13 y 

0 = <^10 (ii) Cii — CuPvi X — CiiPn y, 

eliminating x^ and solving for % we have 

C9 (tt) C12 — Cio (u) Cn 

^ CisPiz — CuPn 

Similarly, by multiplying both, sides of the first equation by CM and both, sides of the 
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second equation by C13, or 

0 = Cg{\i)Cu — CiiCux — Ci2Cuy 

0 = Cio (u) Ci3 — C12C1Z X — CiaCu y, 

eliminating y, and solving for x, we have 

Qo (u) Ci3 — C9 (u) Cu 

CnCiz — CiiCu 

Defining one more term to simplify the denominator, 

Ci5 = C12C13 — CuCw, 

we are left with, two equations, written in a more formal manner, that represent the 

solution for x and y - namely, 

CiQ (u) Ci3 — Cg (u) Cu 
x(u)| 

y(u)| 

(X0.!RO) CI5 

Cg (u) C12 — Cio (u) Cii 

(4.22) 
(XQiS/o) 

(4.23) 
(xOtSK)) 

'(®Q.!ra) 

The execution of this scheme is relatively simple. First, given an initial 6-bit ML 

position estimate (2:0,^0)> values of the constants Cu, Ciz, C13, Cu, and C15 

corresponding to (xo, YO) are determined. Then the functions C9 (u) and CIQ (u) are 

evaluated for both, the given event data u and the position estimate (XQ, J/O). Finally, 

(r, is determined through the use of Equations 4.22 and 4.23. 

Once again, Just as in the case of the 6-bit LUT plus 8-bit likelihood-weighted 

smoothing scheme, using all 8 bits in the signals corresponds to improved position 

estimation and, hence, better spatial resolution and uniformity. The sample images of 

the uniform reference flood, the point array, and the planar projection of a geometric 

phantom are shown in Figures 4.10(c), 4.12(c), and 4.13(c), respectively, and the 
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(a)5-bitLUT (b) 6-bit LUT 

(c) 6-btt LUT p(us 8-bit analytic solution (d) 6-bit LUT plus 8-bit likelihood-weighted 
smoothing 

FIGURE 4.10. Images of aniform reference flood image as generated by each, position 
estimation scheme using Bayesian windowing for scatter rejection. 
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(c) 6-bit LUT plus 8-bit analytic solution (d) 6-bit LUT plus 8-bit likelihood-weighted smoothing 

FIGURE 4.11. Cross-sections of reference flood images shown, oa previous page. Pixels 
9-56 of the original 0-63 are shown, here for a horizontal line through the center of the 
unage. 



135 

(c) 6-bit LUT plus 8-bit analytic solutfon (d) 6-bit LUT plus 8-bit likelihood-weighted 
smoothing 

F[GlTRE 4.12. Images of pomt array as generated by each position estimation scheme 
using Bayesian wmdowing for scatter rejection. 
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Cb) 6-bit LUT 

% 

(c) 6-bit LUT plus 8-bit analytic solution (d) 6-bit LUT plus 8-bit likelihood-weighted 
smoothing 

FIGURE 4.13. Images of geometric phantom as generated by each position, estimation 
scheme using Bayesian windowmg for scatter rejection. 
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cross-sectioa of the uniform reference flood image in Figure 4.11(c). The uniform 

reference flood image exhibits no apparent checkerboarding and is quite uniform in 

comparisoa to the 5- and 6-bit images. The point array image displays an improved 

alignment and symmetry of grid, points, and the grid points themselves are slightly 

more compact than those in. the 6-bit LUT plus 8-bit likelihood-weighted smoothing 

scheme. The extra compactness is due, in part, to the lack of a smoothing operation. 

4.4 Specific applications 

The role of a LUT is to decide whether or not a set of PMT signals corresponds to 

an unscattered gamma ray and, if so, to indicate where the gamma ray interacted 

within the scintillation crystal. The method by which we generate a LUT directly 

affects the performance of the associated imaging system for an imaging task. This 

sectiott presents three studies that are relevant to the design and application of LUTs 

in our work with modular gamma cameras. The first study illustrates how several 

key parameters affect the acceptance rate of a 5-bit LW LUT. The second study, by 

analyang how each of the LW, EW, and BW position estimation schemes handles 

the trade-off between accepting events as primary or rejecting them as non-primary, 

determines which scheme is optimal for eliminating a specified artifact firom low-count 

background noise images. The third study describes how a modular gamma camera 

calibrated to image ganama rays of one energy can. be recalibrated in software to image 

gamma rays of another energy. 
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4.4.1 Factors affecting acceptance rate of 5-bit LW LUT 

Since scattered gamma rays are so common in nuclear medical imaging, the acceptance 

rate of a LUT is always less than 100%. Several reasons exist as to why an event might 

be rejected. In this study we examined the parameters - specifically, the features of 

the LW-LUT generation procedure - that lead to event rejection, and we illustrate 

which of the parameters are most significant for the case of a uniform reference flood 

image. The parameters include the magnitude and the sum of the PMT signals for 

an eventj the levels of the probability and likelihood thresholds, and the appUcation 

of an edge-correction scheme. 

The study involved observing the acceptance rate of a 5-bit LW LUT as a function 

of each parameter alone and as a fimction of all the parameters together. A. single 

modular gamma camera without a collimator was positioned such that it viewed a 

point-like radioactive source, 4 mCi of Tc-99m in a syringe needle cap, about one me

ter away in the center of its field of view. The radioactive source provided a uniform 

flood of gamma rays across the camera face, and the 5-bit PMT signal data for 10® 

events were collected and stored. 5-bit LUTs were generated that corresponded to 

various values of the parameters being studied. The flood data were passed through 

each LUT, and the percentage of events accepted was recorded as a function of param

eter value. The remainder of this section will provide a description of each parameter 

and how it affects the acceptance rate of the LUT. The last sub-sectioa will discuss 

how the factors work together to control the LUT's acceptance rate. 

Magnitude and sum of PMT signals 

The set of PMT signals for an event is screened to ensure that each signal has 

a legitimate magnitude. When 5 bits are used, each signal will have a magnitude 
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in the range of [0,31}. Specifically, we search for signals of magnitude zero, which 

indicate that the PMT may have failed to detect the event, and of magnitude 31, 

which, indicate that the PMT may have been saturated. If at least one signal in the 

set has a magnitude of zero or 31, then the entire set is rejected. We acknowledge that 

a signal of magnitude zero, for example, could result from a very small-magnitude 

analog signal being assigned to the O"' bin upon digitization and also that a signal of 

magnitude 31, for example, could have been randomly generated, by an unsaturated. 

PMT. Since, however, we have no means of discerning the actual reason why a random 

signal has a particular value, we take the conservative approach and simply reject the 

entire set of signals. In this study the 5-bit LUT rejected 2.1% of the events because, 

for each event, at least one signal had a value of zero or 31. 

The sum of the PMT signals {Utot) for an event is restricted to a defined range 

to prevent the consideration of unrealistic signal combinations. Specifically, for the 

5-bit PMT signals Uj where j 6 [0,3], we require that 10 < upper 

and lower bounds were determined by calculating the sum of the means of the PMT 

signals as a function of position, or 

3 

Utot{x,u) = 

/=o 

and then defining 

upper bound = mi^\Utot{x,y) 

lower bound = min [CTtotCa:, y)  — Jar, j^)] 

where is the standard deviation of Utotix,y) and the bounds are rounded 

to the near^ integer. The resultant range of [10, 90] is thus hardly restrictive as it 

accommodates over 99% of the signal combinations. It acts, however, as an effective 
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safeguard by rejecting PMT signal combinations we know to be extremely milikely. 

In this study this parameter was not isolated for analysis, so, while we will not report 

on how it specifically affected the acceptance rate of the 5-bit LUT, we expect that 

it affects fewer than 1% of the events. 

Probability threshold 

The probability threshold {pth) specifies the acceptable range of a PMT signal 

as a function of location on the camera face. In Section 4.2.1 we explained the role 

of the probability threshold and how a PMT signal, tii for which i E [0,3], would 

be considered valid at a location (ar,y) only if p{ui [u{ (r,y)) > ptk- The probability 

threshold acts to reduce the number of unique a's that are to be considered candidates 

for mapping to an ML position estimate. 

In this study the acceptance rate of the 5-bit LUT as a fimction of probability 

threshold was noted. As shown in Figure 4.14, the percentage of events accepted by 

the 5-bit LUT decreased with increasing pth and eventually dropped to zero. Upon 

ecamination of Figure 4.14 and the reference flood image corresponding to each prob

ability threshold, we selected pth = 10"^ for use in general 5-bit imaging procedures. 

This threshold level, designated by the vertical dotted line in Figure 4.14, allowed 

the 5-bit LUT to accept higher-probability PMT signals, which contributed to a sat

isfactory flood image, while rejecting lower-probability ones that were the origin of 

unwanted count buildup near the edges of the image. For pth = 10"^ the percentage 

of events rejected by the 5-bit LUT was 18.2%. 

Likelihood threshold 

The likelihood thr^hold (r) ^ablishes the mTniTrmTn likelihood required for a 

position estimate to be accepted as the ML position estimate. In Section 4.2.1 we 
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LOG (PROBABILITYTHRESHOLD ) 

FIGURE 4.14. Acceptance rate of 5-bit LUT as function of probability threshold. 

explained the concept of likelihood windowing and how an event u is mapped to a 

ML position estimate only if > r. The value of r, having a range of 

[OjlJ, is chosen such that a reasonable balance is struck between accepting photopeak 

events and rejecting scatter events. As r increases in magnitude, the number of events 

accepted as photopeak events decreases. 

In this study the acceptance rate of the 5-bit LUT as a fimction of the likelihood 

threshold was recorded. As shown in Figure 4.15, the percentage of events accepted 

by the 5-bit LUT decreased with increasing r and dropped to zero before r reached 

a value of 0.1. Upon ecamination of Figure 4.15 and the reference flood image corre

sponding to each threshold value, we selected r = 10"^ for use in general 5-bit imaging 

procedures. This threshold level, designated by the vertical dotted line in Figure 4.15, 

allowed the 5-bit LUT to accept higher-likelihood events, which contributed to a sat

isfactory flood image, while rejecting lower-Iikelihood events that were the origin of 
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FIGURE 4.15. Acceptance rate of 5-bit LUT as a function of likelihood threshold. 
The dotted line represents the likelihood threshold chosen for normal LUT operation. 

unwanted buildup near the edges of the image. For r = 10"^ the percentage of events 

rejected by the 5-bit LUT was 29.3%. 

Edge-correction 

The edge-correction procedure helps prevent the buildup of counts in the outer 

row of an image by considering whether the ML position estimate for a set of PMT 

signals should actually be outside the boundaries of the camera face. Hope Marcotte 

developed the basic principles of this procedure, which she called discarding uphill 

estimatesf and successfiiUy applied it to real image data (Marcotte 1993). The dis

cussion in this section is based, in part, upon a review of her work. Recall that the 

ML position estimate is the camera face coordinate that, for a given set of 

legitimate PMT signals U, maximizes the likelihood fimction L(rr, y). If (r, y} repre-

saits a pixel in an outer row of the image, then it is possible that a greater likelihood 
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would correspond to a case - albeit, an imaginary case - in which, the true gamma 

ray interaction location, denoted as (x',2/'), was outside the boimdaries of the camera 

face. Such a case might occur when a gamma ray is absorbed near the edge of the 

scintillation crystal, and the inherent randomness of U causes L(x,y) to have a higher 

value at than at (x, ̂ . Since the ML position estimation scheme will select the 

(r, y) within the camera face boimdaries that maximizes L{x, y), many events having 

a greater likelihood of having occurred at (x', y*) are instead placed in an outer row 

of the image, leading to a buildup of events at the edges. For each unique U that is 

mapped to an (x,^ in an outer row of the camera face, we can compute the likeli

hood that U would instead correspond to the pixel immediately adjacent to 

(x,^ yet outside the camera face boundaries. We accomphsh this by extrapolating 

MDRF{x,y) such that MDRF{3^,y') is known and then calculating the likelihood 

function at {xf.y'). If L(x',^) > i(x,t7), then the mapping of U to the original (x,?/) 

is removed from the LUT. Thus, any set of PMT signals having a greater likelihood 

of corresponding to a scintillation event outside the boundaries of the camera face is 

rejected by the LUT. As Maxcotte notes, without this rejection of uphill estimates, a 

typical image of a uniform flood source might have large niunbers of counts along the 

edges and in the comers. In this study the 5-bit LUT rejected 16.5% of the events 

because each event had a greater likelihood of corresponding to a scintillation event 

located outside the boundaries of the camera face. 

All parameters 

The magnitude and sum of PMT signals requirements, the likelihood and prob

ability thresholds and the edge-correction scheme do not necessarily reject events 

independent of one another. Indeed, more often than not, events that were rejected 
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by the magnitude or sum of PMT signals requirement would have been rejected any

way by the probability threshold test or, if necessary, by the likelihood threshold 

test. We have found that the parameters interact in the following fashion. First, the 

magnitude and sum of the PMT signals for a given event are screened. Second, if 

the PMT signals pass the initial screening, then each PMT signal is tested against 

the probability threshold. Third, if each signal is deemed likely, then an ML position 

estimate can be determined for the signal combination. Finally, if the ML position 

estimate is in an outer row of the image array, then the edge-correction routine is ap

plied to ensure that it indeed belongs within the outer row. When the edge-correction 

is in effect, the likelihood threshold is the controlling parameter in determining the 

acceptance rate of the LUT. 

Figure 4.16 shows a plot of the overall acceptance rate as a function of likelihood 

threshold with the edge-correction scheme in effect. The data from Figure 4.15, dis

played in the form of a dashed line, is included for comparison to show the effect of 

the edge-correction scheme on the acceptance rate. We note that as the likelihood 

threshold increases, some events that were originally placed in an edge row and were 

subsequently rejected by the edge-correction scheme are being rejected by the likeli

hood threshold test. The vertical dashed line represents the value of the likelihood 

threshold chosen for use in general 5-bit imaging procedures. 

The LUT acceptance rate, as a fimction of the parameters described in this section, 

will also vary as a fimction of the imaging setup. The acceptance rate for gamma 

rays incident within the central area of the camera face tends to be higher than that 

for those incident near the edges. In this study, we considered a unifonn flood of the 

camera face, and thus many rejected events corresponded to gamma rays absorbed 

near the edges of the scintillation crystal. If an aperture was installed to help prevent 
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LOG (LIKELIHOOD THRESHOLD ) 

FIGURE 4.16. Acceptance rate of 5-bit LUT as a fiinction of likelihood threshold 
(LT). The edge correction (EC) and probability threshold (PT) are both in effect. 

gamma rays from striking near the edge of the scintillation crystal, then we would 

expect the overall LUT acceptance rate to increase. 

4.4.2 Effect of varying LUT parameters oa the elimination of an artifact 

&om backgroimd noise images 

If a signal combination originates from a non-primary event and is mistakenly ac

cepted by the LUT, then the choice of ML position estimate for the signal combina

tion may lead to an erroneous buildup of counts, or an artifact, in the image. We 

have observed that if a UA modular gamma camera collects a long-term background 

noise data set, then the resulting image may contain regions of artificially high count 

buildup, or an artifact, under the centers of the PMTs. In this study we evaluate the 

LW, EW, and BW ML position estimation schemes for the task of eliminating the 

artifact while not severely restricting the nimiber of primary events that are accepted 
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by the LUT. 

The study involved observing the acceptance rate of a 5-bit LUT in. three cases -

likelihood windowing, energy windowing, and Bayesian windowing - as a function of 

the corresponding key parameter - likelihood threshold, energy window width, and 

Bayesian decision threshold - for two types of flood data - primary and background 

events. The primary event data was collected in the course of calibrating FA5T-

SPECT. A point-like radioactive source, 0.1 mCi of Tc-99m in a syringe needle cap, 

was suspended in the field of view of all 24 cameras such that it was approximately 

equidistant from the center of each camera. The radioactive source provided a flood of 

gamma rays across the camera face, and the 5-bit PMT signal data for about 4 x 10® 

events was collected and stored. The background event data was collected, without 

the radioactive soiurce present. A 30-minute time exposxire was executed, during 

which the PMT signal data for about 100,000 events was collected. 5-bit LUTs were 

generated for each of the three windowing schemes and, for each scheme, for several 

values of the parameter being studied. The primary and background, flood data sets 

were passed separately through each LUT, and the strength of the artifact and the 

LUT acceptance rate were observed as a fimction of parameter value. The remainder 

of this section will comment on the performance of each LUT windowing scheme for 

the task of removing the background nofee artifact while not significantly hampering 

the ability of each LUT to accept primary events. 

Likelihood mndomng 

The likelihood windowing positioa estimation scheme eliminated the artifact from 

the background images without incurring a significant loss in the acceptance rate for 

primary events. The images corresponding to four values of the likelihood threshold 
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- r € [0.000,0.001,0.002,0.005] - axe shown, in Figure 4.17. Note that as r increases 

in magnitude from 0.000 to 0.005, the artifacts imder the PMT centers are reduced 

and eventually eliminated. The LUT acceptance rates for both the primary and 

background cases are plotted in Figure 4.18. The smallest r, in imits of 0.001, for 

which the artifacts were totally eliminated was 0.005. For r > 0.005, the LUT 

acceptance rates decrease at approximately the same proportional rate, so, in order 

to accept as many primary events as possible, we selected the smallest magnitude of 

r for which the artifacts were absent - in this case, r = 0.005. The corresponding 

LUT acceptance rates for the primary and background event data were 67.0% and 

16.9%, respectively. 

Energy windowing 

The energy windowing position estimation scheme also eliminated the artifact 

from the background images while accepting a moderate loss in the acceptance rate 

for primary events. Thirteen energy windows, having widths from 11 keV to 131 keV 

in IQkeV increments, were tested. Each energy window was centered upon EQ, the 

energy of a primary gamma ray, and had a half-width of The images correspond

ing to four widths of the energy window - 2AiJ 6 [11 keV, 41 keV, 71 keV, 101 keV\ 

- are shown in Figure 4.19. Note that as the energy window width decreases, the 

artifacts under the PMT centers are reduced and eventually disappear. Specifically, 

the artifacts are no longer seen when 2AE = 31 keV. The LUT acceptance rates for 

both the primary and background cases are plotted in Figiure 4.20. Note that as the 

energy window width increases, the acceptance rate for the background event data 

rises approximately ImeatLy while the acceptance rate for the primary event data rises 

quickly at first and then continues increasing at a rate just slightly less than that of 
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FIGURE 4.17. Images of background flood data accepted by LUT as a function of 
likelihood threshold. 

LIKBJHOOD THRESHOLD 

PRIM~ 'RKfifT 

FIGURE 4.18. Plot of acceptance rate of LUT for both primary and background flood 
data as a function of likelihood threshold-
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X=0.0625 k=2 

X = 8 X = 16 

FEGURE 4.19. Images of background flood data accepted by LUT as a function of 
energy window width. 
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FIGURE 4.20. Plot ofacceptance rate of LUT for both, primary and background flood 
data as a function of energy window width. 
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2A = 7llceV 2A = 10lkeV 

Fi g u r e  4.21. Images of background flood data accepted by LUT as a function of 
Bayesian decision threshold. 
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FIGURE 4.22. Plot of acceptance rate of LUT for both, primary and background flood 
data as a function of Bayesian decfeion threshold. 
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the background event data. We would like to choose an energy window width narrow 

enough to eliminate the artifacts but as wide as possible to allow for the acceptance of 

primary events. Such a compromise is achieved for 2AE = 3lkeV. The correspond

ing LUT acceptance rates for the primary and background event data were 64.2% 

and 18.3%, respectively. 

Bayesian windowing 

The Bayesian windowing position estimation scheme failed to eliminate the arti

facts from the background images. The images corresponding to four values of the 

Bayesian dedsion threshold - Xth £ [1/16, 2, 8,16} - are shown in Figure 4.21. Note 

that as the decision threshold increases, the number of events in both the general 

image background and the artifacts are reduced, but the artifacts remain. The LUT 

acceptance rates for both the primary and background cas^ are plotted in Figure 

4.22. Note that as the decision threshold increases, the acceptance rate for the pri

mary event data decreases rapidly, sinking below that of the background event data. 

Thus, it appears as though the artifacts can only be eliminated if the decision thresh

old is raised to such a level that all of the data, both primary and backgroxmd, fe 

rejected - understandably an undesirable situation. So we choose to accept the pres

ence of the artifacts and select a decision threshold of Xth. = 1-0, the case for which the 

position estimation scheme simply decide which option - primary or non-primary -

has the greater likelihood. For Xth = 1-0 the corresponding LUT acceptance rates for 

the primary and background event data were 65.2% and 29.9%, respectively. 

Comparison of windowing schemes 

The choice of a position-estimation scheme with some form of windowing can 

depend, in part, on the imaging task. Li this studj*- the task was to eliminate the 
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artifacts from the background images without significantly hampering the ability of 

the LUT to accept primary event data. Since the BW scheme failed to eliminate 

the artifacts, we removed it from consideration. The LW and EW schemes, using 

the chosen likelihood threshold and energy window width, led to LUTs with similar 

acceptance rates for both the primary and background events. Incorporating the fact 

that LW LUTs require less computational effort to generate and require less memory 

space to store, the LW scheme becomes the preferred method for general use. In 

particular, the LW LUTs have been successfully used for applications involving high-

magnification small-animal imaging, an area of imaging in which low-count data sets 

are quite common and such noise artifacts are very undesirable. 

4.4.3 Scaling of LUTs to accommodate imaging with ganmia rays of dif

ferent energies 

In nuclear medical imaging we often foctis on unaging objects that emit gamma rays 

of a known energy. Consequently, many imaging systems are designed and calibrated 

to detect gamma rays having a specified energy, denoted here as £b. For example, 

positron emission tomography (PET) requires the detection of 511 keV gamma rays, 

and single photon emission computed tomography (SPECT) using Tc-99m Sestamibi 

requires the detection of 140 keV gamma rays. Occasionally, however, an application 

arises in which we would like to image an object that is emitting gamma rays of an 

energy different from the one the imaging system was calibrated to detect. Since it 

could be very impractical within a clinical setting to recalibrate an imaging system 

so that it can detect gamma rays of the desired energy, we would like to consider 

a method by which the hardware setup would remain unchanged, and the task of 

detecting the desired gamma rays and performing accurate position estimation would 
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rest instead on the data-processing software. 

For the UA modular gamma camera system, the task can be assigned to the LUT 

and the associated position-estimation software. When a modular gamma camera is 

calibrated, the mean response of each of the PMTs to gamma rays of energy EQ in

teracting within the scintillation crystal is determined as a fimction of position (r,y). 

The mean response, designated as the mean detector response function (MDRF), is 

used to generate a LUT that, as might be expected, exhibits a strong preference for 

accepting only gamma rays with energies close to £0. An obvious problem arises if we 

try to use the LUT to process PMT signals originating from gamma rays of energy E]_ 

where EI^EQ- namely, most of the desired gamma rays detected will be rejected by 

the LUT as scattered photons. Thus, we must answer the question of how an existing 

LUT, calibrated for EQ, can be modified to handle PMT signal combinations due to 

El gamma rays or, instead, how the PMT signal combinations can be modified such 

that they are not readily rejected by the LUT. 

In this study we demonstrate a practical solution for this problem. Specifically, 

we assume that a linear relationship easts between the energy of an incident gamma 

ray and the mean response of the gamma camera. Under this assxunption we can 

show that the camera can be calibrated using gamma rays of energy EQ, and, if 

the correspondmg MDRF{x,y) scaled by the factor EIJEQ, then a LUT can be 

generated that will allow the imaging system to image objects emitting gamma rays 

of energy Ei. 

In the first part of the study, we calibrated a camera for EQ = 140 keV by collecting 

MDRF{x, y) data with. Tc-99m, a source of 140-keV gamma rays, and generating the 

corresponding LUT. Four sets of PMT signal data, each containing data for 100,000 

scintillation events, were then collected. Two data sets involved placing a point-like 
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radioactive source -Tc-99ni in one case and Co-57, a source of 122-keV gamma rays, 

in the other - about one meter fi:om the camera face and imiformly flooding it with 

gamma rays. The other two data sets involved placing a multiple-pinhole aperture in 

front of the camera face and then repeating the data-collection procedure described 

above. The four data sets were passed tiurough the Tc-99m LUT, and the resulting 

images are shown in Figure 4.23 while the resulting LUT acceptance rates are listed 

in Table 4.1. In Figure 4.23(a) we note that the LUT generated the expected uniform 

flood and pinhole array images after having accepted 72.1% and 34.0% of the events, 

respectively, from the Tc-99m data sets. On the other hand, the LUT accepted only 

37.1% and 21.5% of the uniform flood and pinhole array events, respectively, from 

the Co-57 data sets. As shown in Figure 4.23(b), the image quality is significantly 

degraded. The uniform flood image is not uniform, having lost a large rnomber of 

events from the central portion of the camera face, and the pinhole projection are 

not as compact as before, having events for each pinhole spread out over a larger area 

than in the Tc-99m image. 

In the second part of the study, we executed a software recalibration of the imaging 

system by scaling the MDRF{x,y) data by the factor 122.0/140.0 and generating a 

Co-57 LUT, one corresponding to 122-keV gamma rays. The four PMT signal data 

sets described earlier were passed through the Co-57 LUT. The corresponding images 

are shown in Figure 4.24 while the corresponding LUT acceptance rates are listed in 

Table 4.2. The general results are the same as in the case of the Tc-99m LUT - i.e. 

the better-quality images are those for which the PMT signal data and the LUT are 

properly matched. la this case, Figure 4.24(a) illustrates the result of passing Tc-99m 

event data through a Co-57 LUT. The LUT accepted only 45.9% of the Tc-99m event 

data for the uniform flood, and very few of the accepted events were placed in the 
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(a) Tc-99m data passed through Tc-99m LUT 

(b) C0-S7 data passed through Tc-99m LUT 

FtGURE 4.23. Images of Tc-99m and Co-57 uniform flood and pinhole array event 
data passed through, a Tc-99m LUT. 

Radiotracer 
(energy) 

Acceptance rate of Tc-99ni LUT Radiotracer 
(energy) Uniform flood Pinhole array 

Tc-99m (140 keV) 
Co-57 (122 keV) 

72.1% 
37.1% 

34.0% 
21.5% 

TABLE 4.1. Acceptance rates of Tc-99m LUT for Tc-99m and Co-57 uniform flood 
and pinhole array event data. 
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(a) Tc-99fn data passed through Co-57 LUT 
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(b) Co-57 data passed through Co-57 LUT 

FIGURE 4.24. Images of Tc-99m and Co-57 uniform flood and pinhole array event 
data passed through, a Co-57 LUT. 

Radiotracer 
(energy) 

Acceptance rate of Co-57 LUT Radiotracer 
(energy) Uniform flood Pinhole array 

Tc-99m (140 keV) 
Co-57 (122 keV) 

45.9% 
60.4% 

13.4 % 
42.4% 

TABLE 4.2. Acceptance rates of Co-57 LUT for Tc-99m and Co-57 uniform flood and 
pinhole array event data. 
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central part of the camera face. Similarly, only 13.4% of the Tc-99m event data for 

the pinhole array were accepted, and the intensity of the pinhole projections is very 

low. Figure 4.24(b), however, shows the success of the software recalibration of the 

LUT. Not only are the LUT acceptance rates for the Co-57 event data, 60.4% for 

the uniform flood and 42.4% for the pinhole array, significantly higher than those of 

the Tc-99m event data, but the image quality is comparable to that shown in Figure 

4.23(a). Thus, this study has clearly shown that a modular gamma camera calibrated 

to image gamma rays of one energy can be recalibrated in software to unage gamma 

rays of a different energy. 

4.5 Summary 

As we noted at the beginning of this chapter, two essential features of a nuclear 

medical imaging system are the ability to detect the desired radiation being emitted 

from the object of interest and the ability to estimate the physical origin of the 

detected radiation. Position estimation and scatter rejection are two critical concepts 

that must be understood and properly implemented to ensure the successfiil design 

and operation of such an imaging system. In this chapter we have discussed the 

theory underlying both concepts and shown how they have been successfully applied 

to imaging with modular gamma cameras. 

We initially provided a brief background on estimation theory, fii general, the 

estimation principle is applied to a situation in which, given an observed set of data, 

one would like to determine something about the source that gave rise to the data. 

We consider the case of parameter estimation for which the unknown parameters are 

deterministic and use an estimator to map the observed data to an estimate of the 

original parameters. The performance of an estimator can be evaluated by two mea-
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siires of quality, the bias and the variance of the estimate, that quantify the accuracy 

and precision, respectively, of the estimator. An estimator with little or no bias and 

a small variance is highly desirable. Choosing to use an ML estimator, we define and 

maximize a likelihood function for a given set of observations and parameters. For 

the specific application of position estimation in a modular gamma camera, the like

lihood function is maximized for a given set of PMT signals to determine the most 

likely position that a gamma ray interacted with the scintillation crystal. Several 

probability models - Poisson, independent normal, and multivariate normal - were 

presented as choices for the ML position estimator. 

Next we considered the capability of a gamma camera to discriminate against 

scattered radiation. We presented three types of windowing schemes - likelihood, en

ergy, and Bayesian. Each scheme uses a threshold value to specify a trade-off between 

accepting events as primary gamma rays or rejecting them as scatter. Likelihood win

dowing compares the maximized likelihood function L{x, y) for a given set of PMT 

signals to a likelihood threshold r and accepts the event if L{x,y) > r. Energy win

dowing maximizes the likelihood function L{x,y, E), compares the estimated energy 

S to a defined energy window [EQ — AE, EQ + AE\, and accepts the event if E falls 

inside the energy window. Bayesian windowing calculates the likelihoods that a given 

set of PMT signals belongs to a either a primary or scattered event, compares a ratio 

of the two likelihoods, A, to a defined decision threshold Xtk, and accepts the event if 

A > At^. The performance and usefiilness of each scheme depends upon the imaging 

application. 

Having reviewed the theory behind ML position estimation and several methods 

of scatter rejection, we then discussed several means by which the theory was put into 

practice. LUTs provide a mapping between sets of PMT signals and the corresponding 



159 

ML position, estimate. Four position estimation schemes were described - the 5-bit 

LUT, the 6-bit LUT, the 6-bit LUT plus 8-bit likelihood-weighted smoothing, and 

the 6-bit LUT plus 8-bit analytic solution. The PMT signal data sets for three 

unique objects were passed through each of the position estimation schemes, and the 

resulting images were compared. We noted that an increase in the number of bits 

per PMT signal corresponded to reduced checkerboarding, improved uniformity, and 

better spatial resolution in the images. The two schemes using the 8-bit PMT signals 

were superior to the two that were limited to either 5- or 6-bit signals. 

Finally, we presented the residts of three studies that dealt with the measurement 

and optimization of the position estimation and scatter rejection schemes in specific 

applications. The first study demonstrated how several parameters affected the ac

ceptance rate of a 5-bit LW LUT for the PMT signal data of a uniform reference 

flood. Slightly over 2% of the events were rejected because they contained one or 

more invalid PMT signals. An additional 16.5% of the events were rejected by the 

edge-correction scheme. The likelihood threshold, the most significant parameter, 

was capable of rejecting nearly 30% of the events when assigned a value of 10"^ and 

operating independently of the other parameters. Note that the likeUhood threshold 

value was selected so as to ensure what we considered to be good image quality. When 

acting in concert with one another, all of the parameters rejected a total of about 35% 

of the events. The remaining parameter - the probability threshold - did not have 

a significant effect when the likelihood threshold was in effect. It served primarily 

to reduce the nmnber of PMT signal combinations available for consideration during 

LUT generation. 

The second study evaluated the LW, EW, and BW ML position-estimation 

schemes for the task of eliminating some specified artifacts in background noise images 
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while not severely restricting the LUT acceptance rate for primary events. We found 

that the LW scheme with a likelihood threshold of 0.005 performed the best. Not 

only did it eliminate the artifacts, but it did so while accepting a higher percentage of 

primary events, 67.1%, than non-primary events, 16.9%, as compared to the EW and 

BW schemes. The EW scheme with an energy window width of 31 keV performed 

almost as well as the LW scheme. The BW scheme, on the other hand, failed to 

completely eliminate the artifacts. Conveniently, the LW approach also requires the 

least amount of computational effort to generate a LUT. We note that the LW LUTs 

have been successfully used for applications involving high-magnification imaging of 

small animals, an area of imaging in which low-count data sets are quite common and 

such noise artifacts are very undesirable. 

The third study provided a practical solution for the problem in which we would 

like to detect and image gamma rays of an energy different from the energy the current 

imaging system was designed to detect. Specifically, we show that a camera can be 

calibrated using gamma rays of energy EQ, and, if the corresponding MDRF{x,y) 

is scaled by the factor EIIEQ^ then a LUT can be generated that will allow the 

imaging system to image objects emitting gamma rays of energy Ei. We successfiiUy 

demonstrated this technique by using a modular gamma camera originally calibrated 

for imaging 140 keV gamma rays to image 122 keV gamma rays. 
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Chapter 5 

MODEL OF THE UA MODULAR GAMMA CAMERA 

Scintillatioa cameras detect gamma rays emitted by a radioactive somrce. When a 

gamma ray is incident upon a camera and is absorbed by the scintillation crystal, 

a small burst of light is emitted which is subsequently detected by a photodetector 

array. The distribution of the scintillation light in the camera is quite complex. 

The photons encounter many different optical materials and many types of specular 

and rough optical sxufaces. In order to improve the capability of a gamma camera 

to provide estimates of the location and energy of the gamma ray, it is important 

to understand how to modify the optical components, and this, in tiun, requires a 

better modelling of the physical phenomena involved. 

Gamma-camera optimization, both physical and optical, has already been par

tially reviewed by some groups. Rogers et aL (Rogers et al. 1993) did an extensive 

analysis of the light distribution hi a thick crystal assembly to be able to extend the 

energy range of the device. EVeifelder et aL (Rreifelder et al. 1991) measxured the 

light distribution for various crystal surface treatments and configurations. Cook et 

aL (Cook et al. 1985) described the specific li^t distribution in thick crystal assem

blies for high-energy photons (around 2 MeV). Another thorough analysis through 

simulation and measurements of the gamma camera design was done by Jatteau et 

aL (Jatteau et al 1979). In this analysis the authors predicted the light distribution 

for different geometrical camera configurations. The main deficiency of these models 

resides in the inadequacy of the optical phenomena's descriptions: ideal camera with 
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black borders, no multiple reflections, and perfectly specular surfaces inside the de

tector. More recent work by Olivier et al (Olivier et al. 1993 #1, Olivier et al. 1993 

#2, Olivier et al. 1995) and Rioux et at (Rioux et al. 1995) has addressed some 

of these deficiencies by attempting to rigorously model light transmitted through the 

rough crystal surfaces and by comparing their model to commercial gamma camera 

data, using it to make a posteriori modifications to improve their model. 

We have developed an optical model to predict the mean response of the UA 

modular gamma camera to scintillation events. The model can be used in simulations 

to test and modify various parameters of camera design and/or performance that, if 

done in the laboratory, would consume considerable time and ^ense. The model, 

tziking into account the physical and optical properties of the camera components, 

performs radiometric calculations to determine the fate of all the light emitted by 

a scintillation event. In particular, the amoimt of light detected by each PMT is 

calculated, so the model can estimate the mean response of any PMT to a scintillation 

event located anywhere within the scintillation crystal. The model parameters include 

defined physical quantities - geometric dimensions, refiractive indices, etc. - and 

estimated physical quantities - reflectances and transmittances, surface roughness 

characteristics, etc. Physical phenomena considered include coupling of light outside 

the light guide, multiple reflections within the scintillation crystal, and rough surfaces 

inside the detector assembly. The model data was compared to and found to be in 

excellent agreement with experimental data measxured on an existing modular gamma 

camera. 

This chapter provides a detailed explanation of the development and use of the 

optical model. In Section 5.1 we begin by carefully d^cribing each of the gamma 

camera components and stating any related assumptions. Then in Section 5.2 we 
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review some basic optical concepts that will be used extensively in the model. In 

Section 5.3 several specific physical features of the camera components as weE as some 

physical phenomena involving the scintillation light are characterized so that they 

can be incorporated into the model. Next, in Section 5.4, we begin to develop some 

sub-components of the model - namely, some general expressions for determining how 

much light travels between certain significant interfaces. Using these sub-components, 

in Section 5.5 we then build and integrate the independent components of the model. 

In Section 5.6 the capabilities of the model are tested by comparing the model data to 

real laboratory data. Finally, in Section 5.7, we briefly describe several applications 

for which we have used the optical model to either modify a design parameter or 

determine the feasibility of an imaging task. 

5.1 Camera components 

The University of Arizona modular gamma camera (Rowe 1991) consists of three 

main components - a scintillation crystal, a h'ght guide, and an array of PMTs - that 

are coupled together and mounted in a light-tight aluminuni housing. A simple cross-

section of a modular gamma camera is shown in Figure 5.1. Thfe section provides a 

physical description of each camera component as weE as the interfaces between the 

components. Assimiptions that we will have incorporated into the optical model are 

noted as well. 

5.1.1 Scintillatioa cryst£il 

The scintillation crystal is composed of thallimn-doped sodium iodide, or N'al(Tl). 

The refractive index, denoted by rijc where the subscript sc stands for "scintillation 
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FIGURE 5.1. Cross-section of UA modular gamma camera. 

crystal", is 1.85 at 410 nm, the absorption coefficient is 0.0002 mm~'̂ at 410 nm (Rioux 

et ai 1995). and the linear attenuation coefficient, denoted by n, is 0.24 mm"*^ at 

140 keV and 0.0343 mm"*^ at 511 keV. The dimensions are 100 mm x 100 mm x 5 

mm where the 5-rmn thickness was chosen to balance the trade-off between stopping 

power of the scintillation crystal and spatial resolution of the gamma camera. All 

of the surfaces are rough, and we assume that the surface roughness statistics are 

isotropic and spatially stationary. The bottom surface of the crystal is assumed to be 

a perfect Lambertian reflector. A design goal for the modular gamma camera was to 
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FIGURE 5.2. Emissioa spectrum, of Nal(Tl) scintillation crystal. 

direct as much scintillation light as possible upwards towards the PMTs, so a high-

reflectivity material is placed under the scintillation crystal. The model assumes that 

the material diffusely reflects all of the incident light. The side surfaces of the crystal 

are assumed to be perfect absorbers. In an actual modular gamma camera, a black 

rubber band is fitted around the sides to absorb light incident upon the sides. The 

optical model assumes that the absorption is complete. The top surface of the crystal 

is assumed to scatter incident scintillation light in both reflection and transmission. 

The details of how the light is assmned to scatter are discussed later in Section 5.3.3. 

The scintillation crystal emits a flash of visible light in the proc^ of absorbing 

a gamma ray. The normalized spectral composition of the emitted light, shown in 

the form of a percentage in Figure 5.2, is non-uniform and peaks at a wavelength 

of about 410 nm (BeE et aL 1951). The emission spectrum is matched well to 

the sensitivity curve of PMTs with bialkali photocathodes. The emitted light is 

assumed to be incoherent and to radiate isotropically into space. For simplicity, 
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we neglect any polarization, partial or complete, of the light due to reflection from 

or transmission through an interface. We also assume that the scintillation crystal 

exhibits no significant self-absorption of the scintillation light and that bulk scattering 

within the scintillation crystal is negligible. 

5.1.2 Interface between scintillation crystal and light guide 

The scintillation crystal and light guide are coupled together with an optical adhesive. 

The layer of adhesive acts as both a physical and an optical interface between the 

scintillation crystal and light guide. The interface is assimaed to be Kctremely thin 

(less than 1.0 mm), to be index-matched to the light guide, and to not absorb any 

light. Prom an optical point of view, particularly that of the optical model of the 

camera, the adhesive is assumed to have no effect on light leaving the scintillation 

crystal and entering the light guide. Thus, the optical model simply assumes that a 

rough interface easts between the scintillation crystal and the light guide. As noted 

in the previous section, the rough interface is assimied to scatter incident scintillation 

light in both reflection and transmission, and our model of the scattered light is 

described in Section 5.3.3. 

5.1.3 Light guide 

The light guide is composed of standard optical-quality fused quartz with an estimated 

refractive index, denoted by njg where the subscript "Ig" stands for "scintillation 

crystal", (nig) of 1.4691 at 410 rmi (Melles Griot 1999). The dimensions are 100 

mm X 100 mm x 0.75 in where the 0.75-in thickness was selected to help optimize 

the position estimation capabilities of the gamma camera for a given set of PMT 
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dimensions. All of the surfaces are smooth and polished. The internal transmittance 

is assumed to be 100% since the light from a scintillation event, peaking at about 

410 nm, is attenuated by a negligible amoimt (less than 1%) for every 10 mm of 

distance traveled within standard optical-quality fiised quartz (Melles Griot 1999, 

MGI Products, Inc. 1995). 

The light guide is surrounded by a sealant gel, the primary function of which is 

to protect the scintillation crystal - a hygroscopic material - from the surrounding 

environment. The optical model assimies that the sealant gel fills all air gaps between 

the almninum housing and the scintillation crystal and light guide and that it extends 

from the light guide-PMT interface down to the entrance window. The optical model 

also assumes that the sealant gel is indec-matched to the light gmde, so any light 

incident upon a side of the light guide is completely coupled out through the interface 

between the light guide and the sealant gel. The sides of the light guide may also 

be covered with black paint, the primary fimction of which is to absorb scintillation 

light incident upon the sides of the light guide. In this situation, while the gel sealant 

described above may still be used to seal off the scintillation crystal, it may not also 

completely stirround the sides of the light guide. 

5.1.4 Interface between light guide and photomultiplier tubes 

The light guide and photomultiplier tubes are coupled together with a silicone rub

ber compound (GE silicone rubber compound RTV615A and silicone curing agent 

RTV615B). The layer of silicone rubber acts as both a physical and an optical inter

face between the light guide and PMTs. The interface is assumed to be extremely 

thin (less than 1.0 mm), to be index-matched to the light guide, and to not absorb or 

scatter any light. Rom an optical point of view, particularly that of the optical model 
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of the camera, the silicone rubber compound is assumed to have no effect on light 

leaving the light guide and entering the entrance window of a PMT. Consequently, 

the optical model assxmies that a perfectly smooth interface exists between the light 

guide and the entrance windows of the PMTs, 

5.1.5 Photomultiplier tubes 

Photomultiplier tubes are designed to detect particular types of radiation. Each type 

of PMT is sensitive to radiation within a particular wavelength range. Typically the 

wavelength range is bounded at the high end by the photoemission threshold of the 

photocathode material and at the low end by the transmission of the entrance window 

material. 

The PMT used in the University of Arizona modular gamma cameras is the Hama-

matsu R1534-07. The PMT is square, 53 mm on a side, and contains a square bialkali 

SbKCs photocathode, measured to be 47 mm on a side, centered, on the inside stuface 

of the entrance window. The entrance window is made of a borosilicate glass with an 

index of refraction of 1.5 at 410 nm. The quantum efficiency of the photocathode, 

denoted by where the subscript pc stands for "photocathode", is 27% at 410 nm, 

and the wavelength of peak response is 410 ± 30 mn [Hamamatsu 1996). Figure 5.3 

shows the quantum efficiency as a function of wavelength (Hamamatsu 1996). The 

spatial uniformity, or the variation of sensitivity to incident light as a function of 

position on the photocathode, is approximately constant, varying within about 10 % 

of the mean and falling off close to the edges (Hamamatsu 1996). 

The optical model of the camera incorporates aJl of the parameters specified above 

and. makes some additional simplifying assumptions. First, the relative sensitivity is 

assumed to be uniformly 1.0 across the area defined, by the photocathode and 0.0 
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(non-existent) elsewhere. More details about the modeled spatial uniformity will be 

provided in Section 5.3.5. Second, the PMT entrance window is assimaed to be 100% 

transparent to incident light. In other words, if a photon is transmitted through the 

interface between the light guide and PMT entrance window, then it is assumed to 

reach the PMT photocathode. Finally, the integral quantum efficiency, denoted by 

Tipcint where the subscript int stands for "integral", of the PMT photocathode, to be 

derived in Section 5.3.6, is constant with respect to the angle of incidence of incoming 

light photons. 

5.2 Basic optical concepts 

The development of an optical model of a gamma camera require an extensive back

ground in some basic optical concepts. We need to understand how the light from a 

scintillation event mteracts with each camera component and how the camera com-

li 
a uj 
< ^ 

o "J 
m 
0. 
0} 

0.4 

0.3 

f. 0.2 

0.1 

200 300 400 500 

WAVELENGTH [uml 



170 

Quantity Symbol Definition Units 
radiant energy Q J 
radiant power $ dQ/dt W 
radiant exitance M d$/dA W/m-
radiant incidance (irradiance) E d$/dA W/m-
radiant intensity I d$/dQ W/sr 
radiance L d^$/dndAcos0 W/sr-m-

TABLE 5.1. Radiometric quantities. 

ponents interact with, each other. Many of the concepts - such as Sneil's Law, total 

internal reflection, EVesnel reflectance and transmittance, specular and diffuse re

flection, solid angles, and radiometry - are clearly explained in any comprehensive 

textbook on optics, but we take the time in this section to provide the background on 

the specific application of some of these concepts to the problem at hand. Specifically, 

we describe, first, how we calculate the exact solid angle subtended by an arbitrary 

planar quadrilateral in space with respect to a non-coplanar point and, second, the 

actual EVesnel reflectances and transmittances, as a Eunction of incident angle, at the 

crystal-hght guide and light guide-photocathode interfaces. For reference we provide 

a brief summary - in Table 5.1 - of the fimdamental radiometric quantities that will 

be used in the development of the optical model. 

5.2.1 Solid angle 

The optical model is based on a fimdamental understanding of how much light from a 

scintillation event reaches each PMT as a fimction of source position. In the course of 

arriving at a PMT, the light must reflect from or transmit through various interfaces. 

In each case, the interface being considered can be subdivided into many smaller 

elements, each of which subtends a partictilar solid angle with respect to the somce 

of the light. This section describes how, given a soiurce of light (point or extended) 
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n 

FIGURE 5.4. Solid angle subtended by detector element. 

and a small elemental area of an interface, the solid angle subtended by the elemental 

area with respect to the source location is calculated. 

In the simplest case, if one has a detector element of area A^, where the subscript 

d stands for "detector", a distance | r| from a point source, as shown in Figure 5.4, and 

both the source and detector element are located within a medium of homogeneous 

refractive index, then the solid angle is defined as 

where 6 is the angle between —r and n, the normal to the sruface of the detector 

element. This expression for is an approximation which is reasonably accurate if 

the largest width of the detector element is much smaller than the source-detector 

distance (r). 

E the exact value of is desired, then a more complicated approach must be 

taken. Suppose that the detector element is defined as an arbitrary quadrilateral 

in some plane in space with vertices labeled 0, 1, 2, and 3 as shown in. Figure 5.5. 

Suppose also that the location of the source and the four detector comers are defined 

in space as (x,, y,, 2,) and (^cr Vc, ̂ c)r respectively, where c = {0,1,2,3}. The source 

is assumed to not be in the same plane as the detector, and the medium containing 

the source and detector is homogeneous with respect to refractive index. The first 

|2 



172 

(xi.yT.zt). (X3.y3.23) 

(xo,yo.Zfl) 

y R •••«?. f,,> N 
V 
I 
\ 
V 
\ 

V 
\ 

I 
r f 

t 
/ 

r 
V / 
\ • 

FIGURE 5.5. Calculatioa of solid angle subtended by pixel. 

step is to define the directional cosines of four vectors, each, of which originates at 

the source location and ends at one of the four vertices of the detector element. The 

directional cosines are defined as 

Oc = axccos 
( 
V 

/?- = arccos 

7c = arccos 

where 

COS^ ttc -t- cos^ jSc + cos^ 7c = 1 
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—1'̂ acl — yC^c ^ts)" + (l/c y,) + (Zc ^»)~i ^—{Qtli2,3}. 

The second step, once the directional cosines have been defined for each comer, is 

to consider a sphere of radius Raph centered on the source location (ara.ys.Zs). A 

convenient, although not necessary, requirement for Rsph. is that it be small enough 

such that the quadrilateral defined by the detector element is completely outside 

the surface of the sphere. If Rgph. is defined as such, then it is easily seen that the 

four vectors, r^c where c = {0,1,2,3}, intersect the siuface of the sphere, defining 

a spherical quadrilateral with vertices also labeled 0, 1, 2, and 3. The third step is 

to split this spherical quadrilateral into two adjacent and non-overlapping spherical 

triangles, A013 and A023. This step is the key to cjilculating the desired solid angle 

because an analytic expression exists for a solid angle defined by an oblique spherical 

triangle with respect to the center of the corresponding sphere (CRC 1981). The 

fourth step is to calculate, for each spherical triangle, the planar angle between each 

possible pair of vectors. Since a triangle has three vertices, three unique pairs of 

vectors exist and, hence, three planar angles need to be found. For example, the 

required angles for the spherical triangle A013 are 0oir ^is.and 603 where, agaui for 

example, 0oi is the angle between Cso and r,i. In general, these planar angles are 

found with the equation 

Scicz = arccos (cosaci costtQ + cos 13^ cos^^ -f cos 7^ 2037^,) 

where ci and co are two comers of the spherical triangle. The fifth step is to calculate 

the area of the spherical triangles. The area of a spherical triangle, with comers ci, 

C2,and C3, is defined as 
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where the spherical excess of the triangle is 

Sa. = 4 arctan [degrees] 

and 

s = 

The sixth step is to merely add the areas of the two spherical triangles together to 

find the area of the spherical quadrilateral. The total area is 

The seventh and final step is the determination of the solid angle subtended by the 

spherical quadrilateral and, in. turn, the detector element. The exact solid angle is 

Recall that the above calculations were performed with the assumption that the source 

and detector were within the same medium. 

Fractional solid angle 

Several calculations made by the optical model are greatly simplified when, instead 

of using the actual solid angle in. steradians, the fraction of 47r steradians occupied by 

the solid angle is employed. The fractional solid angle (Q/^) is defined as the fraction 

of 47r steradians represented by the actual solid angle, or 

Aquad — -AAOI3 + ^^023-
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5.2.2 Fresnel reflectances and treinsmittances 

Several optical interfaces exist within the light guide assembly of the camera. If an 

interface is considered to be smooth, then the Rresnel equations are used to calcu

late what fraction of the incident light is reflected from or transmitted through the 

interface. Snell's Law, 

Ui sin^fnc = Tit sin^t, 

where Ui and Ut are the refractive indices of the incident and transmitted media, 

respectively, and 0i„c and Qt are the angles of incidence and transmission, respectively, 

is incorporated in the derivation of the EVesnel equations. Total internal reflection is 

taken into accoimt when appropriate. The absorption (A) at each interface is assumed 

to be zero, so the incident light is either reflected from or transmitted through the 

interface, or 

L  =  R + T + A  

= R-f-r. 

The calculations of reflectance (i?) and transmittance (T) are done for the cases of the 

E-field both, perpendicular and parallel to the plane of uicidence, and then, assuming 

the light has equal amounts of polarization in both directions, the results are averaged 

together. 

Interface between scintillation crystal and light guide 

This interface is formed by the NaI(Tl) scrntillation crystal, a dielectric with a 

refractive index of 1.85, and the frised quartz light guide, a dielectric with a refractive 

indec of 1.4585. The strrfaces of the scintillation crystal are rough, and the surfaces 
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of the light guide are smooth. The scintillatioa crystal and the light guide are mated 

together with an adhesive that is index-matched to the light guide. The adhesive 

completely fills in all air gaps, so the interface is effectively a rough one. The degree 

of roughness is not so great, however, that one can totally ignore the EVesnel laws at 

the interface. As will be explained in Section 5.3.3, the reflection, transmission, and 

scattering of light at this interface will be calculated by a model combining the Fresnel 

laws with, a diffuse scatter function. This section will describe the Resnel reflectances 

and transmittances at this interface assmning, for simplicity, the interface is smooth. 

When both media forming an interface are dielectric, the EVesnel reflection (r) 

and transmission {t) amplitude coefficients for the perpendicular and parallel cases 

(Hecht 1987) are 

^ _ sin(gt-gine) 

sm{dt+9inc) 

^ _ tan(gfac-gt) 

tan(0inc + ̂ t) 
_ 2sin^tcos 

^ sm{dt + Qinc) 

_ 2sin0tcos0inc 
~ sin(0t-l-0i„c)cos(0i„c-0t)' 

The corresponding reflectance (fi) and transmittance (T) for the perpendicular and 

parallel cases are 

Rl = ri 

= C 

_ ntcosgt ^ 
rii cos dine 

RP • TtfcCos^t -v.a 

" ~ ̂THCOSdiJ" '  

The total reflectance and transmittance, again assuming equal amounts of each po
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larization, are 

R = \(RL + ii , )  

T = i(rj.+3;,). 

Plots of R and T as a functioa of incident angle at this interface are shown in 

Figures 5.6 and 5.7, respectively. The critical angle, or the incident angle for which 

Ot = 90°, is 52.0°. 

Interface between light guide and PMT photocathode 

This interface is effectively formed by the fused quartz light guide, a dielectric with 

a re&active index of 1.4585, and the SbKCs photocathode, a metal with a re&active 

index^ of 3.4 — 22.2 at 400 nm (Hamamatsu 1997), of the PMT. Actually, two layers 

of dielectric material exist between the light guide and the photocathode. The first 

is a very thin layer of transparent epo:qr (used to mate the PMTs to the light guide), 

and the second is the glass entrance window of the PMT. The refractive indices of 

the epoxy and the entrance window are approximately 1.5 and 1.489 (Hamamatsu 

1997), respectively. Since the refractive indices of the light guide, the epo:qr, and the 

entrance window are so similar, the BVesnel transmittance for normally incident light 

passing from the light guide to the entrance window is greater than 99%. So, these 

two layers are ignored in the model, and the interface is effectively formed by the 

light guide and the photocathode. 

The repressions for the Fcesnel amplitude coefficients at a dielectric-metal inter

face are much more complicated than in the dielectric-dielectric case and have not 

been noted here. The real and imaginary components of the amplitude coefficients 

'̂ The index is of the form n+ik in which, n is the re&active index and k is the extinction coefficient. 
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were calculated by a colleague (Rogala 1997). The reflectances {R) for the perpen

dicular and parallel cases are 

^X,re '"x.im 

R, — "i" r" -"'*^1 ' ii,re ' ' ir»iTa-

The total reflectance and transmittance, assuming absorption to be nonexistent, are 

R = \{Rj.  + R,) 

T = l -R.  

Plots of R and T as a fimction of incident angle {dmc) at this interface are shown in 

Figures 5.8 and 5.9. respectively. 

5.3 Physical features and phenomena 

Having introduced the components of the modular gamma camera and reviewed some 

optical concepts that will be employed in the optical model, we now discuss several 

specific physical features and phenomena that will be required in order to assemble 

and integrate the various components of the model. Some of these topics are simple 

and others are complex, but all of them must be understood to comprehend how 

the optical model fimctions. First, we estimate the mean number of photons that 

are generated by a scintillation event. Second, using a rigorous theoretical approach 

and some detailed laboratory measurements, we characterize the surface roughness 

of the scintillation crystal. Third, having described the surface roughness of the crys

tal, we build a mathematical fimction to predict how scintillation light will scatter -

both in reflection and transmission - at the crystal-light guide interface. The fimc

tion is analogous to a bi-directional transmission/reflection fimction (BTDF/BRDF). 
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Fourth, we discuss how we modeL the light that is diffusely reflected firom the bottom 

of the scintillatiott crystal assembly. Fifth, we provide spatial sensitivity maps of 

the PMT array. Sixth, using the emission spectrum of the scintillation light and the 

spectral responsivity of the PMT, we calculate the integral quantum efficiency of the 

PMT photocathode. Finally, we discuss the significance of the depth of mteraction 

(DOI) of gamma rays within the scintillation crystal. 

5.3.1 Mean number of photons generated by a scintillation event 

A scintillation event involves the absorption of an incident gamma ray by the scin

tillation crystal and the subsequent emission of many photons of light. The emitted 

light typically has a distribution of wavelengths and is often characterized by a mean 

wavelength. Suppose that the energy of an incident gamma ray is E, and that the 

mean energy of an emitted photon of light, corresponding to the mean wavelength, is 

Eph where the subscript ph stands for "photon". Then the mean number of potential 

photons that could be generated by a single scintillation event is 

where the subscript se stands for "scintillation event". The process of converting the 

energy of the gamma ray into usable photons of light, however, is not a lossless pro

cess. The amount of usefiil hght generated by a scintillation event depends primarily 

upon the crystal composition. The scintillation crystal has an associated scintillation 

efficiency (77ac)» defined as the ratio of mean energy emitted in the form of useful 

photons to the energy of the incident gamma ray, or 

iV,e (5.1) 

^pk Epfi 
E, 

(5.2) 
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where Nph is the mean number of photons emitted by a scintillation event. Rewriting 

Equation 5.2, the mean number of photons generated by a scintillation event is 

= (5.3) 

For this optical model, the incident gamma ray has an energy of 140 keV or 511 keV, 

the scintillation crystal has a scintillation efficiency of about 13% (Phillips 1994), and 

the peak wavelength of the emitted light is about 410 nm, corresponding to about 3 

eV per photon. Inserting these values into Equation 5.3, NPH = 6067 for E-, = 140 

keV and Nph = 22143 for = 511 keV. 

5.3.2 Surface roughness of scintillation crystal 

The scintillation crystals used in the UA modular gamma cameras are manufactured 

with a standard Anger camera finish, a grinding surface treatment that smooths 

crystal defects and makes the crystals quite diffiisive. The surface finish is achieved 

by imiformly roughening the crystal surfaces with a grade of semdpaper that has 

an average particle diameter on the order of 20 /zm and an average peak-to-valley 

depth of about 50% of the average particle diameter, or about 10 fim. (3M 1997). As 

noted earlier, this model assumes that the resulting surface roughness statistics are 

isotropic, or independent of direction along the surface, and that the surface profiles 

are spatially stationary. We measured" the surface profile of a sample scintillation 

crystal and determined that it had an nns height of 1.84 /^m, an autocovariance length, 

of 7.1 ^m, and an average peeik-to-valley height of 14.01 fim, 

"To determme the surface profile of the crystal, we used a WYKO Vision 32 profilometer in 
vertical scamiing mode with, a magnification of 50.9x, a scan area of 121 (txn. x 92 fim^ a sampling 
interval of 165.10 nm, and a scan length of 20 (an. (375 frames). The aaierage peak-to-valley height, 
also called, the average maximum profSe height in the profilometer manual, is the average of the 
greatest peak-to-valley separations over length. 
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The roughness of a scattering surface, however, is not an intrinsic property of the 

surface but instead depends on the properties of the wave being scattered. Both the 

wavelength and incident angle of the incoming radiation, relative to the scale of the 

surface roughness, determine how "rough." the siu-face appears and, therefore, are 

essential in determining how energy- is scattered. In order to estimate the roughness 

of the crystal surface with respect to the mean emission wavelength, a reasonable 

starting point is to evaluate the siirface according to two common theories - pertur

bation and Kirchhoflt - that deal with approximating the scattering of waves from 

rough siufaces. Perturbation theory is valid for surfaces of "small roughness" where, 

as its name implies, the scattered field is regarded as only slightly altered by the 

presence of roughness. BCirchhoff theory requires limitations on the rate of change 

of surface properties and is generaEy regarded as appropriate for "gently undulat

ing" surfaces. Straightforward simplified versions of these theories do not consider 

complications such as multiple scattering, multiple scales of sxrcface roughness, and 

surface self-shadowing. In the course of applying these theori^ to the surface of our 

scintillation crystal, we follow the approach of Ogilvy (Ogilvy 1991). 

Pertiurbation theory looks for a solution to the scattering problem that is the so

lution for scattering from a smooth, surface combined with "perturbative" terms that 

arise from slight surface roughness. Perturbation theory is valid if the surface height 

function, h{x,y), and the surface gradient function, S/k{Xf y), satisfy the restrictions 

k[h{x,y) \  «C 1 (5.4) 

lvK^,y) \  < 1 

where k is the modulus of the wave vector (Ogilvy 1991). The first restriction, 

Equation 5.4, comes from the assumption that quantities that are fimctions of the 
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surface height can be expanded as a Taylor series about their value on the mean 

scattering surface. Formulation of perturbation theories typically assume that the 

mean scattering siuface is a plane. For the case at hand, if one substitutes K = 2T/X 

and assmnes that A = 0.410 /zm for the scintillation light, then Equation 5.4 can be 

evaluated as 

I . /  N f  ^  ^  0 . 4 1 0  u m  „  
—27r— ^ 

Thus, for perturbation theory to be applicable here, the maximum deviation from 

the mean of the surface height on the crystal surface should be much less than 0.065 

fim. Since the crystal surface is known to have an average peak-to-valley depth 

of about 14.01 ^m, a value over two orders of magnitude greater than 0.065 fim, 

perturbation theory is inapplicable. Given that this restriction is far from being 

met, a reasonable conclusion is that the crystal smface may be classified as having 

"large-scale" roughness. 

Kurchhoff theory searches for a solution to the scattering problem that is based 

on diffiraction. If several asstunptions are made in order to avoid complicating the 

problem, then a measure of roughness can be developed. If one makes the assumptions 

that (1) Krchhoff theory is valid for approximating the field on the surface of the 

scatterer, (2) observation is in the far field of the stuface, (3) the incident wave is 

planar and monochromatic, (4) no point on the surface has infinite gradient, and (5) 

the siuface has a Gaussian height distribution and a Gaussian correlation function, 

then the overall scattered energy may be written as 

(Z)=ioe-'-h(rrf) 

where IQ is the energy coherently scattered, from a smooth surface, {Id) is the mean 

energy diffiisely scattered, and e~® is a term determining the relative magnitudes 



185 

of the coherent and dffiise fields (Ogilvy 1991). The quantity ^ is a measure of the 

mean-square phase diflFerence between waves scattered, close to the specular direction, 

from different parts of the surface and can be written as 

g = cos- 6i„c = 4 i?^ (5.5) 

where k is the modulus of the wave vector of monochromatic radiation, a is the root-

mean-square (rms) height of the surface, Oinc is the incident angle of the radiation, 

and i?o = k(T cos 6inc is the Rayleigh parameter. In some sense, therefore, larger g's 

correspond to both rougher surfaces and larger fractions of diffusely scattered energy. 

This parameter can be used to divide surfaces into three broad categories: 

g I for slightly rough surfaces, 

g 1 for moderately rough sxufaces, and 

5 » 1 for very rough surfaces. 

Again, if one substitutes k = 2x/ A and assimies that A = 0.410 fim for the scintillation 

light, the eq)ression for g in. Equation 5.5 may be evaluated as a fimction of <T for 

Oinc = 0° and Bine = 80° to be 

g = 939 0-- for = 0° and 

g = 28 for = 80°. 

Recall that we determined that a = 1.84 fim. for a sample scintillation crystal. For 

such a magnitude of <t, ^ 1 for just about all realistic values of 6inc- Thus, under 

the assumptions made, the crystal surface must be considered very rough. 

Both perturbation and Kirchhoff theory indicate that the surface of the scintilla

tion crystal, with respect to the scintillation light peaking at about 410 nm, is very 
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rough. The roughness will have a noticeable effect on how the scintillation light is 

scattered at the interface between the scintillation crystal and the light guide. The 

model of how light is scattered at this interface will be discussed in Section 5.3.3. 

5.3.3 Scattering at the interface between the scintillation crystal and the 

light guide 

The top side of the scintillation crystal is optically coupled to the light guide. The 

transmission coefficient at a tough boundary is not as easy to calculate as in the 

specular case - as shown in Section 5.2.2. In. fact, to the best of our knowledge, an 

analytical expression for the transmission or reflection coefficient has never been found 

for the case of a very rough boundary between two dielectrics. The near-specular case 

is extremely complicated, and the effort required to develop the very rough case is 

well beyond the scope of this research effort. 

Similarly, characterizing how the transmitted and reflected light is scattered from 

such a rough interface is extremely difficult. Part of the difficulty is that the crystal 

siuface roughness is on the order of microns - much larger than the mean emission 

wavelength of 410 nm, so we must be prepared to consider both smaE-scale and 

large-scale roughness. Specifically, it might be reasonable to expect that the crystal 

surface has featiures like "rocky slopes" (small-scale roughness) on a "mountain, range" 

(large-scale roughness). Di such a case the scattered light, at least in a local region, 

may follow a distribution similar to what is predicted by Kirchhoff diffiraction theory. 

Another part of the difficulty, however, is that multiple scattering effects cannot be 

ignored. Multiple scattering occurs when incident light is not scattered immediately 

away from the surface but instead is trapped for a while in. the hilTs and valleys of the 

surface, interacting with the scattering surface multiple times. This extra scattering 
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becomes more relevant when large surface rms heights and/or large incident or scat

tering angles are present. Methods have been developed to analyze the scattering in 

these situations, but they are either too restrictive or unmanageably complicated to 

be utilized here. So, instead, we can make an educated guess as to how the light will 

scatter at the interface. Approaches along this line have been undertaken in previous 

work by Olivier et ai (Olivier et ai 1995) and Rioux et al. (Rioux et al. 1993), two 

groups that attempted to rigorously model the Ught transmitted through the rough 

crystal siufaces and then compared their model data to commercial gamma camera 

data, using it to make a posteriori modifications to improve their models. 

In a series of three papers (Olivier and Gagnon 1993, Ohvier et ai 1993, Olivier et 

ai 1995), Ohvier et ai developed a mathematical model for the solid angle centered at 

a scintillation point and subtended by a round PMT in a gamma camera. In the third 

paper of the series (Ohvier et ai 1995), they assimied that the scintillation crystal-

light guide interface was a diffusive plane, or a plane having an average roughness 

much larger than the wavelength of the incident light. The mathematical model 

predicted the response of a PMT array to scintillation light that was transmitted 

through and scattered by the diffusive plane. In the course of developing the model, 

they noted that since diffusion is an optical phenomenon that spreads an element of 

the incident solid angle over a larger area in space, every point on the diffusive plane 

becomes, in tmn, a point source that generates a new soUd angle in the direction of the 

detector plane. Characterizing how the light was distributed throughout the diffused 

solid angle was essential to the accuracy of the model. Ohvier et ai considered both 

isotropic and Lambertian distributions in their model and determined that neither 

accurately represented the scattering of light at the diffusive plane. They eventually 

concluded that the optimal distribution of light was a restricted isotropic distribution 
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around the specular direction - specifically, a cone of isotropic diffusion with an 

opening angle chosen such that the cone was tangent to the diffiisive plane. They 

believed that Ogiivy hinted at such a solution (Ogilvy 1991). 

Ogilvy showed that diffiise reflectors tend to concentrate the scattered reflected 

light in a cone around the specular reflection direction. The aperture and orientation 

of the scattered cone depends on the surface roughness. For perfectly smooth surfaces, 

the cone apertiure is zero, and the cone axis is the specular direction. As the surface 

roughness increases, more light is scattered away &om the specular direction, and 

the cone axis gradually moves towards the surface normal of the reflector plane. 

The distribution of the scattered light depends, in part, on the incident angle of 

the incoming Hght. Ogilvy's research attempted to establish relationships between 

characteristics of the surface roughness and the distribution of the scattered light. 

In order to correctly predict the point spread function of a gamma camera, Rioux 

et aL developed a Monte-Carlo ray-tracing model that was subsequently optimized 

via comparisons to data measured on an existing gamma camera head (PRISM 3000 

from Picker International Inc.). The model was used to study the effect of crystal 

surface treatment on energy and position resolution in gamma cameras (Rioux et aL 

1995). Having analyzed the surface roughness of their Nal(Tl) scintillation crystal, 

they concluded that the surface roughness lies just between the application domains 

of two very different theories. Diffiraction theories could not be used because of the 

large-scale surface roughness and multiple reflections, and simple ray theory was not 

valid because the small scale surface imperfections cause a non-negligible amount of 

diffiraction. Having tried, as did Olivier et aL, to model the distribution of the scat

tered light with isotropic and Lambertian distributions, they subsequently concluded 

as well that the best approach was to use the fact that diffuse reflectors tend to con-



189 

POCL 

INTERFACE 
PLA^^E 

FIGURE 5.10. Some light from a scintillation event is incident upon a single pixel in 
the interface between, the scintillation crystal and the light guide. 

centrate the scattered light in. a cone around the specular direction with an aperture 

that reached the interface plane - as shown by Ogilvy (Ogilvy 1991). 

Following the lead of Ogilvy, Olivier et ai, and Rioux et ai, we developed a similar 

- albeit simpler - approach to modeling the distribution of scattered transmitted light 

at the rough interface between the scintillation crystal and the light guide. Suppose 

that some light from a scintillation, event is incident upon a small square area, or a 

pixel, in. the interface plane as shown, in. Figure 5.10. If the width, of the interface pixel, 

denoted by Wpix,i where the subscripts pix and i stand for "pixel" and "interface", 

respectively, is very small with, respect to the distance between the scintillation event 

and the interface pixel, denoted by drf where the subscript si stands for "scintillation-

to-interface", then all the rays of light are traveling in. essentially the same direction 

when they are incident upon the interface. 

First J we assume that the amount of light transmitted through the interface pixel 

is governed by the Fresnel transmittance fimctionj denoted by Teg where the subscript 

eg stands for "crystal-to-glass", defined in Section 5.2.2. We acknowledge that the 

Rresnel equation for transmittance was derived for smooth interfaces. We assume. 
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Ca) Smooth interface 

(b) Slightly rough interface 

A 
r r 

(c) Very rough interface 

FIGURE 5.11. Ray diagram illustrating how the optical model relates the roughness 
of the interface to the direction of the transmitted h'ght. As the interface roughness 
increases, the light is scattered more diffiisely into a circular cone about the specular 
direction of transmission. 

however, that the local slope of the interface as a fimction of position is slowly varying 

and that approximately the same total fraction of light is transmitted through the 

interface. To understand why this could be a reasonable assumption, consider the 

interfaces shown in Figure 5.11. Figure 5.11(a) depicts a smooth interface. Each ray 

of light is incident at the same angle with respect to the normal to the interface, so the 

transmitted fraction of each ray k the same. In Figure 5.11(b) we introduce a slight 

roughness into the interface by allowing the local slope to slowly and randomly vary as 

a fimction of position. Each ray of light is now incident upon the interface at a unique 
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angle that is a function of the local interface slope. Depending on the local angle 

of incidence, the fraction of light transmitted through the interface either slightly 

increases or decreases. Examining the Pcesnel transmittance as a function of incident 

angle (dine) as shown in Figure 5.7, we note that if dine « 40° or Ome > 52°, then Teg is 

not significantly affected by small changes in 0i„c. Assuming that the local variations 

in slope over the region of a pixel are random and that the corresponding incremental 

increases and decreases in transmitted light as a function of position are random as 

well, we then, assume that the total of the incremental increases and decreases in 

transmitted light is approximately zero and that the overall Pcesnel transmittance is 

unchanged. We acknowledge that some error may be introduced due to the significant 

changes in Tc^{9inc) for 40° ^ 0,-„c < 52°, but we assume that the error does not 

significantly affect the final model output. With respect to total internal reflection 

(TIR) at the interface, we acknowledge that, due to the interface roughness, there 

cannot Kdst a global critical angle for the entire interface. We assume, however, 

that a fraction of the incident photons can see a locally specular surface and follow 

geometrical optics laws, and so, on a local basis, we allow for TIR as determined by 

the Rresnel transmittance function. 

Second, we assume that the transmitted light is scattered isotropically into a 

circular cone that is symmetric about the specular directioa of transmission. For 

convenience we will refer to this circular cone as the scatter cone, A simplified expla

nation of the scattering is shown in Figure 5.11. For a smooth interface, the incident 

rays of light all strike the interface at the same angle, and so all the transmitted rays 

are refracted in the same direction - the specular direction. For a slightly rough inter

face, the incident rays of light strike the interface at a variety of angles - each slightly 

different than, the incident angle for the smooth, interface, and so the transmitted 
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rays are refracted in a variety of directions - each, slightly different than the specular 

direction for the smooth interface. For a rough interface, the range of incident angles 

increases, and the corresponding range of refracted directions also increases, leading 

to a wider distribution of scattered light about the specular direction. The distribu

tions of scattered light about the specular direction are illustrated on the right-hand 

side of Figure 5.11 by the shaded region centered on a dotted line representing the 

specular direction. In general, we assume that the half-angle of the scatter cone de

creases linearly as the angle of specular transmission increases. As shown in Figure 

5.12, let dsi, for which the subscript si stands for "scintillation-to-interface", be the 

angle of incidence for light traveling from the scintillation event location to the in

terface plane. Furthermore, let 0j,;rr foi^ which the subscript r stands for "refracted", 

be the angle of specular refraction for transmitted light, dame be the half-angle of 

the scatter cone, and 9«me^in and dame,max be the minimum and maximum allowed 

values, respectively, of &ame- Then the half-angle of the scatter cone, damet is defined 

to be 

Use and nig are the refractive indices of the scintillation crystal and light guide, re

spectively, and all angles are in units of radians. The model currently assumes that 

0ame,min. = 0.174 rad, Or 10 degrees, and 9ame,niax = 1-047 rad, or 60 degrees. These 

values depend, in part,^ on the dimensions of the light guide and PMTs. For exam

ple, to avoid the situation in which the scatter cone intersects the region of space 

occupied by the scintillation crystal, we require that dame,nua < 9si,r for all possible 

(5.6) 

where, using SneU's Law, 
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values of dai^r- So the value of 9ame,mia is affected by the maximum possible value 

of which, in turn, is a fimction of the dimensions of the light guide and PMTs. 

While this approach is similar to that of Olivier et ai and Rioux et ai, we do not 

assiune - as they do - that the cone is tangent to the interface plane between the 

scintillation crystal and the light guide. We did not find that this represented the 

most reasonable solutiou for our modeL Instead, we defined the relationship between 

9ame and Equation 5.6 and varied the parameters 6CORTE,MAX and 0CTME,MIA to 

provide the most reasonable output of the model with respect to the laboratory data. 

It should be noted that we tried, modeling the distribution of scattered fight with 

both Lambertian and isotropic distributions, and, in both, cases, the model output 

data did not match the real camera data well. This concurs with the conclusions of 

Olivier et ai and Rioux et ai Two cross-sectional views, within the context of the 

camera geometry, of how the transmitted light might scatter into the scatter cone 

are shown in Figures 5.13 and 5.14. In Figure 5.13, the scintiDation fight is nonnafiy 

incident at the crystal-fight guide interface, and the transmitted fight is isotropicafiy 

scattered into a wide-angle scatter cone. In Figure 5.14, the scintillation fight has a 

relatively large angle of incidence at the crystal-fight guide interface, and the corre

sponding scatter cone is now narrower but still centered about the specular angle of 

transmission. 

Application of scatter model to reflected light 

The model of the scattered, fight at the interface is used, not only for the transmit

ted fight but for the reflected fight as weU. Since we have assumed that the interface 

does not absorb any of the incident fight, any fight that is not transmitted through 

the interface is reflected back into the scintillation crystal. Figure 5.15 iUustrates how 



194 

cone 

FIGURE 5.12. Diagram showing the angle of incidence for the incoming light, the 
specular angle of refraction for the transmitted light, and the half-angle of the scatter 
cone. 

some light is transmitted and some light is reflected at the interface. Similar to the 

transmitted light, the light that is reflected is assumed to scatter isotropically into a 

circular cone, the axis of which is aligned with the specular direction of reflection and 

the half-angle of which is a fimction of the angle of specular reflection. It should be 

noted that the model assumes that the half-angle of the scatter cone is not dependent 

upon the refractive index of the material into which the light scatters. In other words, 

the maximum and minimum half-angles of the scatter cone for the reflected light - as 

weE as the defined relationship between the angle of incidence and the scatter-cone 

half-angle - are the same as those for the transmitted light. We acknowledge that 

this assumption may introduce a small amount of error into the model output, but 

the compledty of the problem was beyond the scope of this work. 

5.3.4 Diffuse reflection from bottom of scintillatioa crystal assembly 

Within the crystal assembly, a small air gap edsts between the entrance face of the 

scintillation crystal and a piece of white reflective paper that is attached to the in-
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FIGURE 5.13. Diagram of how normally-mcident light, transmitted through the 
scintillation crystal-light guide interface, is isotropically scattered into a circular cone, 
the axis of which coincides with the direction of specular transmission. 

PHOTOMULTPLERTUBE PHOTOMULTPLERTUBE 

PHOTOCATHOOE PHOTOCATHOOE 

SCMTLLATION 
CRYSTAL 

FIGURE 5.14. Diagram of how obliquely-incident light, transmitted through the 
scintillation crystal-light guide interface, is isotropically scattered into a circular cone, 
the axis of which coincides with the direction of specular transmission. 

PHOTOMULTPLERTUBE PHOTOMULTPLERTUBE 

PHOTOCATHOOE PHOTOCATHOOE 

FIGURE 5.15. Diagram of how obliquely-incident Ught, reflected from the scintillation 
crystEiI-light guide interface, is isotropically scattered into a circular cone, the axis of 
which coincides with the direction of specular reflection. 
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side face of the aluminum housing. When the light from a scintillatioa event travels 

downward to the entrance face of the crystal, at the entrance siuface a portion of 

the light is reflected back into the crystal while the remaining portion is transmitted 

through the entrance face, bounces randomly between the white reflective paper and 

the crystal siuface several times, and then is coupled back into the crystal. The net 

effect of both of these phenomena is to have a very difl^e reflection of light from the 

bottom of the crystal assembly. An accurate analysis of the effective bi-directional 

reflection ftmction (BDRF) would be extremely cumbersome. Thus, the model as

sumes that the entrance sxirface of the scintillation crystal is a Lambertian reflector 

with a reflectance The corresponding radiance of the surface is calculated in 

two steps. First, the radiance due to light reflecting from the bottom surface of the 

crystal is calculated. Second, the calculated radiance is convolved with a smoothing 

term to account for the scattering of light between the white reflective paper and the 

scintillation crystal. 

Radiance due to reflection from bottom surface of scintillation crystal 

When a scintillation event occurs, the emitted light radiates isotropically outward 

from the location of the event. Some of the emitted light is incident upon and sub

sequently reflected from the bottom surface of the scintillation crystal. The bottom 

surface of the crystal is modeled, as assumed earlier, as a Lambertian reflector. If 

the surface is subdivided into a grid of tiny pixels, the irradiance and exitance at any 

point due to a scintillation event at a specified location can be calculated. 

Suppose a scintillation event occurs within the scintillation crystal. Then the 

irradiance upon a specific pixel on the bottom surface of the crystal is a ftmction of 

the radiant intensity of the emitted light, the height of the scintillation event above 
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FIGURE 5.16. Irradiance at a pixel on the bottom sxirface of the scintillation crystal 
due to a scintillation event with radiant intensity L 

the bottom surface of the crystal, and the location of the pixel on the bottom surface 

with respect to the location of the scintillation event. If, as assumed earlier, the 

emitted, light is not attenuated, by the crystal, then, as Figure 5.16 illustrates, the 

irradiance {E) in. watts per unit area [W mm~~| at a pixel located at {xg, yg, 0) is 

where I is the radiant intensity in. watts per steradian. [W sr~^I of the emitted light, 

9 is the angle in radians [radf between the line cormecting {Xs,ys,h) and (Xj,ys,0) 

and the line connecting (xs,yi,/i) and {Xg,yg,0), and h is the height in millimeters 

[mm] of the scintillation event above the bottom surface. As the location of the pixel 

moves farther away from the location of the scintillation event, the irradiance falls off 

rather quickly due to the cos^ 6 factor. 

If each pixel is assumed to act as a Lambertian reflector, then, once the irradiance 

upon the pixel is known, it is straightforward to determine the radiance (and exitance) 

of the reflected/scattered light. Li particular, the radiance (L) in watts per unit area 
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per unit solid angle [W mm'̂ sr"'̂ ] is 

M PcryE £ = _ = (5.8) 
TT TT 

where M is the exitance in watts per unit area [W mm"-] and is the reflectance 

of the pixel. If Equations 5.7 and 5.8 are combined, then the radiance is 

(5.9) 
TT irh^ 

where, again, 6 is the incident angle of Ught arriving at the pixel as shown in Figure 

5.16. 

Given that the scintillation crystal thickness {Tsc) is only 5.0 mm, in order to 

make accurate ^timatK of the irradiance as a function of position on the bottom 

surface of the crystal, the pbcel dimension was chosen to be very small relative to the 

source height. For position estimation purposes, the 100 mm x 100 mm camera face 

is normally divided into a 64 x 64 array of 1.5625 mm x 1.5625 mm pixels. When 

calculating irradiances, each of these pixels is subdivided into a 25 x 25 array of 

0.0625 mm x 0.0625 mm pixels. The choice of pixel dimension was governed by two 

competing necessities: (1) to make the pixel small relative to aU. possible source-pixel 

separations so as to increase the accuracy of the irradiance calculations and (2) to 

make the pixel as large as possible so as to reduce the total number of pbcels and, 

hence, the computation time required for the model to execute. The current model 

considers a source at eight equally-spaced depths throughout the crystal, from 0.3125 

mm to 4.6875 mm with 0.6250 mm spacing, so the ratio of source-to-pixel distance 

to pixel width, fe greater than ten for all depths except the depth of 0.3125 mm for 

which the ratio is 5:1. 
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Smoothing of radiance due to scatters between reflective paper and scintillation crystal 

The purpose of the air gap between the white reflective paper and the scintillation 

crystal is to allow some of the scintillation light to scatter farther away from {xg, yg,Q), 

the lateral location of the scintillation event, before it travels upwards toward the 

PMTs. The optical model attempts to account for this extra scattering by smoothing 

the radiance calculated above. The smoothing term is a normalized Gaussian func

tion, and the width of the fimction is an adjustable parameter of the model. Currently 

the model assumes a Str value of 2.5 pbcels, so the Gaussian function conveniently fits 

within a 5 X 5 pixel array. While it is appropriate to describe this operation at this 

point, its application, in a mathematical context, will not occur until later - as will 

be noted in Section 5.4.4 during the discussion of multiple internal reflections of light 

within the scintillation crystal. 

5.3.5 Spatial sensitivity of PMT array 

The spatial sensitivity of a PMT depends, in part, on the spatial response of the 

photocathode material deposited on the entrance window and on the physical extent 

of the photocathode within the housing of the PMT. The outer dimensions of the 

PMT are larger than the dimensions of the photocathode. 

The PMT represented in this model, as noted earlier in Section 5.1.5, is the 

Hamamatsu. R1534-07, a 53 mm x 53 mm square tube with a measured 47 mm x 

47 mm square entrance window. The photocathode is assumed to be deposited on 

the entire entrance window, thus having dimensions of 47 mm x 47 mm, and to 

have a uniform spatial response. Thus, we assume that there is a 3-mm-wide band 

of insensitive area around the edge of the PMT. A binary spatial sensitiAaty map, 

consisting of O's and I's, has been generated, to represent the active area of the PMT 
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FIGURE 5.17. Binaxy sensitivity map of PMT. Active areas are gray while inactive 
areas are black. 

face and is shown in. Figure 5.17. 

The modular gamma camera being modeled contains a 2 x 2 array of these PMTs 

that is optically coupled to the light guide (100 mm x 100 mm). Since the physical 

dimensions of the PMT array (106 mm x 106 mm) exceed those of the light guide, 

the PMTs do not reside completely on the face of the light guide as shown in Figure 

5.18. Rather, the PMTs overhang the edge of the crystal by 3 mm on each side. The 

model assumes that the active area of the PMT array is the portion coupled directly 

to the light gtiide (the outline of which is shown by the dotted line in Figure 5.18), 

and so the spatial sensitivity of the PMT is formally defined to be the binary mask 

shown, in Figure 5.19. The black regions, representing the edges of the PMT housings, 

are areas of no sensitivity. The light gray areas, representing the photocathode of the 

PMT, are regions of perfect sensitivity. In other words, the model assumes that if 

a photon is incident upon this region of the PMT, then it is detected. The spatial 

sensitivity of the PMT, denoted by Sd where the subscript d stands for "detector"', is 
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FIGURE 5.18. Binary sensitivity map of PMT array with, overlaid outline of light 
guide (100 mm x 100 mm). 
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FIGURE 5.19. Binary sensitivity map of 2 x 2 array of square PMTs used in optical 
model. 
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FIGURE 5.20. Binary sensitivity map of 2 x 2 array of round PMTs used in optical 
model. 

defined to be 

{1 within gray regions 

0 within black regions 

The spatial sensitivity can be modified to accommodate for different sizes and 

arrangements of the PMTs. For ecample, we have also used a 2 x 2 array of round 2-

inch-diameter PMTs in a modular gamma camera of the same size. The corresponding 

spatial sensitivity map for such a PMT array is shown in Figure 5.20. 

5.3.6 Integral quantum efficiency of PMT photocathode 

The signal generated by a PMT in response to a single scintillation event depends 

upon the number of photoelectrons emitted firom the photocathode. The number of 

photoelectrons emitted by the photocathode depends upon the number of scintillation 

photons that were incident upon the photocathode. The integral quantum efficiency 
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of the photocathode in the PMT, in the case of non-monochromatic incident radi

ation, is the ratio of the nmnber of emitted photoelectrons to the total number of 

incident photons in the region in which the incident light spectrxun and the photo-

cathode sensitivity spectrmn overlap. In order to calculate this quantity, both the 

spectral distribution of the incident light and the spectral quantmn efficiency of the 

photocathode must be known. The spectral quantinn efficiency, as will be shown 

next, is a simple function of the spectral sensitivity. 

The sensitivity of the photocathode (spc) is the ratio of the photocathode current 

(minus the dark current) to the incident radiation flux, or 

ipc 
Svc = -^ 

tnc 

where ipc is the photocathode current in amperes and is the mcident radiation flux 

in watts. In most applications, however, the incident radiation is not monochromatic 

and has a spectral composition to which, the photocathode is not uniformly sensitive. 

To specify the photocathode sensitivity completely, therefore, it is also necessary to 

specify the spectral composition of the incident radiation. The spectral sensitivity of 

the photocathode {spc,x) may be defined as 

where, for the wavelength. A, $fn<rA the incident flux in watts, and ipc^ is the 

corresponding photocathode current. 

The quantum, efficiency of the photocathode may be defined as the ratio of 

the number of emitted photoelectrons to the number of incident photons, or 

n^' 

where ripe is the number of emitted photoelectrons and Uph is the number of incident 

photons. The quantum efficiency, however, is usually specified for monochromatic 
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light and so might also be designated the spectral quantum efficiency. The spectral 

quantum efficiency of the photocathode (rjpc^) is related to the spectral sensitivity by 

hi/ he 
— Spc^-^ (5.10) 

where e is electron charge, h is Planck's constant, and c is the speed of light in 

vacuum. Substituting 

ho 
— = 1.24 X 10"® Wm/A 
e 

into Equation 5.10, the spectral quantum efficiency may be written as 

,^ = 124^ 

where the spectral sensitivity is in units of milliamperes per watt and the 

wavelength (A) is in units of nanometers. 

The integral quantiun efficiency of the photomultiplier tube photocathode (7?pc,t„t) 

may be defined as the discrete sum, over wavelength, of the product of the fraction of 

incident light at a particular wavelength and the spectral quantum efficiency of the 

photocathode, or 

Vyc,int ^ ^ Vpc,X » 

A 

where wx is the normalized wavelength spectrum of the scintillation light and is 

the spectral quantum efficiency of the photocathode. 

For the case at hand, the calculation of requires the emission spectrum of the 

Nar(Tl) scintillation crystal, shown earlier in Figure 5.2, and the spectral quantum 

efficiency of the SbKGs photocathode, shown earlier in Figure 5.3. Numerical values 

for these two quantities, sampled at 10-um intervals from 310 um to 550 um, are 

tabulated in the second and third columns, respectively, of Table 5.2. The fourth 
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A (um) wx (%) ^>^Vvc.X 
310 0.22 0.085 0.019 
320 0.64 0.135 0.086 
330 1.17 0.180 0.211 
340 2.03 0.216 0.438 
350 3.10 0.240 0.744 
360 4.27 0.261 1.114 
370 5.55 0.276 1.532 
380 6.78 0.287 1.946 
390 im 0.291 2.238 
400 8.54 0.288 2.460 
410 8.86 0.280 2.481 
420 8.86 0.268 2.374 
430 8.54 0.256 2.186 
440 7.90 0.242 1.912 
450 6.89 0.230 1.585 
460 5.66 0.216 1.223 
470 4.27 0.200 0.854 
480 2.94 0.186 0.547 
490 1.98 0.171 0.339 
500 1.33 0.156 0.207 
510 0.96 0.142 0.136 
520 0.69 0-128 0.088 
530 0.53 0.114 0.060 
540 0.38 0.100 0.038 
550 0.22 0.085 0.019 

TOTAL 100.0 24.837 

TABLE 5.2. Spectral distributioa and quantum efficiency as fimctions of wavelength. 
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column, the product of the second and third columns, is the percentage of original 

photons from the scintillation event that succeed in inducing photoemission of an 

electron from the photocathode. The integral quantum efficiency is the sum of the 

elements in the fourth column divided by the sum of the elements in the second 

column. In this case the integral quantum efficiency is 24.837%. This value is slightly 

less than the manufacturer's listed quantum efficiency of 27 % at 420 nm. 

5.3.7 Depth, of interactioa 

The amount of light from a scintillation event that is detected by a PMT depends, in 

part, on the exact location of the event within the scintillation crystal. As the scin

tillation event location changes, the physical boundaries encountered and distances 

traveled by the photons varies, so the mean number of photons incident upon a PMT 

changes as well. The coordinates of the scintillation event location, (14,^5,2,), con

tain two coordinates, r, and that indicate the lateral position of the event and 

one coordinate, 2,, that indicates the depth of the event. In this section we will be 

concerned with z^, the depth at which a gamma ray interacts with the scintillation 

crystal. 

Characterizing the DOI of a gamma ray is important for two reasons. First, in 

order to calculate the mean number of photons detected by a PMT in response to a 

scintillation event, the exact location of the gamma ray interaction must be known. 

The greater portion of this chapter is devoted to this calculation. Second, in order 

to determine the mean response of a PMT to a collimated beam of gamma rays 

normally incident upon the camera face, the mean number of gamma rays interacting 

at each depth of the crystal must be known. One goal of the optical model is to 

provide a means of estimating the mean response of the PMTs within a modular 
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gamma camera to a coUimated beam of gamma rays as a fimctioa of position (ij, y,) 

- the situatioa encountered during calibration of the camera. While measuring the 

response of a camera to incident gamma rays, we cannot accurately determine their 

depths of interaction. Thus, we are forced to estimate the mean fraction of gamma 

rays that interact at each, depth within the crystal. Specifically, the mean number 

of photons detected due to scintillation events at each DOI must be weighted by the 

normalized probability that gamma rays interact with, the crystal at that depth. We 

know that the mean number of gamma rays that penetrate and interact within the 

crystal falls off exponentially with depth. The rest of this section will describe how 

we incorporate this knowledge into the optical model. 

Suppose that a gamma ray is normally incident upon a slab of homogeneous 

material with linear attenuation coefficient n and infinite thickness as shown in Figure 

5.21. The probability density function (PDF) of the gamma ray interacting with the 

material at a depth of z is 

or an exponentially decaying function. A plot of p{z) for the case of sodium iodide, 

for which. = 0.24 mm~\ is shown in Figure 5.22. Rom this plot we note that most 

gamma rays will interact with, sodium iodide before traveling deeper than 20 mm. 

Suppose that a gamma ray is normally incident upon a slab of homogeneous 

material with, linear attenuation coefficient ft emd finite thickness T as shown in Figure 

5.23. The PDF of the gamma ray interacting with the material at depth z is 

Note that as the thickness of the slab becomes large, or T —»• oo, the expression for 

p(z) simplifies to Equation 5.11. For the case of the sodium iodide crystals in our 

piz)=lie (5.11) 

(5.12) 
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FIGURE 5.21. A normally-mcident gamma ray interacting with an infinitely-thick 
slab of material at a depth of z. 

0.4 

0.3 

0.2 

0.1 

0 

0 10 15 20 5 

z[mml 

FIGURE 5.22. Probability density function of a gamma ray being absorbed in an 
infinitely-thick slab of sodium iodide as a function of depth of interaction. The linear 
attenuation coefficient {(i) is 0.24 mm~^. 
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FIGURE 5.23. A nonnally-incident gamma ray interacting with a finitely-thick slab 
of material at a depth of z. 
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FIGURE 5.24. Probability density fimction of a gamma ray being absorbed in a 
finitely-thick slab of sodiima. iodide as a fimction of depth of interaction. The linear 
attennation coefficient (fi) is 0.24 mm"'-. 
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modular gamma cameras, for which. = 0.24 mm"*^ and T = 5 mm, a plot of p{z) is 

shown in Figure 5.24. 

The optical model of the camera employs a discretized version of Equation 5.12 to 

determine the mean number of gamma rays interacting at different depths within the 

crystal. The approach is to assume that the crystal is composed of a large number 

of thin layers and to calculate the probability of each layer absorbing a gamma ray. 

In the optical model the thickness of the scintillation crystal is 5.0 mm, and this 

thickness is subdivided equally into eight layers, each of which has a thickness (A 2) 

of0.625 mm. Scintillation events are assumed to occur at the center of each layer. Let 

these possible depths of uiteraction be denoted by Zi where i 6 [1, Ndepl and = 8. 

Thus, the discrete PDF of a gamma ray interacting with the crystal at depth Zi is 

where ft is the linear attenuation coefficient of the scintillation crystal, and the upper

case P indicates the discrete nature of the PDF. A plot of P{ZI) is shown in Figure 

5.4 Building blocks of the model 

The next step in developing the optical model is to define some building blocks that 

can be used to construct the main model components. As the scintillation light 

travels within the scintillation crystal and light guide assembly, it encounters several 

interfaces at which it is either transmitted or reflected. In this section we develop 

expressions for the number of photons that, having originated at one location or 

interface, reaches another interface. The specific cases will be photons traveling firom 

the scintillation event location to the crystal-light guide interface plane, firom the 

5.25. 
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FIGURE 5.25. Discretized probability of a gamma ray interacting at each of eight 
depths within the sodium iodide scintillation crystal. 

bottom siuface of the scintillation crystal to the crystal-light guide interface plane, 

and from the crystal-light guide interface plane to the front surface of the PMT 

photocathode. We also develop an expression to describe how many photons undergo 

multiple internal reflections between the top and bottom sxufaces of the scintillation 

crystal before finally exiting the crystal and how, as a result, the photons are scattered 

and distributed along the bottom surface of the scintillation crystal. 

Due to the complexity of some of the equations to follow, we found it necessary 

to define some simplifying notation for the spatial coordinates used in the equations. 

The simpler notation, which replaces a set of coordinates with the corresponding 

underlined subscript, is as follows: 

l=(xsrys,Zs)r g = {xg,yg), i^ixuyi), d = {xi,yd)-

This notation will not be used exclusively but rather only when coordinates are being 

used as arguments of functions. 
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FIGURE 5.26. Mean number of scintillation photons that are either transmitted 
through or reflected from a pixel in the interface plane. 

5.4.1 Light traveling froui scintillation event location to interface plane 

Most of the light radiating outward from a scintillation event will initially be incident 

upon the top or bottom stuface of the scintillation crystal. In this section we calculate 

the average amount of scintillation h'ght that, having radiated outward from the 

scintillation event location, is incident upon and then either transmitted through or 

reflected from a pixel in the plane of the interface between the scintillation crystal 

and light guide - as shown in Figure 5.26. The fractional solid angle subtended by 

an interface pixel located at (xi,7/i) with respect to a scintillation event located at 

(r,, ya, Zs) is denoted by The EVesnel transmittance and reflectance for light 

incident at an angle of 03t(s,i) at the interface are denoted by Tcg{sj j^ and Rcg{Sji), 

respectively. Recalling that iV"ae is the mean number of potential photons generated 

by a scintillation event and T}^ is the scintillation efficiency of the scintillation crystal, 

we 5nd that the mean number of photons, originating from a scintillation event at 

(^^s, ys, Zs), that are transmitted through or reflected from an interface pixel at (xt,yi) 



213 

IS 

Vsc ^/r(£ii) (5.14) 

or 

~ ^se Vse ^/r(&i) ^cff(5,i), (5.15) 

respectively, where the superscripts t and r stand for "transmitted" and "reflected", 

respectively, the subscript i stands for "interface", and TegReg = 1. 

The size of the interface pixel is an important consideration in these calculations. 

Since the exact values of iV,e, TJ^^, and f2/r are known regardless of pixel size, the 

accuracy of the values of Teg and Reg directly afiects the accuracy of the values of 

n[ and lv[. Given that we are calculating how much h'ght passes through a defined 

area of the interface, the accuracy of the values of Teg and Reg will increase as the 

pixel size decreases. A smaller pixel size, however, corresponds to a larger number of 

pixels and, hence, a longer computational time for the optical model. We found that 

subdividing the 100 mm x 100 mm interface plane into a 320 x 320 grid of 0.3125 

mm X 0.3125 mm pixels provided a reasonable balance between the stability of the 

output data and the amount of required computation. 

5.4.2 Light traveling from bottom surface of scintillatioa crystal to inter

face plane 

Most of the light diffiisely reflected from the bottom surface of the scintillation crystal 

will subsequently be incident upon the top surface of the scintillation crystal. In 

this section, we calculate the average amoxmt of scintillation light that, having been 

difiiisely reflected from a pixel on the bottom surface of the scintillation crystal, is 
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FIGURE 5.27. Mean numbers of scintillation photons that, having diffusely reflected 
from a pixel on the bottom, surface of the scintillation crystal, are either transmitted 
through or reflected from a pixel in the interface plane. 

incident upon and then either transmitted through or reflected from a pixel in the 

plane of the interface between the scintillation crystal and light guide - as shown 

in Figure 5.27. The fractional solid angle subtended by an interface pixel located at 

(xi, Ui) with respect to a pixel on the bottom surface of the scintillation crystal located 

at ixg,yg) is denoted by Let dgt, for which the subscript gi stands for "grid-

to-interface", be the angle of incidence for light traveling from the bottom of the 

scintillation crystal to the interface plane. The Presnel transmittance and reflectance 

for light incident at an angle of at the interface are denoted by Tcg{g,i) and 

RcgigtDt respectively. Recalling that we have assumed that the bottom surface of 

the crystal is a Lambertian reflector and that L is the radiance of a pixel as defined 

in Equation 5.9, we find that the mean number of photons, diffiisely reflected from 

a pbcel on the bottom surface of the scmtillation crystal located at {xg,yg), that are 
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transmitted through or reflected from aa interface pixel at {xi,yi) is 

COSOGI ^J(£II) (5.16) 

or 

Ajrix COSdgi S2/R(5RI) Rcgigd) (5.17) 

respectively, where Apa is the area of a pixel on the bottom surface of the scintillation 

crystal. The specified dependence of L, and hence and N^, on {xs,ya,Za) is 

necessary for future derivations. The size of the pixels used on the bottom smrface of 

the scintillation crystal was Kq)Iained in Section 5.3.4. 

5.4.3 Light traveling from interface plane to firont of photocathode 

A large portioa of the scintillation light that is transmitted through the interface be

tween the scintillation crystal and light guide will subsequently encounter the entrance 

window of a PMT and be incident upon a photocathode. In this section we calculate 

the average amount of scintillation light that, having been transmitted through the 

interface between the scintillation crystal and light guide, is incident upon and then 

transmitted through a pixel in the plane of the interface between the light guide and 

PMT photocathode. 

Prior to making this calculation, however, we need a means of determining which 

detector pixels will detect any scattered light. The transmitted light is restricted 

by the boundaries of the scatter cone, and the size and orientation of the scatter 

cone depends upou the location of the interface pixel, {xi,yi), with r^ect to the 

location of the scintillatioa event, {xs^ys^Zs), The amount of light incident upon the 

PMT entrance window will depend upon the area defined, by the intersection of the 
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scatter cone and the detector plane with respect to the area defined by the boundaries 

of the PMT entrance window within the detector plane. The binary function that 

determines whether a detector pixel at {xd,yd) is inside the cone of scattered. light 

originating from the interface pixel (xt-,yf)> given a scintillation event location of 

(xajHsiZa), is Called, the detector availability function and is defined as 

Fi{Sjij^ = < 

1 detector pixel inside scatter cone 
(5.18) 

0 detector pixel not inside scatter cone 

where the subscript 1 serves merely to distinguish this function from, other fimctions 

defined as F. If Ft = 1, then the detector pixel at is within the scatter cone, 

so some photons originating from (ra,ys,2s) and passing through the interface pixel 

at i^uVi) will be incident upon the photocathode pixel at {xd,yd)' If = 0, then 

the detector pixel at [xd, yd) is not within the scatter cone, so no photons will be 

detected. The value of Fj, is determined by comparing the angle between two vectors: 

(1) the vector coincident with the specular direction of transmission given (arj, y,, z,) 

and {xi,yi) and (2) the vector starting at (ar,-,?/,-) and ending at {xd,yd)' If the planar 

angle between these two vectors is less than or equal to 0cone> then the detector pixel 

lies inside the defined, cone and Fi = 1. On the other hand, if the angle between th^e 

two vectors is greater than 9ame, then the detector pbcel lies outside the defined, cone 

and Fi = 0. 

Having defined the detector availability ftmction, we can now proceed, with de

termining the mean number of photons that are incident upon a PMT - as shown 

in Figure 5.28. The fractional solid angle subtended, by a detector pixel at {xd,yd) 

with respect to an interface pixel at {xi,yi) is denoted by Let 0,-^, for which 

the subscript id stands for "interface-to-detector", be the angle of incidence for light 

traveling from the interface plane to the detector (photocathode) plane. The Eiesnel 
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FIGURE 5.28. Meaa number of scintillatioa photons that are incident upon a pixel 
in the detector plane and absorbed by the photocathode. 

transmittance for light incident at an angle of at the interface is denoted by 

Tgp{i,d) where the subscript gp stands for "glass-to-photocathode". Recalling that 

the spatial sensitivity of the PMT is 5(i(d), the mean niraiber of photons, originat

ing from the interface element at {xi, yi), that are absorbed by the photocathode of 

photomultiplier tube p is 

where the subscript c in ^d,c,p(£5i) stands for a "component" of the optical model 

is the fractional solid angle of the scatter cone into which all scattered photons 

travelj and Fi was defined in Equation 5.18. Note that a summation over all possible 

{xdrVd) locations is included ia this expression. This summation represents a discrete 

integration over the entire PMT detector surface, so any light within the scatter cone 

that is incident upon a pixel associated with P^^IT p is incorporated into the value of 

^d,c,p' Striking a balance once again between the competing desires for smaller pixels 

^/r,cone(^ i) (XD,VD)T P 
Sd{^ (5.19) 

as wiU be explained in Section 5.5, was defined in Equation 5.14, n/r,cone 
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and for shorter computations, we subdivide the 100 mm x 100 mm detector plane 

into a 60 X 60 grid of 1.6667 mm x 1.6667 mm pixels. 

5.4.4 Multiple internal reflections in scintillation crystal 

A significant and complex part of the optical model is how it accounts for scintillation 

light that undergoes multiple reflections within the scintillation crystal before finally 

being coupled out by some optical process. The light from a scintillation event initiaEy 

has four possible routes to take: it can be (1) diffusely reflected from the bottom 

surface of the crystal, (2) absorbed at a side surface of the crystal, (3) reflected 

from the top surface of the crystal, or (4) transmitted through the top surface of the 

crystal. Our primary interest is in the light that is, eventually, transmitted through 

the crystal-light guide interface and subsequently detected by a P^fT. The optical 

model must account for the light that is reflected back into the crystal from the 

crystal-light guide interface - yet not incident upon a side of the crystal where it 

would be absorbed - before it finally passes through the interface and is detected 

by a PMT. In this section we describe how the optical model accounts for any light 

that has been scattered multiple times back and forth between the top and bottom 

siufaces of the crystal. 

Point spread function of radiance 

The first step in characterizing the multiple internal reflections is to understand 

how the light leaving one pixel is reflected from the crystal-light guide interface and, 

upon returning to the bottom of the crystal, is distributed over all available pixels 

- as shown in Figure 5.29. We calculate this point spread fimction (PSF) in two 

parts. In the first part, we will calculate how much light from a pixel on the bottom 
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FIGURE 5.29. Mean number of scintillation photons that, having scattered back 
from the crystal-Ught guide interface, are incident upon a pixel at the bottom of the 
crystal. 

surface of the crystal is incident upon and reflected from, a pixel in the interface. In 

the second part, we will calculate how much, of the light reflected and scattered from 

the interface is incident upon each available pixel on the bottom of the crystal and 

the corresponding value of the radiance due to the incident light. 

The first part of this calculation is quite similar to that done in Section 5.4.2 

and illustrated ia Figure 5.27. Let a pixel of radiance L = 1.0 W-mm~--sr~^ be 

located at the center of a 129 x 129 array of 1.5625-mm x L5625-mm pixels. The 

coordinates of the center pixel will be denoted as (argotJ/so)- '^^6 mean munber of 

photons, originating from the pixel at that are incident upon and reflected 

from an interface pixel at {xi,yi) is 

= HSQ)^cos9gaiQfr{g^^,t)Rcg{g^,i) (5.20) 

— ^pix COSSgQt fi^r(£gti) Rcgi^ri) 

where Apix = 1.5625^ mm^. This equation is similar to Equation 5.17. 
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The second part of this calculation is quite similar to that done in Section 5.4,3 

except that now, instead of traveling to the photocathode, the light is traveling to 

the bottom surface of the scintillation crystal. Recall that in. Section 5.3.3 we as

sumed that the light reflected from the crystal-light guide interface is scattered in 

the same fashion as the light that is transmitted through the interface. In this case, 

the reflected scattered light is bounded by a scatter cone that is centered upon the 

specular direction of reflection, and the light within the scatter cone may be incident 

upon either a side or the bottom of the crystal. We would like to calculate the mean 

number of photons that are incident upon each pixel at the bottom surface of the 

crystal that lies within the area defined by the intersection of the scatter cone with 

the plane of the bottom surface. Thus, the mean nimiber of photons, originating from 

the center pixel at (arjo.ygg), that are reflected from the interface pixel at (rj, i/i) and 

subsequently incident upon a pixel at (xj, yg) is 

^ , ^(£ori) Mir£) 

fwli) 

where the subscript c in ^g,c{9^ri,9) stands for a "component" of the optical model 

as will be explained in Section 5.5, and was defined in Equation 5.20. Since 

the light incident upon a pixel at {xg,yg) may have scattered from any munber of 

pixels in the crystal-hght guide interface plane, to determine the toted, mean number 

of photons that left the pixel at (arjot^ao) after one reflection from the interface, 

arrived at the pixel ixg,j/g), we must sxun over all possible {xi,yi) locations, or 

= X) (5-22) 
(ari.tfi) 

Recall from Equation 5.8 that radiance of a Lambertian. reflector may be defined as 

L = PCRYE 
TT 
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or 

J- Pcry^ 
It A 

if the irradiance E is expressed in terms of flux per unit area. Letting $ = 

and A = Ap^, we find that the radiance of a pixel at (3^9,2/3), due to light that, 

having originated from a pixel of unit radiance at ixgQ,yg^), has scattered once from 

the crystal-light guide interface, is 

£^.(9) = (5.23) 

where iVj^c(5Q»£) was defined in Equation 5.22. No angular dependence is specified 

for Lscat since we have assumed that the bottom smface of the scintillation crystal 

is a Lambertian reflector and, hence, Lscat is independent of angle. Using L,^t{9), 

we can define a point spread ftmction (PSF) for the radiance due to light scattering 

once from the crystal-light guide interface. The magnitude of the PSF, denoted by 

PSF[,{g), is defined to be the magnitude of LacotCs)? or 

iPSFt(£)l = |£^(s)|, 

and the corresponding units are inverse squared length, or Since (arjoi J/so) 

is at the center of the grid, a plot of P5Ft(g) is rotationaJly synunetric about 

(^30»Vgo)' 

Multiple truncated convolutions with radiance point spread function 

The second step in characterizing the multiple internal reflections is to understand 

how they contribute to the total radiance of each pixel on the bottom surface of the 

crystal. For a single scintillation event, the optical model considers the total radiance 

of a pbcel to be due not only to the light that, having radiated outward from the 



222 

scintillation event location, is directly incident upon the pixel but also due to the light 

thatj having been scattered one or more times from the crystal-light guide interface, 

is then incident upon the pixel. We acknowledge that, from a strictly theoretical point 

of view, all the scattered light will not be incident upon the pixel at the same time, 

so the radiance of the pixel will actually change as a Eimction of time. The optical 

model, however, is not concerned with the radiance as a fimction of time but rather 

with the radiance integrated over time. To determine the additional radiance at each 

pixel due to light scattered back from the crystal-light guide interface, we can use the 

PSF derived above. If we apply the PSF to each pixel - using the pixel magnitude 

to scale the PSF, we can add up the radiance contributions at each pixel due to each 

PSF application. This procedure amounts to performing a discrete, two-dimensional 

convolution between the radiance distribution and the radiance PSF, Due to the finite 

physical dimensions of the camera components, however, only a tnmcated PSF will 

be applicable, and the portion of the PSF used will depend upon the location of the 

source pixel. Thus, the procedure to model light scattering back from the crystal-

light guide interface is actually a tnmcated, discrete, two-dimensional convolution. 

Multiple, or repeated^ scatterings are modeled, with multiple tnmcated, discrete, two-

dimensional convolutions. 

Suppose that the initial radiance as a function of position {xg. i/g) is denoted as 

Lo(£). Some of this light will be diffusely scattered up to the top surface of the crystal 

where it will be scattered back down to the bottom surface. Suppose also that the 

radiance of the pixels due to light that has scattered once from the interface, or has 

undergone one round-trip from the bottom surface to the top surface and then back to 

the bottom surface again, is denoted as Lt{g) where the subscript "1" indicates how 

many times the light has scattered from the interface. Then Li{g) is the truncated. 
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discrete, two-dimensional convolution of the initial radiance fimction, LQ{^, with the 

radiance PSF, PSFiX^, or 

OQ OO 
Ldg) [Io(Q:t/?)'^(a,/5)I PSFr.ixg-a,yg-0) AxgAyg, 

—OO —OC 

where S{g) represents the compact support of Lo(£) and is defined as 

S{g) = rect (red (— 
~ \^cam./ \'^cam.J 

where Wcam is the width of the square crystal. The inclusion of 5(£) in the expression 

for Li{^ could be viewed as adding redundancy since Io(5) tias the specified compact 

support due to the physical dimensions of the crystal. Applying the compact support 

to the limits of the summations, we have 

Wfttm ttffam 2 Z 
Li{g) = ^  PSFtiXg -a,yg- 0) ^XgAyg. 

wggm utfam 
2 2 

Introducing a change in variables by letting 

u = Xg—a 

V = Vg-Pr 

we have 

Xg+!^yg-i-!^ 

it(£) = E E Lo(xj -u,yg— v) PSFi:{u, v) AxgAyg, (5.24) 

Equation 5.24 indicates that, in order to calculate a single value in the truncated 

convolution, Lo{g) must be shifted to overlap a specified subsection of the PSF, and 

then the sum of the products /^o(% —u,yg— v) PSFciu^v) for all available (u, u) is 

computed. At this point the use of "truncated" in the description of this operation 
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is due to the fact that only a tnmcated portion of the PSF is used to calculate each 

value of Li{g), Rewriting Equation 5.24 in. a more coavenient format, we have 

In a similar fashion the radiance of the pixels due to light that has scattered two 

times from the interface will be a function of Li{g), or 

In general, the radiance of the pixels due to light that has scattered Ns times from 

the interface will be a function of the radiance due to the light that scattered N3 — I 

times, or 

Recall that the optical model is concerned only with, determining the total number of 

photons that are, at some point, scattered from the scattered from the bottom siuface 

of the crystal and subsequently detected by a PMT. Thus, effectively, the radiance of 

the pixels is simply the sum of the individual radiance fimctions, or 

Examining the output of the model, we have determined that most photons will be 

reflected from the interface five times or less. So, for computational purposes, the 

model assmnes that iV, = 5. The final step in calculating the total radiance of 

the pixels is to include the smoothing operation that, as was discussed at the end 

of Section 5.3.4, accoimts for the light scattering in the air gap between the white 

reflective paper and the scintillation crystal. We express this simply as 

£2(£) = [£I(£)»«'P5FC(£)] S(£). 

LIT. (ff) = [ift-iCs) * • fS{g). 

f=0 

Ltot (l) = S(i) (5-25) 
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FIGURE 5.30. Demonstratioa of how the radiance PSF is not shift-invariant with 
respect to position. 

where F2{g) is the smoothing kernel. 

As an aside, it should be noted that the optical model assumes that the radiance 

PSF is shift-invariant when, in fact, it is not for the case of scattering occurring at 

the edges of the crystal. The radiance PSF was calculated for the case in which, the 

crystal has no physical boundaries and, thus, works well for light scattering within 

the central portion of the crystal. When it is used for light scattering near the edges 

of the crystal, however, an unquantified - but assumed insignificant - amoimt of error 

will be introduced into the calculations. Figure 5.30 illustrates how this occurs. The 

left-hand side of the figure shows what happens for a source pixel far firom the edges 

of the crystal. Some of the light that is incident upon the interface to the right of the 

source pixel location is scattered back far enough, to the left that it is incident upon 

the bottom surface of the crystal to the left of the source pixel. This scattered light 

contributes of the radiance of the pixels to the left of the source pixel, and the radiance 

PSF accounts for this situation. The right-hand side of the figure shows what happens 

for a source pixel dose to the edges of the crystal. In this case the light that would have 

been incident upon the interface - as indicated by the dotted lines - is absorbed, and 
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lost, at the side of the crystal. Thus, the radiance PSF for this source pixel location 

would differ slightly from the PSF already calculated. We acknowledge that this 

source of error exists, but we considered the task of generating and using a position-

dependent PSF to be computationally impractical for an. analytical (as opposed to a 

Monte Carlo) simulation. We believe that the amount of error introduced - which is 

only for source pixels very close to the edge of the crystal - is insignificant. 

5.5 Components and synthesis of the optical model 

The optical model consists of sixteen components, each, of which models a specific 

group of photons emitted by a scintillation event. When all sixteen components are 

combined, the optical model can account for nearly 100% of the photons emitted 

by a scintillation event. Tables 5.3 and 5.4 provide an overview of the key optical 

model features taken into account by each, model component. The components can be 

divided into two groups - those that handle photons that will be detected by a PMT 

and those that do not. Seven of the sixteen components - Components 1, 2, 3, 4, 5, 

10, and 12 - are in. the former group. Based on our current assumptions, however, 

only three of these sevea components will be used to determuie the model output. 

Component 2, which models light that is specularly reflected from the bottom smface 

of the scintillation crystal, wiU not contribute anything because in Section 5.1.1 we 

assumed that the bottom surface of the scintillation crystal would be modeled as a 

Lambertian reflector. Components 4,10, and 12, which model light that is specularly-

reflected from the sides of the light guide, will also not contribute anything to the 

model output because in Section 5.1.3 we assumed that the light incident upoa a 

side of the light guide would be completely coupled out of the light guide. Thus, only-

three components - Components 1,3, and 5 - are required to calculate the mean total 
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Feature Description. 
A initial direction of travel toward top surface of scintillation crystal 
B initial direction of travel toward bottom surface of scintillation crystal 
C initial direction of travel toward side of scintillation crystal 
D transmission through top siuface of scintillation crystal 
E specular reflection from bottom surface of scintillation crystal 
F diffuse reflection from bottom surface of scintillation crystal 
G absorption at side of scintillation crystal 
H multiple reflections within scintillation crystal 
I specular reflection from side of light guide 
J transmission through side of light guide 
K detection by PMTs 

TABLE 5.3. Descriptioa of key features in. the optical model with respect to light 
travelling within the gamma camera. 

Feature Component niunber 
1 2 3 4 5 6 7 8 9 10 11 12 13 14 15 16 

A / / / / / / / / / 
B / / / / / / 
C / 
D / / / / / / / / / / / / / 
E / 
F / / / / / / / / / / 
G / / / 
H / / / / / / / / / / 
I / / / 
J / / / / / / 
K / / / / / / 

TABLE 5.4. Summary of features that are accounted, for by each model component. 
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FIGURE 5.31, Typical path, of photons in. Component L 

number of photons detected by the PMTs. Each of these three components will be 

described next in more detail. Following these descriptions, very cursory descriptions 

of the other thirteen components will be provided. 

5.5>1 Component 1 

Component 1 of the optical model calculates, as a function of scintillation event lo

cation, the mean number of photoelectrons ejected &om each PMT photocathode 

due to photons that, as shown in Figure 5.31, traveled directly from the scintillation 

event location to the crystal-light guide interface, passed through the interface, trav

eled directly to the light guide-photocathode interface, passed through the interface, 

and were absorbed by the photocathode. The meem. number of photons detected by 

the photocathode of PMT p due to a sdntillation event at (or,, y,, z,) is the sum of 

the mean number of photons that pass through each possible interface pixel due to a 

scintillation event at and are subsequently detected by the photocathode 

of PMT p. This quantity, Nd^i^p{s), is obtained by summing defined in 
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Equation. 5.19, over all (xt,yt), or 

N^i,pU)= E (5.26) 
{xirnh p 

The mean number of photoelectrons ejected &om the photocathode of PMT p due to 

a scintillation event at is 

^pe,l,p{^ — Vpc,int ^d,l,p{§) (5-27) 

where is the integral quantiun efficiency of the photocathode. If Equations 

5.14, 5.19, 5.26, and 5.27 are combined, then the full expression, for Nj^up is 

'W f e )  —  n  Vsc j) ̂ g(l> j) /c no\ 
iVpe,l,p(l) - Vpc,int 2^ ^ (5-28) 

i^frihi) Tgpii,^ Sd{d) Fi{s,i,M-
{xd,yd)< ? 

5.5.2 Component 3 

Component 3 of the optical model calculates, as a function of scintillation event 

location, the mean number of photoelectrons ejected from each PMT photocathode 

due to photons that, as shown in Figure 5.32, traveled directly from the scintillation 

event location to the bottom surface of the scintillation crystal, diffusely reflected 

from the bottom surface, scattered from the crystal-light guide interface back to the 

bottom of the oystal up to five times before finally passing through the aystal-Iight 

guide interface, traveled directly to the light guide-photocathode interface, passed 

through the interface, and were absorbed by the photocathode. Figure 5.32 shows 

two cases; (1) on the left-hand side, a photoa is transmitted through the crystal-light 
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FIGURE 5.32. Typical paths of photons In Component 3. 

guide interface on its first try, and (2) on the right-hand side, a photon is scattered 

once &om the crystal-light guide interface back to the bottom surface of the crystal 

before passing through the interface. 

Several steps are required to calculate the desired quantity in this case. First, 

we calculate the mean number of photons that, having originated from a scintillation 

event at [x3,y3,Zs) and having contributed to the radiance at a pixel on the bottom 

surface of the scintillation crystal at (xg, yg), pass through an interface pixel at (xj, yt) 

and are incident upon PMT p. Modifying Equation 5.19 to include the appropriate 

dependences on {Xg,]/g), the mean number of photons, originating from the interface 

element at (x,-,t/,), that are absorbed by the photocathode of PMT p is 

Y; (5.29) 

where was defined in Equation 5.16 and the value of the radiance is Ltoti^, 

the total radiance due to multiple internal reflections derived in Section 5.4.4. Second, 

the mean niunber of photons detected by the photocathode of PMT p due to the 

radiance Ltatis) at a pixel on the bottom surface of the scintillation crystal at (ar^, yg) 
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is the smn o£ the meaa number of photons that pass through each possible interface 

pixel and are subsequently detected by the photocathode of PMT p. This quantity, 

is obtained by summing N^d,3,p{Sjg,i), defined in Equation 5.29, over all 

or 

ND,3,P{^9)= (5.30) 
(=iiyi). P 

Third, the mean number of photons detected by the photocathode of PMT p due to 

a scintillation event at {Xg, i/a, Zg) is the siun of the mean number of photons detected 

due to the radiance of every pixel on the bottom of the scintillation crystal. This 

quantity, Nd,3,pis), is obtained, by summing Nd,3,p{s,^, defined in Equation 5.30, 

over all ixg,yg), or 

'?«,(£)= E ^O.p(i£)- (5-31) 

Fourth, the mean number of photoelectrons ejected fi:om the photocathode of PMT 

•p due to a scintillation event at {x3,y3,Za) is 

^pe,3,p{§) —Vpc,mt ^D,3,P(S) (5.32) 

where Tjpcmt is the integral quantum efficiency of the photocathode. Combining Equa

tions 5.16,5.29,5.30,5.31, and 5.32, the fiill expression for iV"pe,3,p is 

^pe^,pU) = Vpcint 2- 2^ = q: TTTT^ (5-33) 
P {XI,YI), p fr,ame[g, J 

X Sd(d) Fi(£,id) 
(XD,UD), P 

where, again, Ltott as defined, in Equation 5.25, is the value used, for radiance in 

Equation 5.16. 
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FIGURE 5.33. Tjrpical path, of photons in Component 5. 

5.5.3 Component 5 

Component 5 of the optical model calculates, as a function of scintillation event loca

tion, the mean number of photoelectrons ejected from each PMT photocathode due 

to photons that, as shown in Figure 5.33, traveled directly from the scintillation event 

location to the crystal-light guide interface, scattered from the interface back to the 

bottom surface of the scintillation crystal, diffusely reflected from the bottom surface, 

scattered from the crystal-Ught guide interface back to the bottom of the crystal up 

to &ve times before finally passing through the crystal-light guide interface, traveled 

directly to the h'ght guide-photocathode interface, passed through the interface, and 

were absorbed by the photocathode. The only difference between this component 

and Component 3 is that, instead of traveling downward from the scintillation event 

location, the light travels upward and scatters once from the interface before being 

incident upon the bottom siuface of the crystal. Figure 5.33 shows the same two 

cases of lights paths as in Figure 5.32 with the added difference that the scintillation 

light initially travels upward instead of downward. 
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The derivatioa to find the mean number of photoelectrons ejected from the photo-

cathode of PMT p due to a scintillation event at (Xj, t/s, z^) parallels that undertaken 

in the section for Component 3. The key difference is that the initial radiance, to 

be denoted as Io,5(£)t will be different than that found in Component 3, or Lo,3(£). 

Fnst, in Component 5 the initial radiance of a pixel at {Xg,yg), due to light that, 

having originated from a scintillation event at (x,, yarZa), has scattered once from the 

crystal-light guide interface, is 

Pcry^g,5{^9) 
TnApjx 

where we have used Equations 515,5.21,5.22, and 5.23 and changed the and "3" 

subscripts to "s" and "5", respectively. Second, the total radiance, Ltoti^, may be 

calculated using Equation 5.25 and the procedure outlined in Section 5.4.4. Finally, 

the mean niunber of photoelectrons ejected from the photocathode of PMT p due to 

a scintillation event at {Xs,ya,Za) can be expressed as 

•jf , , ^tot{^9) '^os6gi Q.fr{g,i)Tcg{g, i} 
iVpe,5,pU) = 2^ 2^ = o: 7777^ ^5.34) 

^ifr,cone(g,lJ 

(^d.Sfdh p 

where we have used Equations 5.29 to 5.33 and changed the "3" subscripts to "5". 

5.5.4 Remaining components 

The remaining thirteen components can be divided, just as before, into two groups 

- those that deal with photons that could be detected by a PMT and those that 

do not. Four components - Components 2, 4, 10, and 12 - can calculate a mean 

number of photons that will be detected by the PMTs. Under the current set of 

assumptions, however, the groups of photons tracked by each model component never 



234 

reach, the PMTs, so these components contribute nothing to the final model output. 

The remaining nine components - Components 6-9, 11, and 13-16 - calculate the 

mean number of photons that will go undetected by the PMTs. Each of these thirteen 

components will be briefly described below. 

Components calculating mean number of photons detected by PMTs 

Components 2, 4,10, and 12 were designed to account for photons that specularly 

reflected from a smface and were then detected by a PMT. A sample path that a 

photon in each component could take is shown in Figure 5.34. Component 2 calculates 

the mean nimiber of photons that are specularly reflected from the bottom siirface 

of the scintillation crystal, transmitted through the crystal-light guide interface, and 

detected by a PMT. The rationale for including this component was to allow the 

optical model to account for a mixture of spectilar and diSuse reflection from the 

bottom surface of the scintillation crystal. In the course of constructing the model, 

however, we concluded that the specular component was essentially negligible. So, 

as we did earlier in Section 5.1.1, we have made the assumption that the reflection is 

totally diSuse, and, as a result, Component 2 does not make any contribution to the 

model output. 

Components 4, 10, and 12 calculate the mean number of photons that are spec

ularly reflected from a side of the light guide and then are incident upon the photo-

cathode of a PMT. The difference between the components is in how the light arrived 

at a side of the light guide. The typical paths of photons ia Components 4,10, and 

12 are exactly the same as those in Components 1, 3, and 5, respectively, except for 

the fact that, instead of traveling directly from the crystal-light guide interface to 

the light guide-photocathode interface, they arrive there after having been reflected 
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FIGURE 5.34. Sample paths of photons ia Components 2, 4, and 9-13. 

from a side of the light guide. An important limitatioa placed on these components 

is that the photons, as they arrive at a side of the light guide, must appear to be 

heading toward the mirror image of the PMT array - as shown by the dotted lin^ ia 

Figure 5.34. For most photons that are eventually detected by a PMT, this limitatioa 

permits at most two reflections from the sides of the light guide. Whether or not light 

is reflected from the sides of the light guide, however, is dependent upon parameters 

of the optical model. Ideally the PMTs wiU detect hght reflected from the sides of 

the light guide only if there is a change in refractive index betweea the light guide 

and the gel sealant. If the two materials have identical refractive indices or the sides 

of the light guide are coated with aa absorbing paint, thea no light will be reflected. 

Recall that ia Section 5.1.3 we made the assimaption that all of the light iacideat upoa 

the sides of the light guide will be coupled out of the light guide. Thus, under this 

assumption. Components 4,10, and 12 contribute nothing to the meaa total number 

of photons detected by the PMTs. 
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FIGURE 5.35. Sample paths of light in Components 6-8 and 14-16, 

Components calculating mean number of photons not detected by PMTs 

Components 6-9,11, and 13-16 were designed to accomit for photons that are not 

detected by a PMT. A sample path that a photon in each component could take is 

shown in either Figure 5,34 or 5.35. Components 6-8 calculate the mean number of 

photons that are incident upon a side of the scintillation crystal and absorbed by the 

black rubber band. Component 6 represents the photons that travel directly from the 

scintillation event location to a side of the crystal. Components 7 and 8 are similar to 

Components 3 and 5, respectively, except that the light, instead of eventually passing 

through the crystal-h'ght guide interface, is eventually incident upon a side of the 

crystal and is lost. 

Components 9, 11, and 13 calculate the mean number of photons that, having 

arrived at a side of the light guide, are either transmitted through the interface into 

the gel sealant or absorbed by the black paint covering the sides of the light guide. 

These components form the counterparts to Components 4, 10, and 12 in the sense 

that they accoimt for all the photons that are lost due to transmission through the 

sides of the light guide. 
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Components 14-16 calculate the mean nmnber of photons that are incident upon 

a side of the light guide but, as shown in. Figure 5.35, do not appear to be heading 

toward the mirror image of the PMT array. These components accoimt for all the 

remaining photons not taken into account by Components 4 and 9-13. If the optical 

model requires that all the photons incident upon a side of the light guide are coupled 

out of the light guide, then all of the photons accounted for by these components are 

lost, or undetected by a PMT. If some specular reflection is allowed, then the photons 

are also considered lost as they are tracked no further by the model. We acknowledge 

that this is a source of error in. the model, but the complexity of calculations required 

to track photons undergoing multiple reflections within the hght guide is beyond the 

intended scope of this analytical model. A. Monte Carlo simulation would be a better 

approach in this case. Also, since the model ahready accounts for nearly 100% of the 

total number of photons emitted by a scintillation event, we believe that the number 

of photons undergoing multiple reflections inside the light guide represents a very 

small portion of the total number. 

5.5.5 Synthesis of optical model 

Having described all of the components of the optical model, we now synthesize several 

comprehensive eq)ressions for the output of the optical model. First, we calculate the 

mean niunber of photoelectrons ejected from a PMT photocathode due to a gamma 

ray mteracting anjnvhere within the scintillation crystal. Second, we find the mean 

and variance of the number of photoelectrons ejected from the photocathode due to 

gamma rays, normally incident upon the camera face, interacting at a random depth 

within the scintillatiou crystal. Third, we determine the covariance betweea the num

bers of photoelectrons ejected from the photocathodes of either two adjacent PMTs 
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or two diagonally-opposed PMTs due, once again, to gamma rays, normally incident 

upon the camera face, interacting at a random depth within the scintillation crys

tal. Recall that the random DOI is the primary reason for the non-zero covariances 

between the PMTs. 

Suppose that a gamma ray interacts within the scintillation crystal at the loca

tion (xa^ys, 2s). The mean response of PMT p to the resulting scintillation event is 

simply the sum of the mean responses for each relevant model component. Using 

Equations 5.28, 5.33, and 5.34, the mean number of photoelectrons ejected from the 

photocathode of PMT p due to a scintillation event at (xj, j/s, 23) is 

NPE,T,P{XSFY3, Z3) = ^ ^ ^PE,C,P{.^STYAY ^S) (5.35) 
c=l,3,5 

where the subscript t stands for "total" of all the components. 

Suppose that a collimated beam of gamma rays, normally incident to the camera 

face, interacts with the scintillation crystal at the location (Xj, j/s). The mean response 

of PMT p to a single gamma ray interacting at a random depth is an exponentially 

weighted sum of the mean model responses to a gamma ray interacting at each defined 

DOL Specifically, the mean number of photoelectrons ejected from the photocathode 

of PMT p due to a gamma ray, normally incident upon the camera face at (ra,t/,), 

interacting at a random depth within the scintillation crystal is 

^PE,T,P(^»T ~ ^ ^ •^T) (5.36) 
t=L 

where i is the DOI index, P{zi) is the probability of a gamma ray interacting with the 

crystal at depth Zi as defined in Equation 5.13 in Section 5.3.7, and iVpe,t,p was defined 

in Equation 5.35. This expression for N^pe,t,pi^s,ys) is the model representation for 

the MDRF of the modular gamma camera. 
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Suppose once again, that a collimated beam of gamma rays, normally incident to 

the camera face, interacts with the scintillation crystal at the location {xs,ya). The 

variance in iVpe,t,p(0:3,2/3) depends on (a) the random number of photons generated by 

the scintillation event and (b) the random DOI of the gamma ray. If the mean number 

of photoelectrons, both overall and as a function of DOI as defined in Equations 5.35 

and 5.36, respectively, is known, then the variance of iVp,/ p(x,,y.) can be derived. 

The variance in Npe,t,pi^3rys) can be written as 

where a double average is performed and Npe^t,pi^s,ya) is defined as an exponentially 

weighted average of the individual iVpe,t,p(ar3,2/3,2,) 's. The first average is with respect 

to the number of photons, Npk, emitted by a scintillation event given that the event 

occurred at a particular depth, Zi, The number of emitted photons is assiuned to 

follow a Poisson probability law (Rreedman et ai 1979). The second average is with 

respect to the DOI, zj. The DOI, as noted earlier, follows an Kq)onential probability 

law. Thus, Equation 5.37 can be rewritten as 

where the Kq)licit dependence on (x,, jf,) has been removed for convenience. Rewrit

ing the inner difference by adding and subtracting f p and then expanding the 

UOT'[iVjje.t.p (2^3,2/3)! — \( ^pe,t,p(X3fys) ^pe,t,p{Xsrys) (( » (5.37) 
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expression, we obtain 

v a r  ( i V ^ , t , p )  —  (  (  ( ^ p e , t , p  ^ p e , t , p  ^ p e , t , ^  J  
' iVp/i I Si / 

— ^pe,t,p) + (j^pe,t,p — 

+ 2{Npe,t,p Npe,t,p){Npe,t,p -^pe.t.p)^ 
^ph.(^ Zi 

o 
~ (^{{^pe,t,p ^pe,t,p) ^^ ;^|2j ^p«'t.p) 

2 ((iVpe,t,p ~ ^Pe.t.p))iVpfclji (•^Pe.'.P ~ ^pe,t,p)^^ > + ;  

Note that the term ^iVpe,{,p — Npe,t,p^ contains variables that are akeady mean num

bers of photoelectrons, so the first average - that with respect to Nph given Zi - does 

not apply to them. The expression can be simplified by noting that the mean in the 

second term equals zero, or 

( ( i ^ p e , t , p = 0 .  

Removing the second term and expanding the remaining terms, the expression for 

the variance becomes 
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Var{Npe,t,p) — ^^(iVpe,t,p ^pe,t,p) + ^^pe,t,p—^pe,t,p^ ^ 

~ ^ (^pe,t,p ~ 2iV"pe,t,piVpe^j_p -f Np^ ^ JS + Npe^t,p ~ '^^pe,t,p^pe,t,p 
\ ^ ' <v pfc I Si 

/ •» 

= ({^%,t,p)iVpAIli ~ ^ (^pe,t.p)Wp;,tSi ^pe.t,p + ̂ ,t,p + ̂ pe,t,p 

— 2Npe,t,p^pe,t,p + ̂ pe,t,p) 

~ {(•^pe,t,p)/V|,^|ji ~ '^^pe,t,p "f" ^pe,t,p ^pe,t,p ~ 2^pe,t,p^pe,t,p 

+ ̂pe,t,p^ 
' •€ 

~ ((^.'•p)iVph|si)j. ~^^pe.(.p 

= ((•''«.p>«„|,)^-^p.,.,- (5-38) 

Recall that the number of emitted photons per scintillation event is assmned to follow 

a Poisson distribution. Under this assumption, 

^pe.t,p ~ ̂ Pe,t,py 

and the conventional definition of variance, 

^pe,t,p ~ {^^,t,p} ~ ̂ ^,t,pt 

can be used to form aa expression, for the second moment of Npe,t,p, 
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which, can be substituted into the first term of Equation 5.38. Thus, the expression 

for the variance becomes 

var {Npe,t,p) = ( Npe,t,p + ̂ pe,t,p) ~ ̂ pe,t,p-
V f Zi 

Performing the average over DOI, 

variNp^,t,p) - L 
^dep 

i=l 

- (5.39) 

and rewriting the expression with the dependencies oa (i,, y,) and {xg, Us, Zi) included, 

the final expression for the variance of A^pe,t,pfe,ya) is 

uar[iYpe,t,p(a;„j/,)I = 

^0 

-'^pe,t,p{Xo^ys)-

^[Npe,t,p{^s,y3,Zi) + N'^^t,pi^s,ys,Zi)\e 

(5.40) 

t=l 

Since the optical model of the camera calculates both iYpe,t,p(a^a,ya,2{) and 

^p<t,t,p{.^s,ya), the theoretical variance of Npc,t,p{^a,ys) can be easily determined. 

The theoretical covariance between any two PMTs can be calculated in a similar 

fashion. We will not derive the fiill expression for the covariance here, but merely 

note that the covariance values can be obtained by evaluating the expression 

C0t?[lV^^t^pj(X3,ya),i\rpe,t^pj(Xs,ya){ = •Ype,t,pt(3^st2/s)| (5-41) 

^ ^^^,t,P2(2^a»y») ^pe,t,p2(2^irys)J^^ 

where pi and po represent the indices of any two PMTs. 

5.6 Comparison of model output with laboratory data 

During the development of the optical model, the goal was be able to predict the 

mean response and performance of a real modular gamma camera. In this section 
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we illustrate our success in reaching this goal. First, we compare the predicted meaa 

response of a camera to the real measured response. Second, we demonstrate that the 

optical model can also estimate the variance of the camera response as well. Third, 

we illustrate the ability of the model to predict the positioa estimatioa and spatial 

resolutioa capabilities of a camera. In all cases, the optical model is successful. 

5.6.1 MDRF 

The calibration of the modular gamma camera provides an accurate measure of the 

mean camera response to a gamma ray uxcident anywhere on the camera face. Recall 

that the calibration procedure involves stepping a coUimated Tc-99m source, oriented 

such that the beam is normal to the camera face, through a 64 x 64 grid of locations 

on the camera face and at each point recording the mean camera response to the 

source activity. The mean camera response consists of the mean signal, or the mean 

of the pulse height spectrum, from each of the PMTs. The mean signals at each 

source location are obtained by averaging the raw signal data - consisting of 12,500 

events - for each PMT. 

A sample plot of a real normalized mean response of a single PMT as a fimction of 

position is shown in Figure 5.36. The camera face has been subdivided into a 64 x 64 

array of detector pixels. Since the PMTs are arranged in a symmetric 2x2 array, 

the MDRF contour of each PMT is similar but just rotated such that the peak is in 

a different comer. A common diagnostic plot is a particular diagonal of the MDRF 

contoiur. The diagonal chosen is the one that passes through the location of the 

center of the PMT. A sample plot is shown in Figure 5.37. The data represents the 

diagonal running from (0,0) to (63,63) in the MDRF contour shown in Figure 5.36. 

The mean response of a PMT peaks when the source of ganmia rays is positioned 
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FIGURE 5.36. Meaa detector response function (MDRF) of a single PMT. 

O 

o 

FIGURE 5.37. Sample diagoneil of NIDRF contour. 
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directly under the center of the PMT and falls off as the source moves away firom 

the center. The falloff in. the mean response is radially asymmetric since the PMT 

is (a) square and (b) located in. one quadrant of the light guide. When the source is 

under the PMT and also near the edges of the camera, unless the sides of the light 

guide are perfect absorbers as we have assumed, then, the PMT can detect light from 

scintillation events that scatters off the sides of the scintillation crystal and the light 

guide. Thus, the meaa response of the PMT is slightly different than what it would 

be if the source were just as far from the PMT center but located under the central 

region of the camera face. 

The optical model, for a given set of parameters, generates MDRF contours like 

that shown in Figure 5.36. The diagonal of a model MDRF contour is shown in 

Figure 5.38 along with the real MDRF diagonal from Figure 5.37 for comparison. 

The model diagonal comes very close to matching the real diagonal. The rate of 

falloff of the MDRF plot - to the right of the peak, in particular - depends, in 

part, upon the type and amount of scattering that occurs at the top and bottom 

surface of the scintillation crystal. While several models of the scattering process 

were proposed and incorporated into the model during the development of the model, 

the model plot in Figure 5.38 represents the scattering scheme described in Section 

5.3.3. This scattering scheme produced results that best matched the MDRF data 

from a real camera. The rates of falloff away from the peak are not identical, but 

this merely indicates that the scatter - and other factors as well - have not been 

completely characterized. For our goals of characterizing the mean response of the 

camera, however, this model MDRF is reasonable. For fiirther comparison, the ratio 

of a model MDRF contour to a real MDRF contour, on a pixel-by-pixel basis, is 

shown in Figure 5.39. Note that the ratio, as a fimction of position, is close to 1.0 
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FIGURE 5.39. RatiOj on a pixel-by-pixel basis, of the model MDRF contour to one 
measured in the laboratory. 
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across most of the camera face - except for the comer furthest from the PMT where 

the ratio approaches 2.2. Thus, the model MDRP contour assumes approximately the 

same functional shape as a real MDRF contour - indicating, again, that the optical 

model is successfully approximating the mean response of the camera as a function 

of position. 

5.6.2 Variance and covariance 

The optical model also generates variance and covariance contours like those shown in 

Figures 3.9-3.11. Model contours of the variance of one PMT, the covariance between 

two adjacent PMTs, and the covariance between two diagonal PMTs are shown in 

Figure 5.40 along with the corresponding real contour data for comparison. (The 

model variance in Figure 5.40(a) has been rotated by 90 degrees to add another point 

of view for viewing the data.) The variance and covariances were calculated using 

Equations 5.40 and 5.41. On a qualitative basis, the Eimctional form of the real and 

model contours are quite similar, indicating that the optical model is capable of esti

mating the behavior of the correlations between the PMTs. Quantitatively, however, 

the real data generally have larger pixel values than the model data, indicating that 

the mean values - i.e. the NEDRF - from which the covariance values are derived still 

contain some degree of error. 

5.6.3 Point eirray 

A point array (PTA) is a usefiil tool for ecamining the performance of the modular 

gamma camera. In particular, it displays the position estimation and. spatial resolu

tion capabilities of the camera. The data for a PTA is obtained by stepping a colli-
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(a) variance 

(b) covariance - adjacent PMTs 

(c) covariance - diagonal PMTs 

FIGURE 5.40. Comparison of real (left-hand side) and model (right-hand side) con
tours of the variance for one PMT, the covariance between two adjacent PMTs. and 
the covariance between two diagonal PMTs. 
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mated radioactive source, normally incident upon the camera face, through an 8 x 8 

grid of locations on the camera face, recording the PMT signals for a specified number 

of events at each location, and then processing the signals with scatter-rejection and 

position-estimation software. The resulting image is a histogram of the estimated 

locations at which gamma rays struck the camera face. Since the image is essentially 

a regular array of points, we can visually estimate both the spatial resolution of the 

camera and the performance of the position estimation software. 

A sample image of a real PTA is shown in Figure 5.41. The central region of the 

camera exhibits much better performance than the areas near the edges and comers. 

Each pixel m the image represents a 1.5625-mm x 1.5625-mm region on the camera 

face, and the diameter of the coUimated beam of gamma rays is about 2 mm. So 

the locations of nearly all events in the central region of the camera are correctly 

estimated to within the width of about one pixel. 

The optical model, given the modeled MDRP for each PMT and a data set of 

12500 randomly generated events per grid point, can generate PTAs like that in 

Figure 5.41. A sample model PTA is shown in Figure 5.42. The model PTA is quite 

similar to the real PTA. The performance in the central region of the camera face 

is comparable to that of the real camera and deteriorates as the source moves near 

the edges and comers. In the comers, the increase in number of possible estimated 

locations - illustrated by the "smearing" of the "points" - is confirmed. The real PTA 

indicates that such an effect is occurring, but the actual shape of the locus of points 

is not readily apparent due, in part, to noise in the pfacel values. Part of the reason 

for this decrease in performance in the comers is that the gradients of the MDRF 

curves for all but the closest PMT are very shallow at these locations. The position 

estimation scheme works much better when the gradients of the MDRF contours of at 
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FIGURE 5.41. Sample of a real 8X8 point array. 
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FIGURE 5.42. Sample of a model 8x8 point array. 
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least two tubes are relatively steep at the particular location. Thus, the combination, 

of poorer scatter rejection and position estimation near the comers is predicted by 

the model PTA and confirmed by the real PTA. 

5.7 Specific applications 

The optical model can be applied in. a wide variety of situations to measure how the 

performance of a modular gamma camera is affected by changes in various physical 

parameters. In this section we describe four of the applications for which we have 

already used the model. The first application involved estimating the mean response 

of a camera following a modification of the PMT array. The second application com

pared the difference in the mean response of square and round PMTs of identical 

widths. The third application required modifying the camera - specifically, the thick

nesses of the scintillation crystal and light guide - for the imaging of 511-keV (instead 

of 140-keV) gamma rays. The fourtk application demonstrated how the model can be 

used to estimate the DOI of a gamma ray within the scintillation crystal. Each ap

plication has deepened our understanding of how the modular gamma camera works. 

5.7.1 Characterization of MDRF for camera using a 3 x 3 PMT array 

The performance of a gamma camera depends, in part, on the carefid selection of the 

detector components. For the case of our modular gamma cameras, we must choose 

the number, size, and arrangement of the PMTs to be mated to the light guide. 

Ttade-ofe exist and must be taken into account as weE. For example, a smaller 

number of larger PMTs may be more cost effective, but a larger number of smaller 

PMTs will provide better position estimation and, hence, better spatial resolution. 
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The UA modular gamma camera has traditionally used a 2 x 2 array of 50-mm-wide 

square PMTs momited on a lOO-mm x 100-mm light guide. As hardware costs have 

decreased and computational capabilities have increased, we have begun to outfit the 

latest generation of modular cameras with a 3 x 3 array of 38-mm-diameter round 

PMTs mounted on a 114rmm x 114-mm light guide. The areas of the light guide 

surface that are not covered by a PMT are left untreated - i.e. no absorbing or 

reflecting material is appUed to the surface. The optical model was used to help 

design the physical parameters of this new generation of camera. Specifically, once 

the lateral dimensions of the scintillation crystal and light guide were adjusted (firom 

100 mm to 114 mm) and the PMT sensitivity map was updated, the light guide 

thickness (f|g) was modified and the MDRF of the camera was calculated. A coarse 

version of the modified PMT sensitivity map is shown in Figure 5.43. 

With respect to modifying i|g, the MDRP is affected by both t\^ and the PMT 

width (iypmt)> ^ ̂ptnt decreases, then it is necessary to reduce in order to maintain 

the same level of camera performance. For the 2x2 array of PMTs for which Wpmt = 

50 mm, a value of tig = 19 mm was optimal. For the 3x3 array of PMTs for which 

— 38 mm, however, we concluded that a value of iig = 15 mm was reasonable. 

Figure 5.44 shows PTAs for tig € [11 mm, 15 mm, 19 mm). The qualitative differences 

between the PTAs are very subtle, but they are visible - especially if the same points 

in each image are compared. Note that, for fig = 11 mm, some of the points are 

starting to become elongated. For example^ compare the point in the second row and 

sixth column to its counterparts in the other PTAs. Also note that, for tig = 19 mm. 

the points near the comers have poorer position estimation than in the other PTAs. 

Having examined the PTAs for several values of tjg, we concluded that tig = 15 mm 

was reasonable for the given PMT array. 



FIGURE 5.43. Sensitivity map for 3 x 3 array of round PMTs. 

(a) T,g-t t mm (b) T,g=IS mm (c) T,jj=I9 mm 

FIGURE 5.44. Point arrays for light guide thicknesses of (a) 11 mm. (b) 15 mm 
(c) 19 mm. 
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(a) comer PMT (b) side PMT (c) center PMT 

FIGURE 5.45. Sample MDRF contours for a (a) comer PMT, (b) side PMT, and (c) 
center PMT in a 3 x 3 array of PMTs. 

(a) comer PMTs (b) side PMTs (c) center PMT 

FIGURE 5.46. Diagram showing how the 3 x 3 array of PMTs has (a) four comer 
PMTs, (b) four side PMTs, and (c) one center PMT. 
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With respect to calculating the MDRF of the camera, the corresponding MDRF 

contours are showa in. Figure 5.45. Note that an MDRP contour is displayed for a 

comer, a side, and the center PMT - the relative locations of which within the PMT 

array are shown in Figure 5.46. Unlike the 2 x 2 array of PMTs, in which each PMT 

occupied a comer position and thus had an identical - albeit rotated - MDRF, the 

3x3 array of PMTs contains PMTs that occupy three distinctly different positions 

- in a comer, on a side, and in the center - on the camera face. Thus, the MDRF for 

each. PMT does not have the same form. An alternate version of the optical model 

was created to handle the MDRF calculations for 3 x3 arrays of PMTs. The alternate 

version calculates the MDRF for each of the three possible PMT positions. 

5.7.2 Comparisoa of MDRF cross-sections for square and round PMTs 

The shape of the PMTs is another parameter that could potentially affect the per

formance of the camera. The UA modular gamma cameras have traditionally used 

square PMTs but have occasionally incorporated round PMTs of the same width. For 

the case of identical widths, the square PMTs are typically more ffiq)ensive and pro

vide more complete coverage of a surface while the round PMTs are usually cheaper 

and, while failing to completely cover a surface, provide a greater packing density -

defined in terms of number of PMTs per unit area - when arranged in a hexagonal 

pattem. When observed in the laboratory, the PTA images for 2 x 2 arrays of square 

and round PMTs look essentially identical, leading us to conclude that, qualitatively, 

the use of square or round PMTs does not affect the performance of the camera. 

Quantitatively, however, a minor difference does exist, and the optical model allows 

the difference to be observed. For a given PMT width, the roimd PI^^ITs occupy a 

smaller area of the light guide surface and hence detect a smaller number of photons. 
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FIGURE 5.47- Compaxisoa of MDRF cross-sections for square and round PMT in 
the center of a 3 x 3 PMT array. 

We compared cross-sections of the MDRP contours for a square and a round PMT ia 

the center of a 3 x 3 array of PMTs - as shown in Figure 5.47 - and found that the 

square PMTs detected, on average, about 11% more photons than the roimd PMTs. 

The value of 11% is derived by dividing the peak MDRF value for the square PMT 

by that of the round PMT. 

5.7.3 Modification of camera for imaging 511-keV gamma rays 

The UA modular gamma cameras were originally designed to image 140-keV gamma 

rays. With, the advance of positron emission tomography (PET), however, we have 

become interested in. the feasibility of modifying some of our cameras to allow for 

imaging of 511-keV gamma rays in. a coincidence imaging system. In. general, the 

thickness of the scintiUatioa crystal must be mcreased to improve the sensitivity of 

the camera to 511-keV gamma rays. Currently many commercially available imaging 

systems have sodium iodide ranging from 5/8" to 1" in thickness. The most common 
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thickness for PET applications is 1" since it allows for greatly improved stopping ef

ficiency (58%) but minimizes the impact on the optics from the greater path lengths. 

Some coincidence imaging systems have used thicknesses of 5/8" or 3/4", with stop

ping efficiencies of 42% and 48%, respectively, and this compromise is made primarily 

due to the need, to maintain SPECT performance in. dual-use systems (Muehlhauser 

2000). 

Once again, instead of building and testing prototype cameras in the laboratory, 

we used the optical model to simulate the performance of some preliminary camera 

designs. The specific task in the preliminary study to be reported here was to quali

tatively evaluate the PTA images for a 2 x 2 PMT array camera for which t\g = 3/4 

inch and ^ [5-0 iiim, 5/8 inch, 1 inch} and a 3 x 3 PMT array camera for which 

iig = 15.0 mm and £,c € [5.0 mm, 5/8 inch, 1 inch}. The value of tig in each case 

was chosen, because it was a reasonable thickness for the corresponding PMT array. 

While these values of fig might not be reasonable for imaging 511-keV gamma rays, we 

decided that they provided reasonable starting points. The valu^ of tac were selected 

for two reasons. First, using = 5.0 mm allowed for a direct comparison of how 

well the original cameras, designed for imaging L40-keV gamma rays, could image 

511-keV gamma rays. Second, using tac ^ [5/8 inch, 1 inch} permitted the evaluation 

of the camera performance for two scintillation crystal thicknesses commonly used in 

coincidence imaging systems. Since the scintillation, crystal thickness will be increased 

to allow for imaging 511-keV gamma rays, we blackened, the bottom surface of the 

scintillatioa crystal in order to reduce the number of scattered photons that might 

degrade the position estimation, capabilities of the camera. Due to this design, con

straint, Components 3 and 5 of the optical model were not applicable since they both 

model light scattering from the bottom surface of the crystal, so Component 1 was 
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the only component used. Similar to our approach in Section 5.7.2, we qualitatively-

evaluated the PTA images as a function of fjc and tig. 

Brief synopses of the results for the 2 x 2 and 3x3 PMT array cameras are shown 

in Figures 5.48 and 5.49, respectively^. To provide benchmark images for comparison. 

Figures 5.48(a) and 5.49(a) show the PTAs that correspond to the cameras designed, 

in. each, case, for imaging 140-keV gamma rays. Figures 5.48(b) and 5.49(b) illustrate 

what happens when the bottom of the scintillation crystal is blackened and 511-

keV ganama rays are considered. The position estimation capability of the cameras is 

severely degraded, but this was expected since = 5.0 mm is not the most reasonable 

thickness to detect 511-keV gamma rays. When the crystal thickness was increased, 

the improvement in. position estimation was quite noticeable. Figures 5.48(c) and 

5.49(c) show the results for = 15.9 mm (5/8 in), and Figures 5.48(d) and 5.49(d) 

do likewise for tac = 25.4 mm (1 in). In each case, as increases from 5.0 mm to 

25.4 mm, there is an improvement and then a degradation in the position estimation 

capability of the cameras. For this limited study, tsc = 15.9 mm appeared to provide 

the best camera performance. Further studies would have to be done to explore other 

values of tsc and t\g to ensure that the camera design is optimal for imaging 511-keV 

gamma rays. In any case, this study demonstrates the applicability of the optical 

model to a very relevant d^gn. task. 

^Figures 5.48(b)-(d) and 5.49(b)-(d) contain only the upper-left-hand quadrant of a PTA. Taking 
advantage of the symmetry within the PTA grid, we generated only one quadrant of each PTA En 
order to reduce the computation time required to execute the simulations. 
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(a) Components 3,5 
C = 5.0 mm. 

(b) Component 1 
C = 5.0 mm. 
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(c) Component I 
= 15.9 mm. 

(d) Component 1 
t5g=25.4mm. 

FIGURE 5.48. Comparisott of PTAs dxiring optimizatioa of 2 x 2 PMT array camera 
for imaging 511-keV gamma rays. Taking advantage of the symmetry within, the 
PTAs, for computational sunplicity we have generated only one of the four quadrants 
in the PTA for purposes of display and comparison. 
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(a) Components U 3,5 
t,,=5.0 mm. 

(b) Component I 
t„=5.0 mm. 

(c) Component I (d) Component 1 
= 153 mm. t^^=25.4 mm. 

FIGURE 5.49. Comparison, of PTAs during optimizatioa of 3 x 3 P^/IT array camera 
for imaging oLl-keV gamma rays. Taking advantage of the symmetry within the 
PTAs, for computational simplicity we have generated, only one of the four quadrants 
in the PTA for purposes of display and comparison. 



261 

5.7.4 Estimation of depth of interactioa of gamma rays within scintilla

tion cryst£il 

Nuclear medical imaging depends on the ability of an imaging system to estimate 

exactly where an incoming gamma ray interacts within a scintillation crystal. Com

bining the estimated interaction location with the knowledge of the system aperture 

permits the imaging system to estimate a locus of points within the object along 

which the corresponding radioactive decay occurred. While estimating the lateral co

ordinates - i.e. X3 and t/, - of the interaction location is relatively straightforward to 

do, trying to determine the vertical coordinate Zg, or the DOI, is much, more diflBcult. 

In our case the difficulty arises because when we measure the mean response of 

a modular gamma camera to gamma rays interacting within the scintillation crystal, 

we do so as a function of {Xs,ys) - not {xs,ya,Za)- During the camera calibration 

procedure, we place a coUimated beam of gamma rays normally incident to the camera 

face at (ars,i/,), and measure the response to each gamma ray that interacts with the 

scintillation crystal. Due to the randomness in both the DOI and the niunber of 

emitted scintillation photons, we carmot develop an exact relationship between Zs 

and u, the set of PMT signals for a scintillation event. We merely know that, on 

average, the number of interactions falls off exponentially as a fimction of 2, - as was 

explained in Section 5.3.7. 

The ability to make an accurate estimate of the DOI depends, in part, upon the 

energy of the gamma rays being detected. For low-energy (e.g. 30-50 keV) gamma 

rays, the problem might not be as significant since the thickness of a sodium iodide 

scintillation crystal required to stop a reasonable fraction of the incident gamma rays 

is on the order of a few millimeters. Recall that tsc = 5.0 mm for our modular gamma 
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cameras that are designed to detect 140-keV gamma rays. Thus, the estimate of Zg 

is conveniently limited to a relatively small range of space - designated by Szs in 

Figure 5.50(a). For high-energy (e.g. 511 keV) gamma rays, however, the problem 

is significant because, as we noted in Section 5.7.3, the scintillation crystal thickness 

can typically be as large as one inch. In such cases, the available range of DOI is 

relatively large and, as shown in Figure 5.50(b), the lateral coordinates - designated 

by Sxa and Syg- can change significantly as well if the gamma ray is not normally 

incident to the crystal. In this case, a good estimate of the lateral coordinates would 

be possible, but the vertical coordinate would be difficult to estimate. 

Research in both hardware and software has been performed to develop practical 

methods of DOI estimation. With respect to hardware, the general approach has been 

to physically segment the scintillation crystal material and then attempt to determine 

in which segment the gamma ray interaction took place. Some approaches have 

even tried to determine where within the crystal segment itself that the interaction 

occurred. For example, Huber et aL 1997 developed a prototype PET detector 

module consisting of an 8 x 8 array of 3 mm x 3 mm x 30 mm LSO scintillator 

crystals coupled on one end to a single PMT and on the opposite end to an 8 x 8 

pixel array of 3-mm square silicon photodiodes as shown in Figure 5.51. The PMT 

provides an accurate timing pulse and energy threshold for all crystals in the module, 

and the photodiodes identify the crystal of interaction. The detector module correctly 

identifies the crystal of interaction 79 ± 4% of the time, and the DOI measurement 

resolution is 8 ± 1 mm (Huber et al. 1997). For another example, Lee et aL 2000 

developed a two-layer phoswich PET detector module consisting of a 9 x 9 array of 

phoswich elements (2.25 mm pitch) optically glued to a Hamamatsu R5900 miniature 

PSPMT as shown in Figure 5.52. Each phoswich element consisted of a 2 mm x 2 
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(a) thin crystal 

SCINTILLATION 
CRYSTAL 

APERTURE 

(b) thick crystal 

FIGURE 5.50. Compaxisoa of ranges of lateral position, 5xs, and depth, of interaction, 
5zsy for a (a) thin and (b) thick crystal. 
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photodiodes 

FIGURE 5.51. Prototype PET detector module developed to provide DOI measure
ments (Huber et aL 1997). 

PSPMT 

GSO crystals 

LGSO crystals 

FIGURE 5.52. Prototype PET detector module developed to provide DOI measure
ments (Lee et aL 2000). 
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mm X 7 mm crystal of LGSO optically glued to a 2 mm x 2 mm x 8 mm crystal of 

GSO, The phoswich elements were separated by a white vinyl matrix. Identification 

of the crystal of interaction was accomplished by exploiting the different light decay 

times of LGSO (40 nsec) and GSO (60 nsec). Position estimation along the crystal 

of interaction was accomplished by combining photopeak energy wmdowing with the 

analysis of decay time differences (Lee et aL 2000). Both of these ecample approaches 

have provided good DOI estimation, but each has required a detector design more 

complicated than that for a simple scintillation crystal. 

We have likewise developed a method of estimating the DOL Our method, how

ever, does not involve any physical modifications to the scintillation crystal assembly. 

Instead, we employ a software-based approach using the optical model developed 

for the modular gamma cameras. The key to the approach is that we can mea-

siure u(ars,y,), the meaa response of the PMTs to a beam of gamma rays normally 

incident to the camera face at (Xs,ys)i hi the laboratory and then use the optical 

model, which contains an analytical relationship between u(r5,ya) and u(a:s, t/,, z,), 

the mean response of the PMTs to gamma rays interacting with the scintillation 

crystal at (r^, 1/5,25), to determine u at any location (ars.ya,^,). ^ doing so we can 

generate a  three-dimensional  mean detector  response f imction,  or  MDRF {x3,y3,Z3),  

for the gamma camera. The position estimation procedure is then simply a three-

dimensional version of the procedure outlined in Chapter 4. Specifically, given a 

random set of PMT signals u, we find the maximum likelihood estimate of the inter

action location, designated by 

(r„y5,2,) = arg max hi L [ul u(r„ya,2a)I -

Thus, the DOI, or simply becomes an additional parameter to be estimated. 

We simulated our position estimation scheme for the case of a modular ganama 
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FIGURE 5.53. Samples of depth of interaction estimates for two sets of source loca
tions - aa array of scintillation events at a depth of z, = 2 mm and an array at a 
depth of ZA = 17 mm - within a 25-mm thick scintillation crystal. 

camera designed to detect 511-keV gamma rays. The scintillation crystal in the 

camera was assximed to be 25 mm thick. Two samples of three-dimensional position 

estimation are shown in Figure 5.53. In each sample, a 4 x 4 grid of scintillation event 

locations at a single DOI - either z, = 2 mm or 2, = 17 mm - was assumed. The grid 

of locations corresponds to one quadrant of a standard PTA as described in Section 

5.6.2. For each DOI, we randomly generated 5,000 sets of independent, normally-

distributed PMT signals, or u's, for each of the 16 scintillation event locations. After 

studying the noise properties of the signals generated by the PMTs - the analysis of 

which is detailed in Appendix C, we assumed that the variance of each PMT signal 

was equal to its mean, or that 

of (X„ l /sr  Zj)  = Ui (Xsr Vsr Z,)  , I € [0, 3}. 

Equation C.1 was solved for each u, and a three-dimensional histogram of the cor
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responding (xs,y5,3^)'s was formed. The top images in Figure 5.53 show horizontal 

cross-sections of the histograms for ZG = 2 mm and 2, = 17 mm. The bottom im

ages show vertical cross-sections of the histograms for = 27 mm. The line in the 

top images indicates the location of the vertical cross-section shown in the bottom 

images, and, likewise, the line in the bottom images shows the location of the hor

izontal cross-sections in the top images. The ML position estimation in the x- and 

y-directions, shown in the upper images, appears to be comparable to that in normal 

real or simulated PTAs seen earlier in this chapter. We noticed in this study that if 

a source location was very close to the crystal-light guide interface, then the position 

estimation procedure had some diflSculty. The reason for this difficulty has not been 

isolated yet, but we feel that it is most likely due to small systematic errors in the 

MDRF calculations when the scintillation event is located very close to the crystal-

light guide interface. This is illustrated in the images for z, = 2 mm in which one can 

observe that some loci of points are asymmetric. We also noticed that as the source 

location moved farther away fcom the PMTs, or as r, increased, the variance of the 

ML position estimates about the true scintillation event location increased sKghtly. 

This can be observed by carefully comparing the images for z, = 2 mm and z, = 17 

mm. The spatial resolution in the horizontal and vertical directions is similar. The 

spatial resolution in the (r,t^)-planes is about two pixels full-width-half-maximum 

(FWHR'I), or about 3.1 mm since each square pixel is 1.5625 nam on a side. The 

spatial resolution in the z-direction is about 3 pixels FWH^L or about 3.0 mm since 

each pixel in the (j/, 2)-planes is 1.0 mm thick. Thus, when applied to the simulated 

problem of estimating the interaction locations of 511-keV gamma rays within a 25-

mm-thick scintillation crystzil, our method allows for estimations of DOI to within 

2-3 millimeters of the actual scintillation event location. 
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5.8 Summary 

The development and application of an optical model for the UA modular gamma 

camera was provided in this chapter. We began by defining the known physical and 

optical parameters of each camera component and, when necessary, making reasonable 

assimaptions. Then we reviewed some basic optical concepts and, in the comse of 

doing so, introduced a novel method for calculating the exact solid angle subtended 

by a quadrilateral with respect to a point in space. The exact solid angle calculation 

is a very critical element of the model because the total number of photons incident 

upon any interface is determined by adding the numbers of photons incident upon 

each of hundreds, even thousands, of pixels within the interface. Any inaccuracy in 

the solid angle calculation will repeatedly introduce errors into the final model output. 

Prior to defining the independent components of the model, we characterized sev

eral physical features and phenomena within the camera. All but two of th^e proved 

to be relatively straightforward to describe and define. Specifically, we needed to 

determine the effective surface roughness of the scintillation crystal with respect to 

the peak wavelength of the scintillation light and to predict how the scintillation light 

would scatter - in both transmission and reflection - firom the top surface of the 

crystal. Using a commercial optical profilometer, we found that the crystal surface 

had an rms height of 1.84 /am, an autocovariance length of 7.1 fim, and an average 

peak-to-valley height of 14.01 fim. Applying simplified forms of perturbation and 

Kirchhoff scattering theory to the profilometer data, we then fotmd that the crystal 

surface was considered very rough with respect to the peak wavelength (410 nm) of 

the scintillation light. Since the surface was effectively very rough, we developed a 

fimction - similar to a bi-directional transmission/reflection fimction. (BDTF/BDRF) 
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- that governed the distribution of light scattered from, the crystal-light guide inter

face as a function of angle of incidence. The parameters of this ftmction were modified 

when we compared the model data to the laboratory data. 

Having described all the pertinent physical features and phenomena present in 

the camera, we proceeded to define a multitude of sub-components and components 

- i.e. building blocks - that upon integration comprise the complete model. The 

sub-components calculate how many photons travel from (a) a scintillation event 

location to a pixel in an interface or (b) a pLxel in one interface to a pixel in another 

interface. Each of the 16 components, most of which incorporate the use of one 

or more sub-components, calculates the mean nimiber of photons that, having left 

a scintillation event location, undergo a uniquely defined sequence of events (i.e. 

scatter, reflection, transmission, etc.) and are then either detected by a PMT or lost. 

The 16 components were created to ensure that the model accounts for the fates of 

all scintillations photons. Under the assumptions we have made, however, we only 

need to use three components - Components 1,3, and 5 - to estimate the total mean 

number of photons from a scintillation event that are detected by each PMT in the 

camera. If we did not assume that either black paint or an index-matched gel sealant 

was present at the sides of the light guide, then Components 3,10, and 12 would be 

used as well. 

The optical model generates MDRF and PTA. data that closely matches sample 

data collected with a real modular gamma camera in the laboratory. The model and 

real MDRF diagonals for a single PMT are quite similar, except for the tendency of the 

model MDRF diagonal to fall off slightly faster towards the center of the camera than 

its real counterpart. We attribute this difference to our admitted inability to exactly 

understand and simulate the scattermg of light at the surfaces of the scintillation 
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crystal. The variances and covariances are quite similar as well. The real covariance 

values tend to be larger than their model counterparts, and, since the covariances are 

derived from the modeled means (i.e. MDRF values), there must be errors in the 

mean values that are manifesting themselves in the covariances. The model and real 

PTAs for a camera agree as well. Both radiibit how the position estimation capabiHty 

of the camera is excellent in the central region of the camera face and degrades near 

the comers. The model PTA provides the useful purpose of clearly illustrating how 

the position estimation changes as a fimction of position. 

Finally, we briefly outlined four applications for which we have already used the 

optical model. First, we estimated the mean response of a modular gamma camera 

containing a 3 x 3 array of PMTs. The simulations allowed us to modify some camera 

design parameters prior to building a laboratory prototype. Second, we studied how 

the use of square or roxmd PMTs of identical widths affected the performance of the 

modular gamma camera. We did not observe any noticeable difference in performance. 

Third, we simulated what change - primarily the thicknesses of the scintillation 

crystal and hght guide - were necessary to adapt the modular gamma cameras to 

efficiently image 511-keV (instead of 140-keV) gamma rays. Finally, we demonstrated 

how the information contained in the optical model can be used to estimate the DOI 

of a gamma ray within the scintillation crystal. Each application has deepened our 

understanding of how the modular gamma camera works. 
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Chapter 6 

SIGNAL DETECTION CAPABILITIES OF UA MODULAR 
GAMMA CAMERA 

The detectioa of a signal in a noisy background is a classic problem that has been 

addressed in many areas of study. Successful detection of a signal depends signifi

cantly on the ability to imderstand featiures of the signal and its background and to 

select an imaging system that can exploit these features. Unfortxmately, however, the 

probability of successfully detecting a known signal is often limited by the capabilities 

of the imaging system. For example, the imaging system may not be able to detect 

objects with very low contrast relative to the background, or it may not be able to 

spatially resolve features of interest. Thus, an important prereqm'site for using an 

imaging system is to understand the limits of its imaging capabilities. 

Thfe chapter describes the studies performed to estimate the signal detection ca

pabilities of the modular gamma camera for the task of detecting a lesion within a 

human breast. It should be noted that the studies undertaken were not actual clinical 

studies but rather laboratory simulations in which real-life lesions and breast tissue 

were represented by small hollow plastic spheres and water, respectively. Section 6.1 

provides an estimate of the expected signal strength and contrast. This is accom

plished through a review of clinical studies that reported uptakes of Technetiiun-99m 

in breast lesions. In Section 6.2 we characterize the expected image background by 

analjfzing the spatial firequency content of clinical mammograms and mammoscinti-

grams. The frequenqr spectra are used in the development of non-uniform random 
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background models in the laboratory. Section 6.3 outlines the relevant fundamentals 

of signal detection theory and defines several metrics with which one may quantify 

the performance of an imaging system for the task of signal detection. In Section 

6.4, we explain the experimental methods and procedures used to measure the cam

era performance. Finally, Section 6.5 contains the results of the performance study 

for a variety of signal parameters. In particular, we explore the range of values of 

signal contrast, size, and depth for which the camera was capable of detecting the 

signal. A comparison is also made between the experimental data and the output of 

a theoretical model for the case of uniform random backgrounds. 

6.1 Characterization of radiotracer activity within the hu
man breast 

Characterizing the activity of a radiotracer within the human breast is a complex 

yet necessary task. It is necessary because in order to properly design an imaging 

system capable of imaging an specified object, we must have some knowledge of the 

object to be imaged. For the case at hand, we are interested in an expected range of 

signal strengths as well as how the signal might be affected by the local enviroment. 

Specifically, for the clinical situation in which a hiunan patient is injected with a 

radiotracer for an imaging study, we would like to know how much of the injected 

radiotracer eventually localizes within the breasts as well as the relative amounts of 

radiotracer that are taken up by various types of breast tissue. This section addresses 

both, of these issues. 
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6.1.1 Percentage of origined injected activity taken up by single normal 

breasts of average mass 

Recent research, involving mammosdntigraphy has provided many new insights into 

the relative uptake of radiotracers by various types of tissue within the human breast. 

A common approach is to report the tiunor-to-background ratio (TBR) of the lesion 

under study along with, its size and histological type and grade. Few studies to 

date, however, have measured the absolute uptake of radiotracer within the tissues 

themselves. This is due in part to the fact that in situ measxurements are, for obvious 

reasons, unrealistic, so the study protocol would have to include surgical removal of 

tissue samples. 

In order to estimate the percentage of the original injected activity taken up by 

a normal breast, it would be convenient to know both the approximate mass of the 

breast and the approximate activity per unit mass in normal breast tissue. Estimating 

the mass of the breast is not difficult. Several models of the human body have been 

developed which, assign masses to each organ and tissue group. The Cristy-Eckerman 

model (Cristy and Eckerman 1987), for example, a well-known model that will be 

used in this research, assigns a mass of 410 grams (g) to an average adult female 

breast. Estimating the activity per unit mass in normal breast tissue, however, is not 

as easy. Thus, three different approaches were utilized to complete this task. The first 

approach took advantage of a study which, as part of its protocol, surgicaEy removed 

samples of breast tissue and measured the absolute activity in each case. The second 

approach, used data from a study that attempted to measure the biodistribution of 

several radiotracers within the hxmian body. The third approach, involved analyzing 

several breast nnages collected by a modular gamma camera dedicated to breast 
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Histological classification Sample size Relative uptake 
normal breast and fat tissue 34 1.00 ± 0.22 
noninvaded lymph nodes with fat tissue 14 1.31 ± 0.73 
noninvaded lymph nodes only 111 1.80 ± 0.79 
invaded lymph nodes with fat tissue 7 2.01 ± 0.83 
invaded lymph nodes only 1 5.35 
carcinoma with fat or breast tissue 5 1.40 ± 0.26 
carcinoma only 22 5.64 ± 3.06 

TABLE 6.L Relative uptake of radiotracer by tissue as a fimctioa of histological 
classificatiou (Maublant et al. study). 

imaging. Each approach is described ia more detail below. 

The first approach used data from a study by Maublant et af.(MaubIant et ai 

1996) which measured the accumulation of Tc-99m Sestamibi in breast tumors and 

corresponding lymph nodes in patients scheduled for breast surgery. On the day 

before surgery, each patient underwent mammoscintigraphy with 20 mCi of Tc-99m 

Sestamibi. The nect morning each patient was injected with 10 mCi of Tc-99m 

Sestamibi and underwent surgery. Immediately after surgery the weight and activity 

of each tissue sample was recorded before it underwent histological analysis. The 

activity of each sample was normalized to the mean activity of normal tissue samples 

obtained from the same patient. The study recorded the number of samples and 

average relative uptake for each histological classification of tissue. These results 

are shown in Table 6.1. The overall average mass (562 mg) and average activity, 

repressed in decays per minute, per unit mass (89 dpm/mg) of the tissue samples 

were also reported. Using this information, the average activity per unit mass of 

normal breast tissue was estimated to be 42.9 ± 1.8 dpm/mg (See Appendix A.1). 

This estimate is comparable to the actual measured value of 43.57 ± 35.67 dpm/mg 

(Maublant 1998). For an average breast mass of 410 g, this corresponds to 0.0792 ± 

0.033 % of the original injected activity. 
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The second approach used data from, a study by Wackers et al. (Wackers et 

ai 1989) which evaluated the biodistribution, dosimetry, and safety of Tc-99m Ses-

tamibi in normal volimteers during both rest and exercise. Patients were injected 

with a known amount of radiotracer, and then upper-body and whole-body images 

were collected with a standard large-field-of-view gamma camera at several specified 

postinjection times. Regions of interest were drawn on the images, and the percent 

of injected activity within various organs and parts of the body was estimated. Com

bining the data collected five minutes postinjection with the Cristy-Eckerman model 

of the female body (Cristy and Eckerman 1987), the average activity per unit mass of 

normal breast tissue was 259 ± 37 dpm/mg (See Appendix A.2), and the percentage 

of original injected activity for an average mass breast was 0.891 %. 

The third approach involved collecting images of breasts with a dedicated modular 

gamma camera in the Department of Nuclear Medicine in the University Medical 

Center at the University of Arizona. The camera, named SAMCAM ("Stand Alone 

Modular CAA'Iera"), is an operating version of the small modular gamma camera. 

In each study the patient had been injected with 25 mCi of Tc-99m Sestamibi and 

undergone imaging on standard clinical instruments for other medical reasons. Upon 

completion of those studies, the patient volunteered to have one/both breasts imaged 

by SA^ICAM. In each image the number of gamma rays, both primary and scatter, 

detected by the camera was recorded. Choosing the studies which appeared to involve 

medium-sized breasts and assmning, according to the Cristy-Eckerman model (Cristy 

and Eckerman 1987), that the average mass of the breasts was 410 g, the average 

activity per unit mass of normal breast tissue in this case was 24.66 dpm/mg (See 

Appendix A.3), and the corresponding percentage of original injected activity for an 

average mass breast was 0.0455 95. 
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la conclusiouj the three methods outlined above produced estimates of the per

centage of the original injected activity taken up by a single normal breast of average 

mass that were almost within the same order of magnitude. Given the diversity of 

the methods, it is encouraging that the three estimates - 0.0792 ± 0.033 % for the 

Maublant et al. study, 0.891 % for the Wackers et ai study, and 0.0455 % for the 

UA SAMCAM study - are that close. The first method (the Maublant et al. study), 

however, is arguably the most accurate of the three studies due to the fact that the 

activity per unit mass of the normal tissue samples was actually measured. The 

second and third methods involved much larger amounts of uncertainty both in the 

data and the calculations, so they merely provide some measure of confirmation of 

the approximate magnitude of the estimated quantity. Thus, we conclude that the 

estimated, percentage of the original injected activity taken up by a single breast of 

average mass is about 0.08 % - an extremely small percentage. For an injection of 

20 mCi of Tc-99m Sestamibi, this estimated percentage corresponds to an estimated 

activity per unit mass of normal tissue is roughly 43 dpm/mg and, an ^timated. total 

activity within a normal breast of average mass of about 16 ^Ci. 

6.1.2 Relative uptakes of Tc-99m Sestamibi in diflferent types of abnormal 

breast tissue 

The uptake of a radiotracer by tissues in the human body is a complex process. 

Difierent types of tissues — such as normal, fatty, scar, diseased, and cancerous 

— exhibit varying degrees of uptake which, in turn, can be affected by different 

characteristics of the tissue — such as size, metabolism, vascularity, and genetics. 

In the case of Tc-99m Sestamibi in breast tissue, the uptake process is still not 

completely understood at the biological level. Some knowledge of the uptake process 
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has originated from the use of Sestamibi in cardiac imaging. Sestamibi localizes in the 

myocardium in proportion to the amount of blood flow (Okada et ai 1988, Mousa 

et ai 1990). The cellular uptake in myocardial cells is related to retention of the 

Sestamibi cation by intracellular mitochondria (Pivmica-Worms et ai 1990). The 

mitochondrial retention of Sestamibi does not appear to be organ specific (Crane et 

ai 1993), however, and thus may account for Sestamibi accumulation in tumors such 

as breast carcinoma. One specific factor affecting the uptake process is multidrug 

resistance. Tumors can ediibit multidrug resistance if the MDRl gene is present 

(Del Vecchio et ai 1997). The MDRl gene codes for a cell-surface protein named 

P-glycoprotein (Pgp), an ATP-dependent transporter that ecpels cationic xenobiotics 

from cells. Like many chemotherapy drugs, Sestamibi is a cationic lipophilic agent, 

so it is expelled from cells as well. As a result, low levels of Sestamibi uptake can 

indicate that a tumor is malignant and multidrug resistant or that it is benign. This 

genetic factor, as do other factors, introduces an uncertainty into efforts to understand 

and measiure the uptake of Sestamibi in tissue. Recent research has focused, in part, 

on trying to determine the uptake of Tc-99m Sestamibi by different types of breast 

tissue. If this effort is successful, then the medical community will know what types 

of abnormalities are readily visualized by thfe particular radiotracer. 

The problem can be examined from several points of view. The first point of view 

is that of "internal data" — measurements of activity made on surgically extracted 

tissue samples or on cultured cell lines. The second point of view is that of "external 

data" — measurements of the tumor-to-backgroxmd ratio which have been calculated 

from scintigraphic unages. The third point of view is that of "error rate data" — 

looking at data on TP/FP/TN/FN's and noting which types of tissues are typically 

associated with each category. 
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Histological classificatioa Sample size Relative uptake 
normal breast and fat tissue 34 1.00 ± 0.22 
noninvaded lymph nodes with fat tissue 14 1.31 ± 0.73 
noninvaded lymph nodes only 111 1.80 ± 0.79 
invaded lymph nodes with fat tissue 7 2.01 ± 0.83 
invaded lymph nodes only 1 5.35 
carcinoma with fat or breast tissue 5 1.40 ± 0.26 
carcinoma only 22 5.64 ± 3.06 

TABLE 6.2. Relative uptake of radiotracer by tissue as a function of histological 
classification (Maublant et al. study). 

Looking at the first point of view, at least one study has measured the absolute 

activity of Tc-99m Sestamibi in surgically extracted tissue samples. Also, the in vitro 

uptake of Tc-99m Sestamibi in cultured normal cells and carcinoma lines has been 

measured. 

The first study (Maublant et al. 1996), measuring absolute activity, was moti

vated, in part, by the authors' belief that mammoscintigraphy with Tc-99m Sestamibi 

could provide help with evaluating breast tumors, but the actual concentration of the 

radiotracer in the tumor tissue was unknown. The authors wanted to know whether 

false-negative results in imaging were due to a lack of radiotracer uptake by the ma

lignant tumor or due to physical limitations of the scintillation cameras. As shown in 

Table 6.2, the tissue samples were dashed into seven groups according to histologi

cal analysis, and an average relative uptake was determined for each group. As noted 

earlier, the relative uptake for each sample was determined by normalizing the activ

ity of each sample to the mean activity of normal tissue samples obtained firom the 

same patient. Note that the relative uptake is significantly higher in the "carcinoma 

only'' samples which were either ductal or lobular carcinoma. The "carcinoma with 

fat or breast tissue" samples were not histolopcaUy pure and contained a mixture of 

normal breast and/or fat tissue with tumor cells. Thus, the relative uptake is much 
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lower. Also noteworthy was that the mean relative uptake was 2.83 ± 0.81 in the four 

samples corresponding to fibroadenoma. Since the distribution of relative uptake was 

much wider in. the "carcinoma only" group than in the others, the authors attempted. 

to isolate factors that could, account for the spread. One factor was that the normal 

tissue samples used, to establish the relative uptake in each patient were composed, 

of either fat or a mixture of fat and breast tissue. A difference between these two 

subgroups could have biased the relative uptake calculations. No significant differ

ence existed, however, between tiunor uptake relative to fat tissue (6.13 ± 2.37) and 

tumor uptake relative to a mixture of breast and fat tissue (5.09 ± 3.88). Another 

factor was the elapsed time between injection of radiotracer and surgical removal of 

samples, during which the radiotracer distribution may have changed. No correla

tion existed. Another factor was physical/biological characteristics of the patients. 

Only a weak correlation with body weight was found. Finally, the tumor contrast 

uptake was significantly correlated with the scintimammographic score but not with 

histological grade. The authors concluded that malignant breast tiunors (ductal and 

lobtilar carcinomas in this case) take up nearly six times as much Tc-99m Sestamibi 

as the surrounding normal breast or fat tissue. 

The second study (Maublant et ai 1993), measuring in vitro uptake, reported 

that the uptake of Tc-99m Sestamibi was significantly higher in the carcinoma cell 

lines. When compared to normal cells, the mean uptake of Tc-99m Sestamibi in the 

carcinoma cells was nearly four times higher. When the myocytes were excluded firom 

the group of normal cells, the mean uptake was almost nine times higher. In both 

cases, the increase in uptake is significant. 

Looking at the second point of view, many studies have measured the tumor-to-

backgroimd ratio in scintigraphic images. 
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Histological grade Average TBR 
1 1.37 
2 1.29 
3 1.71 

benign. 1.05 

TABLE 6.3. Average TBR as a functioa of histological grade (Ambnis et ai.). 

A study by Ambrus et aL (Ambms et ai 1997) demonstrated that malignant 

tumors took up more Tc-99m Sestamibi thau surrounding normal tissue. The TBR's 

for both benign tumors and various stages of malignant tumors (according to the 

Bloom and Richardson classification scheme) are summarized in Table 6.3. The up

take of radiotracer is greater in the malignant tumors, and among them the most 

advanced grade ediibits the highest uptake. Other studies, however, have indicated 

those greater uptakes by advanced grades of cancer are not due primarily to the histo

logical grade but rather the histological type of the tumor. Ductal carcinomas, which 

are known to exhibit higher uptakes than other types of cancers, comprised 33 of the 

40 malignant tumors in this study. Thus, the high TBR for grade 3 malignancies in. 

this study may possibly be e3q)lained by the large percentage of ductal carcinomas in 

that classification grade. 

A study by Mangkharak et ai (Mangkharak et ai 1997) on palpable lesions found 

that malignant lesions, particularly those of advanced histological grade, demon.-

strated higher uptake of Tc-99m Sestamibi. Table 6.4 lists the average TBR as a 

fimctioa of histological grade (according to the TNM system of the American. Joint 

Committee on Cancer). In this study the mean, uptake tended to increase firom stage 

2B to stage 3B but not in stage 4. 

A study by Buscombe et aL (Buscombe et aL 1997) concluded that the histo

logical grade of ductal carcinoma had no significant effect oa the uptake of Tc-99m 



281 

Sestamibi. As shown in Table 6,5, no significant difference easts in the average TBR's 

for different grades of cancer. The authors also considered, other factors that they 

figured might affect the uptake. These factors included patient age (imder/over 45 

years), lesion diameter (under/over 20 mm), axillary disease (yes/no), and ductal 

(ype (yes/no). In each case, the difference in uptake was insignificant. Considering 

the factor of histological type, the study compared TBR's among ductal carcinomas, 

other types of cancers, and benign tumors. The data, listed in Table 6.6, indicates 

that ductal carcinomas exhibit a higher uptake of Tc-99m Sestamibi than other types 

of cancers as well as benign tumors. This suggests that the histological type, and not 

the histological grade, has a greater effect on the uptake of radiotracer. 

A study by Chen et aL (Chen et ai 1997) reported a significant difference in 

uptake between malignant and bem'gn tximors. The average TBR's, seen in Table 

6.7, indicate that malignant timiors have a much higher uptake of radiotracer than 

the bem'gn ones. 

All of the studies just cited indicate that malignant tissues exhibit a higher uptake 

of Tc-99m Sestamibi than normal and fatty tissues and benign tumors. The tumor-

to-background ratio appears to range firom 1.5:1 to 3.0:1 with a concentration near 

2.0:1. Among the various types of malignant tissue, ductal carcinoma appears to 

have the highest relative uptake. 

Looking at the third point of view, several studies (Carril et ai 1997, Chen et ai 

1997, Khalkhali et ai 1995 #1, Mekhmandarov et aL 1998, Pahnedo et al^ 1996, 

Scopinaro et aL 1997, TaiUefer et aL 1995, Villanueva-Meyer et aL 1996) have looked 

at clinical diagnoses of tumors and the corresponding pathological follow-ups. The 

clinical diagnosis of a tumor is subject to a finite amount of error, the magnitude 

of which depends on numerous factors associated with the physical characteristics of 
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HistologicaL grade [ref ?] Average TBR 
2A 1.57 ± 0.48 
2B 1.53 ± 0.37 
3A 2.30 ± 0.36 
3B 2.93 ± 1.28 
4 2.12 ± 0.38 

TABLE 6.4. Average TBR as a ftmctioa of histological grade (Mangkharak et al. 
1997). 

Bloom-Richardson grade Average TBR 
1,2 2.10 ± 0.65 
3 1.95 ± 0.62 

TABLE 6.5. Average TBR as a function of histological grade (Buscombe et al. 1997). 

HistologicaL type Average TBR 
ductal carcinoma 2.07 

other cancers 1.31 
benign timiors 1.46 

TABLE 6.6. Average TBR as a function of histological type (Buscombe et al. 1997). 

Tumor type Average TBR 
malignant 1.70 i 0.53 

benign 1.08 ± 0.23 

TABLE 6.7. Average TBR as a fimction of tumor tjrpe (Chen et al. 1997). 
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the ttimor and the sxm:ounding tissue, the capabilities of the imaging system, and 

the experience of the physician examining the image data. The percentage of correct 

diagnoses made will depend, in part, on these factors and, in part, on the decision 

criteria chosen to discriminate between diagnoses. For example, whether or not a 

tumor is present or whether or not a tumor is malignant depends, in part, on how one 

defines "present" or "malignant". Thus, modifications of the thresholds associated 

with the decision criteria will directly affect the percentage of correct diagnoses. 

In these studies a correct diagnosis is either "true-positive" or "true-negative", 

meaning that the physician correctly concluded that the tumor was mah'gnant (true-

positive) or bem'gn (true-negative), while an incorrect diagnosis is either "false-

positive" or "false-negative", referring to cases in which the physician erred in conclud

ing that the tumor was malignant (false-positive) or benign (false-negative). True-

positive (TP) results usually occur for infiltrating carcinomas, the most common 

types of which are ductal and lobular. These malignant timaors typically exhibit a 

high rate of metabohsm, which leads to a higher uptake of Tc-99m Sestamibi. Itue-

negative {TN) results can occur in the cases of inflammations (i.e. mastitis), cysts, 

fibrocystic disease, benign txunors (i.e. papilloma, fibroadenoma), and hyperplasia 

(i.e. epithelial hyperplasia). In these cases the abnormal growth of tissue is de

tectable on a mammogram but is not taking up a significant amount of radiotracer. 

False-positive {FP) results can occur for fibroadenomas, inflammations (i.e. masti

tis), fibrocystic disease with and without epithelial hyperplasia, sclerosing adenoses, 

and scar tissue. In these cases not only is there abnormal tfesue growth but the cells 

are also taking up a relatively large amount of Tc-99m Sestamibi. One study found 

a moderate correlation between the degree of cellular proliferation and the uptake of 

Sestamibi (Cutrone et ai 1998). The authors, not siurprised since increased mitotic 
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activity and cellular proliferation are the hallmarks not only of invasive carcinomas 

but also in situ and some premalignant lesions, suggested that this result may help 

explain why hypercellular proliferating benign lesions such as epithelial hyperplasia 

may produce false-positive results. While the diagnoses at the time may be a false 

alarm for the patient, a biopsy is worthwhile because epithelial hyperplasia is associ

ated with a two-fold risk for later development of carcinoma (Dupont and Page 1985) 

as is sclerosing adenosis (Jensen et ai 1989), False-negative (FN) readings usually 

occur for infiltrating carcinomas of small dimensions, typically less than 1 cm, and 

microcalcification clusters. In the case of the carcinomas, the tumor may be taking 

up a significant amount of radiotracer for its size, but, due to its size or location 

within the breast, the cameras carmot detect it. 

Thus, carcinomas usually exhibit a relatively high uptake of Tc-99m Sestamibi 

and, unless they are rather small (less than 1 cm in diameter), are easily detected. 

Tc-99m Sestamibi, however, is not taken up exclusively by malignant tumor cells. 

Various types of benign, tissues — whether just relatively large and/or just growing 

quickly — have been shown to exhibit high uptakes of Tc-99m Sestamibi as well. 

In conclusion, the three difierent approaches to determine the relative uptake of 

Tc-99m Sestamibi in difierent types of breast tissue led to similar results. The first 

approach, which measured the absolute activity of Tc-99m Sestamibi in smrgically ex

tracted tissue samples and the uptake of Tc-99m Sestamibi in cultured carcinoma cell 

lines, concluded that, in the case of the first study, Tc-99m Sestamibi strongly con

centrates in malignant breast tumors (ductal and lobular carcinomas, in particular) 

with an average relative uptake ratio of nearly 6rl compared with that of smrounding 

normal breast or fat tissue and that, in. the second study, Tc-99m Sestamibi is taken, 

up significantly by carcinoma cell lines with a meau relative uptake ratio of nearly 
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4:1 (myocytes included) and nearly 9:1 (myocytes not included) compared with, that 

of nonnal cells. The second approach, which measured the tumor-to-background ra

tio calculated from scintigraphic images, concluded that malignant tissues (ductal 

carcinomas, in particular) exhibit a higher uptake of Tc-99m Sestamibi than normal 

and fatty tissues and benign tiunors. The tumor-to-background ratio ranged from 

1.5:1 to 3.0:1 with a concentration near 2.0:1. The third, approach, which looked 

at data on TPfFPfTNfFN^s and noted, which types of tissues are typically associ

ated with each category, found that ductal and. lobular carcinomas usually provided 

true-positive results if the lesions were not too small (less than 1 cm in diameter). 

The study also indicated that inflammations, fibrocystic disease, fibroadenomas, and 

sclerosing adenoses were capable of generating false-positive residts. Thus, all three 

approaches indicate that (1) ductal and lobular carcinoma exhibit abnormal tissue 

growth and relatively high uptakes of Tc-99m Sestamibi and (2) normal and fatty 

tissues exhibit relatively low uptakes of Tc-99m Sestamibi. Some other types of tis

sues, fibroadenomas, for example, are capable of exhibiting abnormal cell growth and 

relatively high uptake of radiotracer but may not do so on a consistent basis. 

Specifically, we emphasize the resxilt from the first approach that ductal and lob

ular carcinoma located in nonnal or fatty breast tissue are capable of exhibiting 

relative uptake, or tumor-to-background, ratios of nearly 6:1. We make the assump

tion, therefore, that a tiunor-to-background ratio of 6:1 will be the highest ratio that 

our imaging system might encounter in clinical studies. As will be shown in Section 

6.5, the contrast (C) is directly related, to the tumor-to-background, ratio (TBR) by 

the relationship C = TBR—1, so it follows that the maximum expected contrast, by 

previous assumption, will be 5:1. 
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6.2 Spatial-frequency content of breast images 

The proper design of an imaging system takes into account not only what is known 

about the object to be imaged but also what is known about the background sur

rounding the object. Having characterized some features of the object - namely, the 

expected amount of radioactivity present with a breast and the expected relative up

take of radiotracer by various types of tissue, we now consider what is known about 

the background. Specifically, we would like to characterize the spatial frequency con

tent, or texture, of the background - in this case, the radioactivity present in the 

normal breast tissue surroimding a lesion. Since examining real breast tissue is not a 

realistic option, we analyze the spatial frequency content of the background present 

in clinical mammograms and mammoscintigrams. This section outlines our method 

of calculating the spatial frequency content of an image and provides data from the 

spectral analysis of clinical breast images. 

6.2.1 Normalized spectrum 

A. spatial frequency is the reciprocal of the scale or size of some structure. The 

simplest method of specifying the spatial frequency content of a continuous signal 

/(x, y) is through its two-dimensional Fourier transform, or 

where ^ and rj  are the spatial frequencies in the x and y directions, respectively. For 

a discrete signal /^(TixfTiy), the appropriate method is to use the two-dimensional 

discrete Fourier transform (DFT), or 

dxdy f{x,y)  e  

Arr-LW„-l 
FDIKT,KY) = X) E 

n*=0 ny=0 
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where iVj. and Ny axe the image dimensions in pixels, and Uy are the image pixel 

indices, kx and ky are the discrete spatial frequencies in the x and y directions, 

respectively, and the subscript D denotes "discrete". The mammograms and mam-

moscintigrams to be considered here are discrete images, so the DFT will be used. In 

general, the spatial frequency content of an image will be described by the normalized 

squared modulus of the DFT of the image. Specifically, the normalized spectrum^ 

Sd {kx, ky) of foinx, riy) will be defined as 

S n ( k ,  k . )  —  S o i k x , k y ) -

6.2.2 Average radial spectrum 

Making the assimiption that the spectrum So {kx, ky) is rotationally symmetric with 

respect to p, where = k^, one can calculate the average radial spectrum. Let 

BI 

and 

(K{KX,KY) = I 

' i  { k x t  k y )  =  ^  

1 for Pi <p < (Pi + l), i =0,1,2,3,... 
0 elsewhere 

SD{kx,ky) for Pi <p<(pi + l), i = 0,l,2,3,... 
0 elsewhere 

At — ^ ] (K {KX, KY) 

BI = 

For a given integral radial spatial frequency, represented by the integer i ,  the term At 

is the number of pbcels in So {kx,ky) which, correspond to a radial spatial frequency 

specifically avoid the use of the term "power spectrum'  ̂ in this definition because (a) the 
images under consideration are not stationary stochastic processes and (b) the total number of 
images is small and finite - not approaching infinite as assumed by the Wlener-Khinchln theorem. 
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within the range [pi,pi +1), and the term Bi is the sum of the corresponding pixel 

values. Thus the average radial spectrum may be expressed as 

5d(P)=^,Z =0,1,2,3,... (6.1) 

where, as i increases, the number of pixels over which the average is performed also 

increases. 

6.2.3 Average radial spectra of mammograms 

An ensemble average of the average radial spectra of ten digitized mammograms 

was generated. The images were provided by courtesy of the National Expert and 

Training Centre for Breast Cancer Screening and the Department of Radiology at 

the University of Nijmegen, the Netherlands. (See Appendix B for more detailed 

information.) A sample mammogram is shown in Figtire 6.1. The average radial 

spectrum of each mammogram was determined using Equation 6.1, and then the 

ensemble average, defined as 

^D(Pi)=(5D,( f t ) ) ,  J  6  [1,101,  (6 .2)  

where So, {Pi) is the average radial spectrum of the mammogram, was formed. A 

log-log plot of So (Pi) versus Pi, the radial spatial frequency, is shown in Figure 6.2. 

The plot is quite linear. A least-squares regression performed to fit a straight line to 

the data resulted in a linear correlation coefficient of 0.998692 and a slope of -2.8. 

Studies by Burgess (Burgess 1999, Burgess et aL 2001) have confirmed both the 

linear nature and the slope magnitude of the data. In the first study (Burgess 1999) 

Burgess analyzed a database of 105 normal pairs of cramocaudal images in the course 

of investigating the statistical properties of patient tissue structure in digitized x-

ray projection mammograms. The results of the study demonstrated that the breast 



FIGURE 6.1. Sample mammogram from Nijmegen database. 
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FIGURE 6.2. Normalized average radial spectrmu of mammograms. 
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structure appeared to have an. approximately isotropic 2D power law spectrum of the 

form P{f) = Kf~^ where K Is SL constant and / is radial frequency. The exponent 

P ranged from 2 to 4 and had a mean value of about 3 - qxiite similar to the slope of 

-2.8 reported above. Burgess also noted that there was no evidence of a flattening of 

the spectnmi at low frequencies. In the second study (Burgess et ai 2001) Burgess 

et ai examined the distribution of power spectrum exponents, averaged over angle, 

for 213 individual mammographic backgrounds. They found the mean exponent to 

be 2.83 ± 0.35. The mean exponents in both of these studies are quite close to the 

value of 2.8 determined in our analysis. 

6.2.4 Average radial spectra of mammoscintigrams 

An ensemble average of the average radial spectra of five digital mammoscintigrams 

was also calculated. The mammoscintigrams were obtained with SAMCAjM (Stand-

Alone Modular CAMera), a single modular gamma camera built by the research 

group here in the Radiology Research Lab at the University Health Sciences Center 

at the University of Arizona. A sample mammoscintigram is shown in Figure 6.3. 

Once again, Equations 6.1 and 6.2 were used to find the average radial spectra of the 

mammoscintigrams and the ensemble average, respectively. The log-log plot of 5o {Pi) 

versus p^, shown in Figure 6.4, is also quite linear, especially for spatial frequencies 

such that log (pj) < —1.0. In this case, however, the images contain only a small 

fraction of the number of counts in the mammograms, so the measurement nofee at 

higher spatial frequencies, or those such that log(/9i) > —1.0, is more significant than 

that in. the mammograms. A least-squares regression performed to fit a straight line 

to the first ten data points, which correspond to log (p) < —0.99755, resulted in a 

linear correlation coeflacient of 0.990507 and a slope of -2.3. 
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FEGURE 6.3. Sample mammoscintigram collected with. SAAICA^I (5 minute exposure 
time, 40,000 counts in image). 
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FIGURE 6.4. Normalized average radial spectrum of mammoscintigrams. 
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6.2.5 Fractal natvire of mammograms and mammoscintigrams 

The structure present in mammograms and mammoscintigrams might be considered 

fractal in nature. It has been previously noted that the term "fractal" implies a 

number of properties in. addition to spectrum slope and that using the term "fractal" 

within the context of manunograms is currently rather controversial (Burgess 1999). 

Having acknowledged these points, recall that the spectrum specifies the amount of 

each spatial frequency, or the reciprocal of the scale or size of some structure, present 

in the image. A straight line on a log-log plot of spectrum versus spatial frequency 

indicates that the relative contributions of structures of different scales is unchanged 

if the image is magnified. Such a feature is a hallmark of stochastic fractal images. 

Specifically, as mentioned earlier, a stochastic fractal process can have a 2D radial 

spectrum of the form Kf~^ for which the exponent /? is between 2 and 4. The plots in 

Figures 6.2 and 6.4 are both very linear in the frequency range not dominated by noise 

and both have slope magnitudes between 2 and 4, indicating that the mammograms 

and mammoscintigrams might be quite fractal in nature. 

6.3 Signal detection theory 

Measuring the performance of an imaging system for a particular task is a critical 

step in ensuring a proper system design. In this case, having characterized relevant 

features of the eq)ected object and background, we now consider how well a given 

imaging s3rstem can detect such objects against such backgrounds. A well-established 

and rigorous method of measuring the performance is signal detection theory. This 

section provides the basic theoretical background of signal detection theory. 
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6.3.1 Background 

Signal detection theory (Barrett et aL 1998) is a form of hypothesis testing in which 

the hypothesis Hi is that a signal is present and the alternative hypothesis HQ is that 

it is absent. Using the available data, an observer decides, with some degree of error, 

whether HI or HQ is true. The performance of the observer is, in part, a function of 

several factors that may or may not be present in a particular situation. Such factors 

include knowledge of the signal, the background, and the detector system. A more 

knowledgeable observer, or an observer that has a priori knowledge of one or more 

of these factors, can be expected, to make decisions with a lower rate of error. 

Signal detection theory may be applied, in a wide variety of situations that involve 

the task of determining whether or not a signal is present in a noisy background. In 

this case we consider clinical nuclear medical imaging, so the "signal" will be repre

sented by a lesion within a patient's body, the "data" will be a set of medical images 

of the patient, the "observer" will be the attending physician, and the "decision" will 

be the physician's diagnosis as to whether the lesion is present or not. The physical 

shape, histology, and location of the lesion as well as the nature of the surrounding 

tissue add complexity to the detection task. 

6.3.2 Data 

The data consists of a set of real sample images, each of which contaios a random 

noisy background and a possible signal. Each sample image consists of a set of pixel 

values {gm, "m = which are ordered as an M x I vector g. The noise 

in the pixel values is Poisson in nature and, hence, dependent upon the signal. The 

signal, however, has very low contrast with respect to the background and only slightly 
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pertiirbs the mean background pixel values, so the noise is assumed to be independent 

of the signal. 

6.3.3 Observer 

The observer used in this study is a channelized version of the ideal linear observer. 

An ideal observer is one who optimally uses all of the information in the data and 

is therefore one whose performance cannot be surpassed. The ideal linear observer 

is also known as the Hotelling observer (Smith and Barrett 1986, Fiete et al, 1987, 

Myers et aL 1990, Rolland et ai 1992). While the term "channelized observer* has 

commonly been used in studies of human perception, the reader should note that the 

channels in this study were chosen not to mimic human performance but to estimate 

ideal performance. For a thorough background and explanation of stabilized estimates 

of Hotelling observer detection performance, the signal detection theory upon which 

this study was based, the reader is encouraged to refer to the work of Barrett et ai 

(Barrett et ai 1998). In this paper we wiE concisely describe the Hotelling observer 

and how it is channelized. 

The Hotelling observer is defined by a template that is used to make decisions. It 

does so by calculating a linear fimctional of the data, often referred to as the Hotelling 

test statistic, that accounts for randomness in the signal or background. This scalar 

test statistic A can be written as 

M 

171=1 

where w, the Hotelling template, is an M x 1 vector of weights and the superscript 

t denotes transpose. For a signal-known-exactly (SKE) study in which signal-absent 
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and signal-present images are equally likely to occur and the noise is considered to 

be independent of the signal, the Hotelling template is 

w =  K-H(g)^- (g)o)  

= K-^s 

where K is an iVf x M matrix containing the data co\'ariances, (g)^ and (g)o are 

the mean signal-present and signal-absent data vectors, respectively, and s is an M 

X 1 vector containing the expected signal. In our model K include the effects of 

both measurement noise (i.e. Poisson noise) and randomness in. the backgroimd (i.e. 

anatomical variations] > 

A chjinnelized observer is often used when the dimensions of the sample unages 

necessitate inverting a very large covariance matrix or the number of available sample 

images is too small to reasonably estimate the covariance matrix. Suppose that a 

sample image has dimensions of iV x iV. Thea M = and the covariance matrix 

has dimensions x iV^. The process of forming a sample covariance matrix would 

require a minimum of sample images to ensiure that the matrix is not singular and 

about 10-100 times sample images to ensure that the matrix elements are stable. 

The problems of performing calculations with a.N^ x matrix and collecting 10-100 

times sample images quickly lead to rather impractical computational situations. 

Channels offer a solution to the problems outlined above by providing a means of 

reducing the size of the sample covariance matrbc. In essence, instead of working with 

the original image pixel values, one works with some fimctions of the pixel values. 

By definition, a channel is any template tfc of the same size as an image. Analogous 

to linear features ia the field of pattern recognition, a channel output is any linear 
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functional of the data g in the fonn 
M 

9c,k ~ t g = ^ ^ tkmQm 
m=l 

where GC,K is the output of the A:"' channel and c denotes "channel", If K channels are 

used, then each image g produces a set of K channel outputs that, when expressed 

as a iiL X 1 vector, may be written as 

gc = Tg 

where T is a iT x M matrix with elements tkm-

We would like to choose channels such that gc is a sufficient statistic for the signal-

detection task, meaning that the channel outputs will serve as well as the original 

image pixel values for performing the signal-detection task. To help in this regard, 

we exploit a priori knowledge of the signal. Specifically, we use its symmetrj"- and 

location. In this study, the channels were the O"' — 5'̂  orders of the Laguerre-Gauss 

family centered on the signal location. Again, as noted earlier, they were chosen not 

to mimic human performance but to estimate ideal performance. The Laguerre-Gauss 

flmctions possess two features - rotational symmetry and a known location - that 

are also features of the signal. Assuming that the background noise has no preferred 

orientation and, as such, has a rotationally symmetric correlation function, we use 

the individual Laguerre-Gauss fimctions as rotationaEy symmetric basis functions 

to synthesize a Hotelling template that is rotationally sjrmmetric,^ is centered at the 

signal location, and has a full-width half-maximum approximately equal to that of 

the signal. The channelized Hotelling template is 

Wc = K~^Sc 

where Kc is the K K K covariance matrix of the charmel outputs and Sc is the signal 

as seen, through the channels. The corresponding channelized Hotelling test statistic 
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is 

M 

~ ^ ^ "^cjaffcyVn ~ W^gc 
m=l 

where, as noted earlier, gc is a sample image as seen through the channels. 

Thus, givea the channelized template We and sample images gc, the channelized 

observer makes a decision by computing the scalar test statistic Ac and comparing 

it to a threshold XC,TH, deciding that HI is true if Ac > XCTH or that HQ is true if 

Ac ^ Ac,t/i-

6.3.4 Figures of merit 

One means of specifying how well an observer can distinguish between HI and HQ is 

to calculate a signal-to-noise ratio {SNR) defined by 

SNR^ = [(*^0)1 ~ (•^c)o] 
^ ~ [0.5t/ari (Ac) +0.5'uaro (Ac)l 

where (Ac)jt is the conditional expectation of Ac givea that HK is true and VARK (Ac) 

is the corresponding conditional variance. Another means is to measure the area 

under the receiver operator characteristic (ROC) curve (Metz 1978). If Ac is normally 

distributed under both hjrpotheses, theiL is related to the area under the curve, 

denoted, as AUC, by 

Aire = 0.5 -i- 0.5 erf (0.5 SNRjJ 

where erf(-) is the error fimction. Another means of specifying an observer's perfor

mance is the detectability indec d, defined as 

df = 2evr^(2AUC-l) 
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where erf (-) is the inverse of the error function, d! is equivalent to SNRx^ if and 

only if Ac is normally distributed. This paper will present the observer performance 

in terms of the detectability index. 

6.4 Methods and procedure of performance capability study 

Having gathered information on what types of object and background to expect in. 

clinical breast images and having reviewed a theoretical method with which we can 

measure the performance of an imaging system, we now outline the methods and 

procedure of a laboratory study designed to measiure the performance of the UA 

modular gamma camera for the task of detecting signals against a noisy background. 

Since, as was noted earlier, working with real breast tissue is not a realistic option, 

the intent of the study was to create an artifidal phantom that, when injected with 

radioactivity and imaged by the ganuna camera, would lead to images with back

grounds similar to those seen, in the clinical mammoscintigrams we analyzed earlier. 

Real data obtained from imaging artifidal lesions could be added to the backgrounds 

to create images with signals present. This section provides the details about the 

imaging system hardware, the signal and background data collection, and the image 

generation process. It also provides some background on. "contrast-detail" diagrams, 

plots that will be used to display some of the performance data. 

6.4.1 Hardware setup 

The imaging qrstem used in. this study was SAMCAM, a single modular gamma 

camera system built by the research group here in the Radiology Research. Laboratory 

at the University of Arizona Health Sdences Center. The camera consists of a 10 cm 
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FIGURE 6.5. The SAJI/ICAJI/I system imaging a water bath. 

X 10 cm X 0.5 cm Nal(Tl) scintillation crystal optically coupled via a 10 cm x 10 

cm X 0.75 inch fused quartz light guide to a 2 x 2 array of 2 in x 2 in square 

photomultiplier tubes (PMT's). A lead parallel-hole collimator (1.5 mm bore width, 

23.6 mm bore length) is mounted in front of the camera, and the entire assembly 

is encased in a lead-lmed housing. The camera sjrstem has 4-mm intrinsic spatial 

resolution and 9-mm spatial resolution for objects 5 cm deep in water. During data 

collection, the four PMT signals for each detected event are digitized to 8 bits and 

stored in hst-mode format for fiitiure processing and analysis. List-mode format is a 

data format in which the sets of raw PMT signals for every detected event are written 

to memory in the order that they were coEected. 

The SAMCAM system was positioned to look down into a 10-cm deep water bath 

that filled its field of view. The imaging setup, depicted in Figure 6.5, shows the 

camera mounted on a wood frame and the water bath located directly underneath 

the camera. The wood platform contained an 11 cm x 11 cm square hole through 

which the camera viewed the water bath, and the top surface of the water was 5 cm 
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from the front face of the camera housing. 

6.4.2 Signal data 

The presence of a lesion within normal fatty breast tissue was simulated by placing 

a water-filled plastic sphere, injected with Tc-99m, at a specific depth, in the water 

bath as shown in Figure 6.6. Each of the spheres, several of which, are shown in 

Figure 6.7, was held in place by a thin plastic rod secured to the bottom surface 

of the bath container and was located close to the center of the camera's field of 

view. During an imaging procedure, the sphere contained about 10 mCi of Tc-99m 

while the surroimding water had no activity. The sphere diameter (D) and depth 

(Z) was varied. Sbc sphere diameters (D = 4,7,10,13,16,28 mm) were used at one 

depth (Z = 5 cm), and one sphere diameter (D = 10 mm) was used at five depths 

(Z = 1,3,5,7,9 cm). Each signal data set contained 20 x 10® events in list-mode 

format. 

A sample signal image and a corresponding normaUzed cross-section of the image 

are shown in Figures 6.8 and 6.9, respectively. Each signal image was generated by 

ninning a set of list-mode data (containing 20 x 10® events) through, a maximum-

likelihood position-estimation look-up table (ML-PE LUT). Non-uniformities in the 

camera response were removed with a high-count (approximately 8-million events) 

reference flood image. The image consists of a 64 x 64 array of 1.5625-mm square 

pixels. 
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FIGURE 6.6. Diagram of setup to image signal data. 
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FIGURE 6.7. Samples of hollow spheres used, to simulate lesions. 



FIGURE 6.8. Sample signal image. 
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FIGURE 6.9. Cross-section of sample 64 x 64 signal image. 
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6.4.3 Background data 

Uniform random background images 

To generate uniform random background images, 20 mCi of Tc-99m was injected 

into the water bath, and then the water was stirred to ensure a uniform distribution 

of the radiotracer, A single data set, containing 76 x 10® events, was collected and 

stored in hst-mode format. A set of760 images, consisting of independent realizations 

of uniform random noise, was generated by running unique blocks of 100,000 events 

firom the list mode data through the ML-PE LUT. 

Non-uniform random background images 

The activity present within normal fatty breast tissue was simulated by imaging 

a bath of radioactive water containing randomly located non-radioactive objects. 50 

hollow plastic eggs (46 mm x 32 mm), filled with non-radioactive water, were placed 

in the water bath and held 2.5 cm underwater by a sheet of 0.5 cm plexiglass during 

imaging as shown in Figures 6.10 and 6.11. After 20 mCi of Tc-99m was injected 

into the water bath, the water and eggs were stirred to ensiure that the radiotracer 

had spread uniformly throughout the water outside of the eggs. 760 data sets, each 

containing 100,000 events, were collected and stored in separate list-mode data files. 

Prior to the collection of each data set, the eggs were stirred so that their positions 

were unique and random. A series of 760 images, consisting of independent realiza

tions of non-uniformly random noise, was generated by cunning each list-mode data 

file, containing 100,000 unique events, through the ML-PE LUT. 

The primary goal in generating these images was to create realistic-looking non

uniform random backgroxmds that had a spatial firequency content similar to that 

of real mammoscintigrams coEected with SAMCAl/I. Elecall firom Section 6.2 that 
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FIGURE 6.10. Hollow water-filled eggs in water bath. 
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FIGURE 6.11. Diagram of setup to image non-uniform random background data. 
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SUBREGtON 

FIGURE 6.12. Extxacted 32 x 32 subregion of sample mammoscintigram. 

the spatial firequency content is detennined by calculating the average radial squared 

modulus of the discrete Fourier transform of an image. We defined this quantity to be 

the "average radial spectrum" and denoted it as (p). Recall, as well, that on a log-

log plot of average radial spectnmi vs. spatial frequency, the average radial spectrum 

for spatial frequencies less than the cutoflf frequency was approximately linear with 

a negative slope. In our analysis of the clinical mammoscintigrams, we extracted 

several square subregions, 32 pixels on a side, from the central portions of the images 

as demonstrated in Figure 6.12. The subregions were used to ensure that the spectral 

analysis was performed only on regions dominated by projections of breast tissue. We 

found that the mean average radial spectrum for the mammoscintigrams, shown in 

Figure 6.13, had a slope of approximately -1.2. Experunentation in the laboratory 

with, various object arrangements showed that the chosen egg size worked well when 

a layer of uniform attenuating material - water, in this case - was placed between 

the eggs and the camera as shown in Figure 6.11. The attenuation provided by the 
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FIGURE 6.13. Average radial spectrum of clinical mammosdntigrams. 
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FIGURE 6.14. Average radial spectrum of non-uniform random background images. 
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water acted to partially smooth out the nou-uniformities in radioactivity created by 

the nott-radioactive eggs. The corresponding slope of the average radial spectrum vs. 

spatial frequency plot varied as a fimction of the thickness of the water layer, and it 

was found that a 2.5 cm thick layer of water above the eggs provided for a slope of 

about -1.2, quite close to that of the mammoscintigrams, as shown in. Figure 6.14. 

6.4.4 Image pair generation 

For both the uniform and non-uniform random background cases and for each unique 

combination of signal contrast, diameter, and depth, a set of 380 image pairs was 

generated for use in a detectability study. A single image pair consisted of a "signal-

present" (SP) image, an image containing signal data, and a "signal-absent" (SA) 

image, aa image containing no signal data. The signal-absent images were gener

ated by running 100,000 backgroimd events through the LUT. The signal-present 

images were similarly generated by nmning 100,000 events through the LUT, but 

both signal and background events were used. For each combination of signal diam

eter {D) and depth (Z), the number of signal events added to a background image 

was determined by the desired 3-d contrast (C). The 3-d contrast is related to the 

tumor-to-background ratio (TBR) by the expression C = TBR — 1. Since the signal 

and background data sets were collected independent of each other, the amount of 

activity per unit volume of water in. each signal data set was scaled with respect to 

that of the background data set in order to simulate a particular TBR. The range of 

TBR used ia each set of image pairs varied according to signal diameter and depth, 

but overall the values ranged from 1.1 to 20.0. It is important to note that a unique 

set of background and, if necessary, signal events was used in. every single image. 

Sample SA-SP image pairs for both the uniform and non.-uniform random cases are 



308 

FIGURE 6.15. Sample uniform random background image pair with, the signal-absent 
image on the left and the signal-present image on the right. 

FIGCJRE 6.16. Sample non-uniform random background image pair with, the signal-
absent image on the left and the signal-present image on the right. 
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shown in Figures 6.15 and 6.16, respectively. The signal has a diameter of 13 mm 

and a depth of 5 cm, and the contrast is 5. 

6.4.5 Contrast vs. detail plots 

The ability of an imaging system to detect a signal depends, in part, on the signal 

contrast, signal diameter, and exposure quanta (or time). For a specified level of 

detection performance, a relationship between these three parameters can, in theory, 

be derived. The theoretical relationship for an ideal observer has been formulated and 

used extensively in the analysis of imaging systems (Wagner and Brown 1982, Wagner 

and Brown 1985). Assuming that the squared signal-to-noise ratio in frequency space 

integrated over a lesion is equal to a fixed value at the detection threshold, the 

relationship has the form 

C'tTQ = constant 

where C is the signal contrast, d is the signal diameter, and Q is the either the level of 

detected exposure quanta, the noise equivalent quanta, or the image exposure time. 

The value of the exponent n depends on (a) the size of the system aperture and 

(b) the size of the lesion with respect to the system aperture. A log-log plot of C 

vs. d, as shown in Figure 6.17, is commonly referred to as a "contrast-detail" plot. 

The size of the system aperture represents the point on the contrast-detail plot at 

which the magnitude of the slope of the plot suddenly changes. For "small diameter" 

lesions - lesions that are smaller than the system aperture - the value of n is larger 

than m the case of "larger diameter' lesions - lesions that are larger than the system 

aperture. The magnitude of n for each part of the plot depends, in part, on the type 

of imaging system being used. A. general result is that for 2D and 3D imaging, the 
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FIGURE 6.17. General contrast-detail plot. 

exposure time goes as the 4"' and S"* powers of lesion diameter, respectively, for small 

diameter lesions. Wagner and Brown caution that the existence of such power laws 

for imaging systems is well known, but the value of n is often incorrect or at least 

oversimplified. 

The relationship illustrates two interesting concepts. For example, if the contrast 

is fixed, then the exposure required to detect a lesion of diameter d goes as the negative 

power of d. In other words, improving the resolution wiE be expensive in terms 

of mcreasing exposxure. Also, for example, if the system aperture size is decreased, 

then the break point in the contrast-detail plot shifts to the left. So, the range of 

the "large diameter" region, in which the dependence on n is not as severe, can be 

modified to some extent. 
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FIGURE 6.18. Detectability vs. contrast for D = 10 mm and Z = 5 cm. 

6.5 Performance evaluation of a modular gamma camera us
ing detectability index 

The performance of the UA modular gamma camera was evaluated for the task of 

detecting an artificial lesion against noisy backgrounds. The results include both 

experimental and theoretical data. The experimental performance data from the 

laboratory includes comparisons of signal detectability vs. signal contrast, signal 

contrast vs. signal diameter, and signal contrast vs. signal depth for the cases of 

uniform and non-uniform random backgrounds. The theoretical performance data 

was generated by a computer program simulating the comparison of signal contrast 

vs. signal diameter for the case of uniform random backgrounds. The theoretical 

simulation was intended to confirm the experimental data in the corresponding case. 

6.5.1 Laboratory performance data 

Detectability vs. contrast 

The detectability increased linearly with respect to contrast as shown in. Fig. 6.18. 
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In this study, the three-dimensional contrast was calculated using the source activity 

{As) and background activity (^6) and caa be expressed in terms of the tumor-to-

background ratio {TBR) as 

C^A^-Ab  ̂ ^^I^TBR-1.  (6.3)  
Ab Aft 

The contrast required to achieve a specified detectability was greater for the non

uniform random backgroimd than for the uniform random background. The magni

tudes of the slopes of the uniform and non-uniform plots are 0.37 and 0.20, respec

tively, indicating that the source activity in the non-uniform case must be approxi

mately 1.85 times greater than the activity in the uniform case in order to achieve 

the same detectability. 

Contrast vs, diameter 

The contrast required to maintain a constant detectability increased nonlinearly 

with decreasing source diameter as shown in. Figures 6.19 and 6.20. The rate of 

increase in contrast was significantly larger if the source diameter was less than the 

system's spatial resolution (9 mm). The source was centered at a depth of 5 cm. For 

the uniform case, the average slope of the log C vs. log D plots increased firom -2.5 

for larger diameter signals to -2.8 for smaller diameter signals. Similarly, for the non

uniform case, the average slope increased from -2.0 to -2.9. The amount of change in. 

slope was not significant, and the limited number (6) of data points may be masking 

some of the true behavior of the relationship. For a detectability of 1.2 (or an AUG 

of about 0.8), the average increase ia contrast for all diameters, from the uniform to 

the noa-uniform case, was 37%. The largest rise was 76% for D = 10 mm. 
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CvsD for constant d' 

DIAMETER (D) (mm) 

FIGURE 6.19. Contrast (C) vs. diameter (D) for a uniform random background and 
for five specified levels of detectability. 

CvsD for constant d' 

OIAMETER(D) (mm) 

FIGURE 6.20. Contrast (C) vs. diameter (D) for non-uniform random background 
and for five specified levels of detectability. 
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CvsZ for  cons tant  d '  

DEPTH (Z) (cm) 

FIGURE 6.21. Contrast (C) vs. depth (Z) for uniform random background and for 
five specified levels of detectabiKty. 

CvsZ for  cons tants  

DEPTH (Z) (cm) 

FIGURE 6.22. Contrast (C) vs. depth. (Z) for non-xmiform random background and 
for five specified levels of detectability. 
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Contrast vs. depth 

The contrast required to maintain a constant detectability increased nonlinearly 

with increasing source depth, as shown in Figures 6.21 and 6.22. The rate of increase 

in contrast was larger for larger depths. For a detectability of 1.2, the average increase 

in contrast for all depths, from the uniform to the non-uniform case, was 38%. The 

percentage of increase rose as the depth increased - from 19% for a depth of 1 cm to 

60% for a depth, of 9 cm. Thus, as the source depth increased, higher levels of activity 

had to be present in order to be detected with the same level of performance. 

6.5.2 Theoretical performance data 

Description 

A theoretical computer model was developed to simulate the laboratory eq)er-

iment for the case of a uniform random background. A representative diagram is 

shown in Figure 6.23. The camera was modeled by a square (10 cm per side), pixel-

lated (64 x 64) detector in the :qr-plane. The water bath was represented by a cube 

(10 cm per side) of uniform background activity, ^6. The signal was modeled by a 

sphere of diameter D and uniform activity A, and was located such, that its center 

was above the center of the detector and at a depth of Z below the surface of the 

water. The attenuation factor for both, the signal and the background was assumed 

to be that of water, or 0.15 cm"*^. 

Method 

The activity within the modeled water bath, was projected, along the z-axis, onto 

the detector. Nbfee and scatter within the imaging process were simulated by con

volving the geometric projection of the attenuated activity, Ap(x,y), with, a Gaussian 
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• Z 

FIGURE 6.23. Diagram of theoretical model of uniform background eq)eriment. 

kernel having a full-width half-maximum (FWHM) equal to 9 mm, the spatial reso

lution of the imaging system for objects 5 cm deep in water. The detectability, d', 

was calculated &om the two-dimensional projection data, Ap{x,y), as 

where s{x,y) is the projected signal value and Ap is the background value. Note that 

s{x,y) is obtained by subtracting the background value, Ap, from the total projection 

data, Ap(a:,y). The background activity, As, and signal depth, Z, ware set equal to 

1.0 milliCurie per milliliter (mCi/mL) and 5.0 cm, respectively. The signal activity, 

A,, ranged from 1.0 to 60.0 mCi/mL, and the signal diameter, D, ranged from 3 to 

30 mm. 

The theoretical model output and the experimental data agree. A. contrast-detail 

plot for a detectabiliiy of 2.0 is shown in Figure 6.24. The contrast required to achieve 

a detectability of 2.0 increases sharply for signal diameters less than 9 mm, the system 

/ Ex.if [M^y) -

Ap \ Ap 

Results 
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FIGURE 6.24. Comparison of theoretical and experimental contrast-detail plots, 

spatial resolution for objects in water at a depth of 5 cm. 

6.6 Summary 

The performance of a modular gamma camera was evaluated for the task of detecting 

signals in noisy backgrounds. The motivation for the study was to estimate how 

well the modular gamma camera could detect lesions within htunan breasts. Smce 

working with real breast tissue was not a realistic option, we performed a laboratory 

experiment in which the modular gamma camera imaged phantoms designed to mimic 

breast lesions and normal breast tissue. 

The phantoms were designed to represent what we felt the gamma camera would 

see in a clinical imaging situation. For the case of breast lesions, we noted through a 

literature sinrvey that different types of tissue exhibit varying degrees of radiotracer 

uptake and that the degree of uptake can be affected by different characteristics of 

the tissue. In particular, we found that ductal and lobular carcinoma consistently 

exhibited abnormal tissue growth and relatively high uptakes of Tc-99m Sestamibi 
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while normal and fatty tissues exhibited relatively low uptakes. Indeed, ductal and 

lobular carcinoma located in normal or fatty breast tissue exhibited relative uptake, 

or tvunor-to-background, ratios of nearly 6:1 with respect to the surrounding tissue. 

Some other types of tissues also exhibited abnormal cell growth and relatively high 

uptakes of Tc-99m Sestamibl but did not do so on a consistent basis. For the case of 

normal breast tissue, we considered the absolute amount of radioactivity we expected 

to see within the breast as well as the properties of the background noise in the 

imag^ due to both counting statistics and tissue non-uniformities. In a clinical 

situation in which a human patient, presenting a normal breast of average mass, is 

injected with Tc-99m Sestamibi for an imaging study, we estimated that, on average, 

approximately 0.08% of the injected radiotracer eventually localizes within the breast. 

For an injection of 20 mCi, this corresponds to a total activity of about 16 fiCi and 

an estimated radioactivity per unit mass of normal tissue of roughly 43 dpm/mg. We 

also considered the spatial frequency content of the image backgrounds. We found 

that the average radial spectra of clinical breast images - both mammograms and 

m a m m o s c i n t i g r a m s  -  e x h i b i t e d  a  p o w e r  l a w  s p e c t r u m  o f  t h e  f o r m  S o i p )  =  A f f P  

where p is the radial spatial frequency. Using all of this information, the breast 

tissue and lesion phantoms were constructed, and a large body of realistic signal and 

background image data was collected. 

Signal detection theory was used to analyze the image data and to quantify the 

detection capabilities of the modular ganmia camera for a variety of signal parameters. 

While each sample image contained a unique non-uniform random background with 

an estimated spatial frequency content similar to that of a real mammoscintigram, the 

signal contrast, size, and depth were allowed to vary over realistic ranges. Specifically, 

the contrast was eiUowed to reach values over 12 - more than, twice the observed value 
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of about 5:1 for ductal and lobular carcinomas, two forms of abnormal tissue that 

tended to exhibit the highest uptake of Tc-99m Sestamibi. The size ranged &om 

28.0 mm down to 4.0 mm in an eflfort to test the camera's capabilities as the signal 

dimension passed below 10.0 mm, a size below which some nuclear medical imaging 

systems begin to experience a loss in sensitivity. Depths of up to 9 cm were allowed 

in anticipation that most breasts - whether pendant or compressed - would be less 

than 4 inches thick along the line of sight of the camera. We foimd that the ability of 

the camera to detect the signal increased linearly with contrast, increased nonlinearly 

with diameter, and decreased nonlinearly with depth. In particular, we found that 

the camera was capable of reliably detecting 1-cm signals with contrasts of about 5 at 

depths up to 6 cm. A comparison was also made between the experimental data and 

the output of a theoretical model for the case of uniform random backgrounds and 

a constant detectability, and the resxilts agreed, indicating the validity of the overall 

study. 
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Chapter 7 

SUMMARY AND FUTURE WORK 

This chapter summarizes the research presented in the preceding chapters and sug

gests directions for potential future investigations. 

7.1 Summary 

In Chapter 1 we reviewed statistics on, screening methods for, and nuclear medical 

imaging of breast cancer. The statistics indicate that breast cancer is a very serious 

problem - being one of the leading causes of cancer death among women in the United 

States. Physical examination, x-ray mammography, and biopsy are all standard com

ponents of the breast screening protocol. We discussed each of these, noting that 

the medical community would like to reduce the number of unnecessary biopsies per

formed. While x-ray mammography is currently the most refined and cost effective 

screening tool for breast cancer, several complementary imaging techniques in nuclear 

medicine have been developed that, while they will not replace x-ray mammography, 

can provide additional information for use ia patient management. Scintimammog-

raphy is one of these imaging techniques, and we use it extensively in the research 

reported here. Research efforts are also being devoted to developing dedicated breast 

imaging systems. We note that part of the motivation behind the research detailed in 

this dissertation was to determine how weE the UA modular gamma cameras might 

perform in a dedicated breast imaging system that was in its initial stages of design. 

Li Chapter 2 we outlined the basic hardware components and operation of a 
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scintillatioa gamma camera as well as the physics involved in the detection of gamma 

rays by such a camera. With respect to the camera hardware and operation, we 

specifically described how the camera worked, compared five different common types 

of collimators that could be used with the camera, illustrated how uniform flood 

images were collected and used to correct for non-imiformities in the mean response 

of the camera, and defined several measures of camera performance - such as spatial 

and energy resolution, sensitivity, count rate, uniformity, and spatial distortion. With 

respect to the physics involved in the detection process, we reviewed the photoelectric 

effect and Compton scattering and noted how they independently contributed to the 

linear attenuation coeflBcient. We also described the scintillation process, in which a 

burst of visible photons is generated as a result of a scintillation crystal absorbing a 

gamma ray, and the amplification of photoelectrons within a PMT. 

In Chapter 3 we introduced SAMCAA^I (Stand-Alone Modular CAMera), a nuclear 

medical imaging system designed for dedicated planar imaging of human breasts 

in a clinical environment. The hardware and software components, the calibration 

procedure, and the general operation of SAMCAJy^I were described. In particular, the 

procedures for collecting and processing the MDRF and imiform reference flood data, 

both used for calibrating SAMCAIvI, were carefully explained. 

In Chapter 4 we provided the theoretical background for the concepts of position 

estimation and scatter rejection and showed how they have been successfully applied 

to imaging with modular gamma cameras. For position estimation, we presented a 

brief background on estimation theory, selected an estimator based on maximizing 

a likelihood fimction for a given set of observations and parameters, and provided 

several probability models - Poisson, mdependent normal, and multivariate normal -

as choices for the maximum likelihood (ML) position estimator. For scatter rejection. 
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we presented three types of windowing schemes — likelihood, energy, and Bayesian. 

Each scheme uses a threshold value to specify a trade-off between accepting events as 

primary gamma rays or rejecting them as scatter. Having reviewed the theory behind 

ML position estimation, and several methods of scatter rejection, we then discussed 

several means by which the theory was put into practice. Four position estimation 

schemes - the 5-bit LUT, the 6-bit LUT, the 6-bit LUT plus 8-bit likelihood-weighted 

smoothing, and the 6-bit LUT plus 8-bit analytic solution - were described and com

pared using the PMT signal data sets for three unique objects. Finally, we presented 

the results of three studies that dealt with the measurement and optimization of the 

position estimation and scatter rejection schemes in specific applications. The first 

study demonstrated how several parameters affected the acceptance rate of a 5-bit 

LW LUT for the PMT signal data of a uniform reference flood. The second study 

evaluated the LW, EW, and BW ML position-estimation schemes for the task of 

eliminating some specified artifacts in background noise images while not severely 

restricting the LUT acceptance rate for primary events. The third study provided a 

practical solution for the problem in which we would like to detect and image gamma 

rays of an energy different firom the energy the current imaging system was designed 

to detect. 

In Chapter 5 we developed and applied an optical model of the UA. modular 

gamma camera. We began by defining the known physical and optical parameters of 

each camera component and, when necessary, making reasonable assiunptions. Then 

we reviewed some basic optical concepts and, in the comrse of doing so, introduced 

a novel method for calculating the exact solid angle subtended by a quadrilateral 

with respect to a point in. space. Next we characterized several physical features and 

phenomena occtnring within the camera. Then we proceeded to define a multitude 
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of sub-components and components - i.e. building blocks - that upon integration 

comprise the complete model. Each of the 16 components, most of which incorporate 

the use of one or more sub-components, calculates the mean number of photons 

that, having left a scintillation event location, undergo a uniquely defined sequence 

of events (i.e. scatter, reflection, transmission, etc.) and are then either detected 

by a PMT or lost. The optical model generates MDRF, (co)variance, and PTA 

data that closely matches sample data collected with a real modular gamma camera 

in the laboratory. Finally, we briefly outlined four applications for which we have 

aheady used the optical model. First, we estimated the mean response of a modular 

gamma camera containing a 3 x 3 array of PMTs. Second, we studied how the use of 

square or round PMTs of identical widths affected the performance of the modular 

gamma camera. Third, we simulated what changes - primarily the thicknesses of the 

scintillation crystal and light guide - were necessary to adapt the modular gamma 

cameras to efficiently image 511-keV (instead of 140-keV) gamma rays. Finally, we 

demonstrated how the information contained in the optical model can be used to 

estimate the DOI of a ganuna ray within the scintillation crystal. 

In Chapter 6 the performance of a modular gamma camera was evaluated for 

the task of detecting signals in noisy backgrounds. We wanted to estimate how 

weE a modular gamma camera could detect lesions within human breasts. Since 

working with real breast tissue was not a realistic option, we performed a laboratory 

experiment in which a modular gamma camera imaged phantoms designed to mimic 

breast lesions and normal breast tissue. Using the breast tissue and lesion phantoms, 

a large body of realistic signal and background image data was collected. Signal 

detection theory was used to analyze the image data and to quantify the detection 

capabilities of the modular gamma camera for a variety of signal parameters such as 
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contrast, size, and depth. A comparison was also made between the experimental data 

and the output of a theoretical model for the case of uniform random backgrounds 

and a constant detectability, and the results agreed, indicating the validity of the 

overall study. 

7.2 Future work 

A self-sustaining feature of the field of research seems to be that the effort to an

swer one question often leads to several new questions. The work presented in this 

dissertation is no exception. Several opportunities exist to continue researching var

ious aspects of position estimation, scatter rejection, optical modeling, and camera 

performance. The following sections suggest some possible areas of exploration. 

PMT signal statistics 

While it is convenient to assume that the PMT signals for a camera are statis

tically independent, in fact they are not. In Section 3.2.2 we illustrated the sample 

covariances that exist between the signals of two PMTs. Two factors that contribute 

to the covariance are (1) the random depth of interaction of gamma rays within the 

scintillation crystal and (2) the random niunber of photons generated by scintilla

tion events. The optical model presented in this dissertation assiuned an exponential 

probability density fimction for (L) and a Poisson probability density function for (2). 

Two questions have arisen from the study of these signals. First, is the niunber 

of photons generated by a scintillation event a Poisson-distributed random variable? 

Some analysis of the PMT signals - not reported, here - has indicated that the dis

tribution may be slightly non-Poi^n. If the distribution is non-Poisson, then how 

much, does this affect the correlation between two PMTs? Second, are the calculated 
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sample covariances affected by how much of the PMT signal histogram distribution 

tail is removed in the course of processing the MDRF data - as detailed in Section 

3.2.2? Analysis of the PMT signals - again, not reported here - suggests that the 

covariances, especially for locations between the PMTs, are affected by how much 

MDRF data is eliminated in the course of estimating the mean and variance for each 

PMT. 

Position estimation 

Methods of position estimation depend, in part, upon the number and size (in bits) 

of the PMT signals as weE as the chosen algorithm. To date, the UA modular gamma 

camera has employed the use of four PMTs, the signals of which have been digitized 

to 5, 6, or 8 bits. As described in Section 4,3, position estimation schemes for the 4-

PMT camera have included 5-bit LUTs, compressed 6-bit LUTs, or compressed 6-bit 

LUTs followed by some form of 8-bit data processing. A newer version of the modular 

gamma camera, however, that contains nine PMTs with corresponding 12-bit signals 

has been developed. 

Two inter^ting qu^tions arise with respect to the nine-PMT camera. First, how 

will the greater number of smaller PMTs (with respect to the four-PMT camera) 

improve the position estimation near the edges of the camera face? Second, how 

should position estimation be performed such that the information from all nine 

PMTs is utilized? One course of action, assuming a gamma ray interacts with the 

scintillation crystal, could be to locate the PMT with the highest signal and then to 

use that signal plus those of a specified number (e.g. four) of neighboring PMTs to 

generate an estimate of interaction location. An alternative course of action could be 

to use a limited number of the most significant bits from each PMT signal to make a 
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coarse estimate of the interaction location and then to use all 12 bits in each signal 

to fine time the position estimate within a very small neighborhood of space. 

Scatter rejection 

Scatter rejection schemes depend, in part, upon the imaging task at hand. Most 

of the research presented here has involved using the gamma camera to detect 140-

keV gamma rays and generate a spatial representation of the radiotracer from which 

they originated. Thus, the task has been to reject all non-140-keV gamma rays as 

scattered gamma rays. 

Several opportimities exist to modify the scatter rejection algorithms and study 

the corresponding imaging capabilities of the gamma camera. First, in section 4.4.3 

we showed that it was possible for the gamma camera to be calibrated with, gamma 

rays of one energy (140 keV) and then used to image objects emitting gamma rays of 

another energy (122 keV) .One opportimity would be to eq)lore the use of gamma rays 

of other energies - both, less and greater than 140 keV - and develop some measure of 

camera performance for each one. Indeed, would it be possible for an unaging system 

to be calibrated to detect several unique gamma ray energies - the only requirement, 

for example, being a switch between LUTs in software? An interesting and related 

task would be to measure how well the position estimation and scatter rejection 

techniques performed for gamma rays incident near the edges of the camera face. 

The work presented in Section 4.4.3 dealt primarily with, gamma rays incident in the 

central region of the camera face. Another opportunity would be to develop dual-

or multiple-energy windows so that a camera could simultaneously detect - and not 

reject as scatter - gamma rays of more than one energy. This capability would be 

useful for clinical situations in which, the presence of more than one radiotracer is 
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required. 

Optical modeling 

The optical model of the UA modular gamma camera, described in Chp. 5, has 

evolved into a complex analytical representation of what happens to the scintillation 

photons within, the scintillation crystal, Ught guide, and PMTs. While most of the 

physical parameters and phenomena have been correctly modeled, many assiunptions 

were still made to accommodate the features that we either could not exactly deter

mine or did not want to include within the scope of the model. Many opportunities 

exist to improve upon the model. 

Some qu^ions that could be explored are as follows. First, how does the number, 

size, and arrangement of PMTs affect position estimation and spatial resolution - es

pecially near the edges of the camera face? The initial simulation data, some of which 

is shown, in Sectioa 5.7.1, comparing the 2 x 2 and 3x3 PMT arrays indicates that a 

larger number of smaller PMTs near the edges corresponds to improved performance. 

Second, does the scintillation light undergo significant polarization at any surface? 

We assumed that the Ught was unpolarized at all times. Significant amounts of polar

ization could affect how much scintillation light is detected by the PMTs. Third, how 

could the siuface representations for the scintillation crystal be improved? Due to 

the presence of the black rubber band, the model asstmies that the sides are perfect 

absorbers, but some light undoubtedly scatters back into the crystal. The model also 

assumes, as was noted in Section 5.3.4, that the bottom surface is a Lambertian re

flector, but, given that an air gap exists between the bottom surface and the reflective 

material, such, an assumption probably involves some degree of error. Finally, as was 

shown in Section 5.3.3, the diffuse scattering of light at the scintillation crystal-light 
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guide interface was modeled with, what we felt was a reasonable "scatter function". 

More accurate representations of any of these light-scattering phenomena would im

prove the accuracy of the optical model. Fourth, what about multiple scattering of 

light within both the scintillation crystal and light guide? The model currently in

cludes a rather sophisticated technique to model multiple scattering of light within 

the scintillation crystal, as described in Section 5.4.4, and accommodates single spec

ular reflections of light from the sides of the light guide. Research eflForts in this area 

could be to improve the multiple-scatter model in the scintillation crystal - espe

cially near the edges - and to simply incorporate a multiple-scatter model in the light 

guide. Fifth, how does blackening the bottom (entrance) sxuface of the scintillation 

crystal affect camera performance with, respect to estimating depth of interaction? 

In Section 5.7.4 we reported the results of a simulation study in which a l"-thick 

scintillation crystal, the bottom surface of which was blackened, was used to image 

511-keV gamma rays. An interesting problem would be to compare the results of this 

study to one in which the bottom stuface was not blackened and observe the differ

ence in camera performance. Finally, could a Monte Carlo model be developed? The 

optical model, as written, is essentially an analytic model. Any randomness within 

a parameter has been handled by considering the mean and, if possible, variance of 

the parameter. Some trade-ofe do east between the two approaches. A disadvantage 

of the analytic approach, is that, to account for all the scintillation light, the model 

must account for every possible fate of every photon - a rather intmidating task. The 

Monte Carlo approach, however, would allow one to simply concentrate on modeling 

the physical phenomena at each interface. On the other hand, a disadvantage of the 

Monte Carlo method is that it may take a long time to ececute the model and obtain 

satisfactory statistical data for a large number of incident gamma rays. The analytic 
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approach, once developed, can be quickly executed. Thus, a trade-off exists between 

systematic error plus faster execution time £ind statistical error plus slower execution 

time. 

Depth of interaction estimation 

In Section 5.7.4 we demonstrated that the combination of our position estimation 

methods and optical model allowed us to make faurly reasonable estimates of depth of 

interaction of ganama rays within the scintillation crystal. Part of the motivation for 

this study was to begin assessing the feasibility of using the modular gamma cameras 

to perform coincidence imaging with 511-keV gamma rays. An intriguing research 

project would be to continue researching the feasibihty of such an imaging system 

and, eventually, to construct a laboratory version for testing and evaluation. 

Dedicated breast imaging system 

In Section L.4 we briefty discussed the initial design of a dedicated, multiple-

camera, SPECT breast imaging system (Sain 2000). The optical model and the 

performance analysis of the tJA modular gamma camera, the topics of Chapters 5 

and 6, respectively, of this dissertation, were part of the initial design work completed. 

Some interesting questions arose in the course of that research. Specifically, should 

parallel-hole or pinhole collimators (or a combination of the two types - installed on 

different cameras) be used for imaging the breast? While pinhole collimators offer the 

advantages of magnification and a wider field of view, they do not necessarily block 

gamma rays firom the heart and/or liver, two organs capable of exhibiting relatively 

high uptakes of Tc-99m Sestamibi. Given a specific system geometry, how much 

scatter firom out-of-field sources of radioactivity will be detected by the cameras? 

The amoxmt of detected scatter will be affected, in part, by the patient position, the 
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shielding of the camera, and the relative uptake of radiotracer in regions of the body 

outside of the breast. Finally, could a performance study be imdertaken to measure 

the ability of the imaging system to detect simulated lesions within the breast? The 

study could be analogous to the single-camera study described in Chapter 6. 

In the end.,, 

... there are a wide variety of interesting questions that remain unanswered - just 

waiting for a curious mind to explorel 
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Appendix A 

CALCULATION OF RADIOTRACER ACTWITY WITHIN THE 
HUMAN BREAST 

A.1 Method #1: Maublant et al. study 

A recent study measiured the accumulation of Tc-99m-Sestaimbi in breast tumors 

and the corresponding axillary lymph nodes ia patients scheduled for breast siirgery 

(Maublant et aL 1996). On the day before surgery, each patient underwent mam-

moscintigraphy with 20 mCi of Tc-99m-Sestamibi. The following morning, each pa

tient was reinjected with 10 mCi and imderwent surgery. Frnmediately after surgery 

the activity of the tumor samples and, when possible, the corresponding lymph nodes 

were measxured in a gamma weE counter. The samples were weighed and prepared 

for histological analysis. The activity of each sample was normalized to the mean ac

tivity of normal tfesue samples obtained from the same patient. Figure 1 (Maublant 

et al 1996, p.923) stunmarizes the relative uptake of the radiotracer within the tissue 

samples. Combining this data with the stated average mass and activity of the tissue 

samples (Maublant et al 1996, p.923), the average activity per unit mass of normal 

tissue may be estimated. 

The tissue samples had an average mass (m^) of 562 milligrams (mg) and an 

average detected activity per unit mass (Am) of 89 decays per minute per milligram 
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(dpm/mg). The average activity per tissue sample (^ta) may then be estimated as 

— TTlta 

— (562 Tng){89 dpmfmg) 

= 50,018 dpm. 

Using the data on the number of and relative uptake of radiotracer by each type 

of tissue sample, the average activity per unit mass of normal tissue may be 

found by calculating a weighted average of the relative activity per tissue sample and 

equating it to the average activity per tissue sample (Ata) found above. Let 

nts,i = number of tissue samples of type i 

Arei,ta = average relative activity of sample of type i 

F3 — scaling factor. 

Then 

~ ^t3,i Arei.ta) ^3 ^ta 
^t3,i 

_ (402.6 ± L7.0 dpm/mg) F3 (562 mg) _ 

= (1166.3 ± 49.2 rfpm)F3 

Solving for the scaling factor, 

Fz = ^ta 
1166.3 ± 49.2 cfpm 

_ 50,018 rfpm 
1166.3 ±49.2 dpm 

= 42.9 ±1.8. 

Thus, the average activity per unit mass of the normal tissue samples is 

Am,7i = F3 (1.0 dpmfmg) 

= 42.9 ± 1.8 
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This result compaxes favorably with the true value (Maublant 1998) of 43.57 ±35.67 

where 35.67 is one standard deviation. The obvious difference is that the original 

data appears to have a much larger standard deviation. The average mass of a single 

human breast (^b) is often estimated at 410 g. The corresponding estimate of 

average activity present in a normal breast (Anb) is 

where the conversion factor of 1.0 mCi = 3.7 x lOMecays/sec has been used in the 

last step. This amounts to only 

of the original injected activity. Note that this activity is emitted mto all space, or 

4r steradians. 

A.2 Method #2: Wackers et al. study 

The purpose of another study was to evaluate the biodistribution, dosimetry, and 

safety of Tc-99m-Sestamibi in normal volunteers during both rest and exercise (Wack

ers et aL 1989j. The percent of injected activity at various locations within the body 

was measured at various times following injection. Table A.L lists the results for mea

surements made five minutes after injection. The organ masses (Cristy and Eckerman 

1987) for an adult female have been added to facilitate the following calculations. 

^nb — •''̂ ,71 ̂ ^6 

(42.9 ± 1.8 dpm/mg) (AlO, 000 mg) 

17,589,000 ± 738,000 cfpm 

293,150 ±12,300 dps 

7.92 ±0.33 fiCi 
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Organ Mass (g) Injected activity (%) 
heart 588 1.2 ± 0.4 
lung 651 2.6 ± 0.8 
liver 1400 19.6 ± 7.1 

gallbladder 58 1.2 ± 1.5 
kidney 248 13.6 ± 0.9 
thyroid 12 0.2 ± 0.07 
bladder 196 5.6 ± 1.8 
spleen 123 2.5 ± 0.9 

TOTAL 3276 46.5 ± 7.6 

TABLE A.L. Percentage of injected activity in particular organs five minutes post-
injection. 

Thus, five minutes after injection 46.5 ±7.6 % of the total injected activity resides 

within the organs h'sted above. The total mass of the listed organs (rriorg} is 3,276 g. 

Wackers et ai did include a measurement for the legs (muscle), but it will be ignored 

because the table of organ masses did not specify a mass for legs (muscle). 

The remaining percentage of injected activity, 

Pia,r = 100.0%-46.5 ±7.6% 

= 53.5 ±7.6%, 

will be uniformly assigned to the remaining body mass. The estimated total mass 

(mtot) of the adult female (Cristy and Eckerman 1987) is 56,800 g. The skeleton 

(estimated mass (Maublant 1998) of 7500 g) is assumed to not have absorbed any 

of the radiotracer five minutes after injection, so its mass {mskeL) will removed from 

consideration. Thus, the remaining body mass is 

— Tltot T^org ^akel 

= 56,800ff-3,276ff-7,50Gff 

= 46,024 g. 
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The injected activity {Amj) was 7-10 mCi. Assuming a fixed value of 10 mCi for A,„j, 

the estimated activity (decays/minute) in the remaining body mass (Arem) is 

^rem ~ Pia,r ^inj 

= (53.5 ±7.6%) (10 mCi) 

/c or n Tc rr-\ /37 X 10® (lps\ f 60 secs\ 
= (5.35 ± 0.76 •nC.)(^ " j 

= U9±0.IRX LO'^IPM. 

The activity per unit mass of remaining tissue is 

46,024,000 7715 ^ ^ 

The percentage of the activity present in a single breast is 

A.3 Method #3: SAMCAM study 

Table A.2 contains data from the stand alone camera. In each study the subject 

had been administered an injection of 25 mCi and was imaged by the stand alone 

camera after other studies had been completed. Thus, the assumption is made that 

the activity wthin the breast had stabilized by the time the image data was collected. 

Study date Counts in image 
05-23-96 5,250 
12-03-96 27,000 
12- -96 11,500 
12-24-96 4,000 

na 4,750 
05-07-97 10,227 

TABLE A.2. Nmnber of counts in SAA'ICAM images. 
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The meaa number of counts ijiaa) the images is 10,454. The data collection 

time (tc) was five minutes. Thus, an estimate of average activity present in a normal 

breast and seen by the camera {Anb) is 

~T ^CtS An6 — ~ cptn 

1QA54. = —-— cpm 
5 

= 2,091 cpm. 

The corresponding average activity per unit mass of normal tissue which is seen by 

the camera iAm,n,c) is 

A - — 

_ 2,091qjm 
410,000 mg 

— 0.0051 cpmfmg. 

The efficiency of the stand-alone camera system is determined by three factors: 

(1) the efficiency of the parallel-hole collimator located immediately in front 

of the camera face, (2) the efficiency of the scintillation crystal and (3) the 

efficiency of the LUT used in the position estimation software. The efficiency 

of a parallel-hole collimator (t/coj) may be approximated as 

VcoC 
M. 
IQLl 

where D F ,  and L T ,  are the diameter and length, respectively,, of a single collimator 

bore (Barrett and Swindell 1981). In the stand-alone camera £)& = 1.5 mm and 

LF, = 23.6 mm, so the efficiency is 

(1.5 mm)^ 
^coL 16 (23.6 mm)^ 

= 0.000252. 
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The efficiency of the scintillation crystal is 0.713. The efficiency of the look-up table 

is 0.4604. 

Thus, the average activity per unit mass of normal tissue (ATO,n) can be found 

by dividing the average activity per unit mass of normal tissue which, is seen by the 

camera (i4ni,„,c) by the collimator efficiency (j7coz)> the crystal efficiency (77,^), and the 

look-up table efficiency or 

-J _ •^m.n.e 

Vcol Vsc ^lut 
0.0051 cpm/mg 

(0.000252) (0.713) (0.4604) 

= 61.65 cpm/mg. 

The injected activity for these studies was 25 mCi, so the corresponding value of Am,n 

for 10 mCi (the amount used in the studies above) is 24.66 cpm/mg. 
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Appendix B 

INFORMATION ON NIJMEGEN DIGITAL MAMMOGRAM 
DATABASE 

The images in this dataset were made available by the Department of Radiology, 

University Hospital Nijmegen, PC Box 9101, The Netherlands. The images were 

originally recorded with a Kodak MIN-R/S0177 screen/film combination using vari

ous types of equipment. The digital images are in raw format and of size 2048 x 2048 

pixels. They use 12 bits (2 bytes) per pixel of grey level information. The images 

were digitized from fihn at a size of 2048 x 2048 with an Eikonix 1412 12 bits CCD 

camera. A sampling aperture of 0.05 mm in diameter and a 0.1 mm sampling distance 

were used. The images were corrected for inhomogeneity of the light source (Gordon 

plannar 1417). A fixed calibration of the CCD camera was used. Optical density 0.18 

corresponds to the maximum output level (4095). To increase the efficiency of image 

compression, background pixel values (<15) were set to a constant value. 

The author obtained the images at the following ftp location: 

ftp:// figment.csee.usf.edu/pub/mammograms/nijmegen-images. 
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Appendix C 

STATISTICAL THEORY OF NOISE IN PMTS 

In. the course of studying the noise properties of the signals generated by the PMTs in 

response to a scintillation event, it is useful to understand how the large gain provided 

by the dynode chain within the PMT affects the signal-to-noise ratio {SNR) of the 

number of photoelectrons ejected from the photocathode. This appendix provides 

a brief description of the noise properties of several random variables involved in 

the generation of a measurable signal due to a scintillation event. Specifically, we 

examine the noise properties of the niunber of optical photons incident upon the 

PMT photocathode, the number of photoelectrons emitted from the photocathode, 

and the number of electrons collected at the anode. 

C.l Noise in cascaded events 

A cascaded event sequence is one in which a "primary"' event gives rise to a number 

of "secondary" events. This situation occurs, for ecample, when an incident photon 

causes a random number of electrons to be emitted from a photosensitive surface. If 

each primary event jp gives rise to a random number of secondary events, then 

the random total number n, of secondary events is 
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whare Tip is the random number of primary events. It can be shown (Burgess 1959) 

that the mean and variance of n, are 

TT-s — Tip Tljp (C.l) 

(C.2) 

Equation C.2 is known as the "Burgess variance theorem". 

For the specific case in which Tip is a Poisson random process and n, is a binomial 

selection process, Equatioa C.2 can be simplified. Let Wp and be the mean and 

variance of the Poisson random process, and p and p(l — p) be the mean and variance 

of the binomial selection process where p is the probability of success. Then Equations 

C.l and C.2 simplify to 

ns=pnp  (C.3)  

=pnp  +  npp( l -p)  =pnp .  (C.4)  

Thus, since 

ns=ol,  =P V 

we see that the binomial selection of a Poisson random process is also a Poisson 

random process. 

C.2 Noise in number of optical photons incident upon pho> 
tocathode 

Let the number of optical photons incident upon the PMT photocathode be des

ignated by Uph. If we assxune that (a) the number of optical photons emitted by 
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a scintillatioa event is Poisson distributed (Barrett and Swindell 1981) and (b) the 

number of photons, emitted in random directions from the scintillatioa event loca

tion, that strike the photocathode is governed by a binomial selection process - i.e. 

each photon does or does not strike the photocathode, then is the random output 

of a cascaded random process with a Poisson source. The output of a cascaded ran

dom process with a Poisson source is Poisson distributed as well (Barrett & Swindell 

1981). Using Equations C.3 and C.4, we can express this situation in mathematical 

terms. Let rj^^Nae be the mean number of photons emitted by a scintillation event 

where is the scintillation efficiency of the scintillation crystal and iV,e is the mean 

number of potential photons that could be emitted by a scintillation event. Let p be 

the probability that a scintillation photon strikes the photocathode. Then the mean 

and variance of Uph. are 

C.3 Noise in number of photoelectrons emitted firom photo
cathode 

The number of photoelectrons emitted from the photocathode, designated by npe, is 

also the result of a cascaded- random process with a Poisson source and a subsequent 

binomial selection process. Li this case the Poisson source is represented by Tiph, 

the number of photons incident upon the photocathode, and the binomial selection 

— P Vac •^ae 

0%,^ =^PVsc^se, 

and the signal-to-noise ratio {SNR) is 
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process is represented by rjp^, the quantum efficiency of the photocathode, or the 

probability that a photoelectron will be ejected from the photocathode in response 

to an incident photon. Using Equations C.3 and C.4, the mean and variance of ripe 

are 

~ Vpc 

and the corresponding SN'R is 

SKR^ = ^ = (C.5) 
yVpc^h 

c.4 Noise in number of electrons collected at anode 

Suppose that the PMT contains q dynodes, and the i"' dynode produces an average 

gain of g,- with a variance of aj. Then the mean total gain of the dynode chain, 

denoted by G, is simply the product of the mean, gains of the individual djmodes, or 

G =9192^-9, = Y[9ir 
i=L 

and the corresponding total variance is (Burle 1980) 

^ fa\ crk \ 
(TQ — G^l—-i 2 +  — 5")  -

\9i 9192 9i9i-9qJ 

Let us then make three simplifying assmnptions: (1) each, dynode stage has equal 

gain, or 9^ = 9 for all i, (2) each dynode stage has a large gain, or ^ » 6, and (3) the 

number of secondary electrons emitted by each, dynode stage in. response to a single 
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incident electron is approximately Poisson distributed (Bnrle 1980), so of g for all 

i (Burle 1980). Applying these assmnptions, the mean and variance of G simplify to 

G = g'^ 

5^ 
9 "^ 1 =  — l  +  -  + .„ - f -

0-1 9 \ 9 9"' 

Recognizing the term in parentheses as a finite geometric series, we can rewrite OQ as 

^2 _ 9-(XQ — — 

= 9^^ 

y(-a 
9 - 1  

Recalling that we assimied that the dynodes have high gain, or ^ » 6, we can make 

the approximation that 

1 ~ 1, 
5^ 

and the variance of G simplifies to 

Og-9'^ 
1 

The number of electrons collected at the anode, designated, as Tie, will be the 

output of the cascaded, random process involving the product of Up^ and. G, Using 

Equations C.l and. C.2, the mean, and variance of Tie are 

n^ = Gn^=g'^T]^nyk 
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= g'^Vpc^h+Vpc^hg''' 

Applying, once again, the assumption that the dynodes have high, gain, we can malce 

the approximation that 

and the variance of Tie simplifies to 

Thus, if the PMT d}'nodes have large gains and the nimiber of secondary electrons 

emitted by each, dynode in. response to a single incident electroa is Poisson in nature, 

then we can conclude that the high, gain of the PMT does not significantly degrade the 

SN'R of ripe, the number of photoelectrons emitted from the photocathode in response 

to a scintillation event. Since the SMWs of ripe and are essentially identical, we 

can also conclude that, if ripe is indeed Poisson distributed as assmned, then - and 

the final output signal of the PMT - is Poisson distributed as well. 

'^n,-npc^hg^^ 

The corresponding SNR is 

(C-6) 

Comparing Equation C.6 to Equation C.5, we note that 

SNRr^^SN-Rn,^. 
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Appendix D 

LIST AND DESCRIPTION OF SYMBOLS USED 

A EYesnel absorptance 
Aft activity of background per unit volume (mCi/mL) 
Arf area of detector element (mm^) 
Ai sum of aj {kxt ky) 's 
^inj estimated injected activity (mCi) 
Am mean activity per unit mass (dpm/mg) of tissue 
Am,ri mean activity per unit mass (dpm/mg) of normal tissue 
Ani,n,c mean activity per unit mass (dpm/mg) of nonnal tissue 

detected by camera 
And mean activity (dpm) in a normal breast of mean mass 
Ap geometric projection of attenuated activity (mCi/nmr) 
Ap mean background value (mCi/mm^) 
Aptx area of pixel (mm*) 
A(jua<i area of spherical quadrilateral (mm-) 
Arei.tj mean relative activity (dpm/mg) of tissue samples 
Arem estimated activity (dpm) in remaining mass of body 
A, activity (mCi) of source 
Ats mean activity (dpm) per tissue sample 
AA. area of spherical triangle (mm^) 
ttt { k x f k y )  binary value indicating whether f^radial spatial firequenqr 

is within a particular interval 
AUC area imder ROC curve 

B bias of ^imate for 6 
Bi sum of bj {kx, ky) 's 

value of So (fee, k^) at a particular pixel location 

c contrast of signal 
^Ixir ^Ixjr ̂ lyit ̂ lyj utility variables in 8-bit analytic solution for (r, 

utility variables in 8-bit analytic solution for (r, j?) 
C^ij to Cgtj utility variables in 8-bit analytic solution for (r,^ 
Cg to Ci5 utility variables in 8-bit analytic solution for (r, ̂  
C comer index for pixel comer x, y, z-coordinates 
C speed of light in vacuum (m/s) 
C index for optical model components 
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D 
D, 
d! 
d 
dn 

E 
E 

E 
Eo 
EB 
Ee 
Eph 

Fi 
F2 
Fz 
Fi^,v) 
Foikx^ky) 

fi 
u 

fi 

FN 
FP 
FWHMaui 
FWHMe:ar 
FWHMintr 

G 
g 
9 

diameter (mm) of hollow plastic sphere 
diameter (mm) of collimator bore 
detectability 
shorthand symbol for {xi,y^ 
distance (mm) from scintillation event to interface pixel 

irradiance (W/mm-) 
energy (keV) 
spherical excess of spherical triangle 
maximum-likelihood estimate of E 
energy (keV) of primary gamma ray 
binding energy (keV) of orbital electron 
kinetic energy (keV) of electron 
energy (keV) of photon of light 
energy (keV) of gamma ray 
energy (keV) of incident gamma ray after Compton scattering 
electron charge (C) 

detector availibility fimction 
discrete boimded Gaussian fimction 
utility scaling factor 
2-d continuous Fourier transform of f{x, y) 
2-d discrete Fomier transform of 
2-d continuous spatial fimction 
2-d discrete spatial fimction 
number of events in bin of PMT signal histogram 
number of events ui bin after events corresponding to 

distribution tail have been removed 
number of events in bin after removal of histogram edge 

events 
false-negative 
false-positive 
spatial resolution (in terms of FWHM) of collimator 
extrinsic spatial resolution (in. terms of FWHM) of system 
intrinsic spatial resolution (in terms of FWHM) of scintillation 

crystal and PMT array 

gain of dynode chain in PMT 
sample image data vector (M x 1) 
measure of meem. square phase difference between waves 

scattered, close to the specular direction, from different 
parts of surface 
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9 shorthand symbol for {xg, yg) 
Sc channelized sample image data vector {K x 1) 
9c,k output of channel due to sample image g 
9c,m channelized sample image pixel value 
9m sample image pixel value 

Ho signal-absent hypothesis 
Hi signal-present hypothesis 
h height of scintillation event above bottom surface of crystal 
h Planck's constant 
h{x,y) surface height fimction 

I radiant intensity (W/sr) 
I overall energy scattered &om diffuse surface in Kirchhoff theory 
k energy coherently scattered from smooth surface in Kirchhoff theory 
Id energy diffusely scattered from rough surface in Kirchhoff theory 
i shorthand symbol for {xi,yi) 

h output signal of PMT p in the form of a current (mA) 
ipc photocathode current (mA) 

J number of elements in d 

h iadex for primary events in a cascaded event sequence 

K data covariance matrix (M x M) 
K PMT signal covariance matrix (4 x 4) 
Kc covariance matrix of channel outputs {K x K) 
K number of channels in template w 
k modulus of the wave vector k 
kxr ky discrete spatial frequencies in the x- and y-directions 

L radiance (W/m^sr) 
Li radiance (W/m^sr) for internal reflection of scintillation hght 
Lt length, (mm) of collimator bore 
L{-) likelihood function for the designated parameters 
Lscat radiance (W/m^sr) on bottom surface of crystal due to light, from 

one center pixel, scattered once from interface 
Lsum sum of LiS (W/m^sr) 
Ltot convolution of with smoothing kernel (W/m^sr) 

M exitance (W/xnio?) 
M number of pixels (N^) in sample image g 
ninb average mass (mg) of single himian breast 
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niorg total mass (g) of listed organs in model of body 
rrirem estimated remaining mass (g) of body 
TUakei estimated total mass (g) of skeleton 
TTitot estimated total mass (g) 
mta average mass (mg) of tissue samples 
MDRF mean detector response fimction 
MSE mean-square-error of estimate of 6 

N dimension (pixels) of sample image g 
Nfnns number of bins in PMT signal histogram 
iVftits number of bits used to represent PMT signal 

number of photons absorbed by photocathode of PMT p in model 
component c 

iVjep number of depths of interaction 
iVg number of photons emitted by a scintillation event 

nimiber of photons incident upon a grid pixel in model component c 
iVj mean number of photons reflected from interface pixel 
N^ mean number of photons transmitted through interface pixel 
^pe,c,p mean number of photoelectrons emitted from photocathode of 

PMT p in model component c 
^ve,t,p total mean number of photoelectrons emitted from photocathode of 

PMT p due to all model components 
iVpft mmaber of photons generated by a scintillation event 
Hs nimaber of multiple internal scatters from scintillation crystal-light 

guide interface 
iVse number of potential photons generated by a scintillation event 
iVtufies number of PMTs in camera 
ATj., Ny number of pixels in discrete image in x- and y-directions 

nimaber of events collected at a MDRF grid point during calibration 
N" niunber of events left after removal of histogram edge events 

number of events left after histogram distribution tails are removed 
a normal to a surface 
Tie number of electrons at PMT anode 
Ui refractive indec of incident media in Snell's Law 
riip niunber of secondary events due to primary event fp in a cascaded 

event sequence 
nig refractive indec of light guide 
Up number of primary events in a cascaded event sequence 
Tipe number of emitted photoelectrons at photocathode 
Tip/i niunber of incident photons at photocathode 

number of incident photons at photocathode of PMT p 
n, number of secondary events in a cascaded event sequence 



349 

rise refractive indec of scintillation crystal 
Tit refractive index of transmitted media in SneE's Law 
nts,i number of samples of tissue type i 
Tlx, Tiy indices of pixels in x- and y-directions in discrete image 
% index of signal event 

OAs offset address in 5-bit LUT 
OAs offset address in 6-bit LUT 
OAtnn offset address of element within 16-eIement block in Stage-2 LUT 
OAuk offset address of Ifr-element block in Stage-2 LUT 
OAstagei total offset address for Stage-2 LUT element 

P(u) discrete probability of occurrence of vector u 
P(u|0) discrete probability of occurrence of vector u given 9 
Pi{x,y) peak value of normal distribution fit to histogram data of PMT 
p index for PMTs 
p probability of success in binomial selection process 
Pia,r remaining percentage of injected activity 

(u 10) continuous probability of occiurence of vector u given d 
Ptk probability threshold for individual PMT signals, or p{Ui\x, y) 
PSFi radiance PSF 

Qn, cost function for fit to normal distribution 
Qmvn cost Eunction for fit to multivariate-normal distribution 
q number of dynodes in PMT 

R EVesnel reflectance 
Ra Rayleigh parameter 
Rapfi radius of arbitrary sphere used in exact calculation of solid angle 
RJL, R» perpendicular/parallel components of EVesnel reflection 
r vector between points 
r Rresnel reflection amplitude coefficient 
rj., r„ perpendicular/parallel components of Fresnel reflection amplitude 

coefficient 
rL,ret real/imaginary components of 
^ii,ret ^i,tTR real/imaginary components of r„ 
Tsc vector from source location to pixel comer 
Tjc scalar distance between somce location and pixel comer 

Sc symbol designating scatter photon used in energy spectrum PDF 
So {kx,ky) discrete spectrum of fo (wi, n,,) 
SD (p) average radial power spectrum of /(ar, y) 
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S  D j  i P i )  average radial power spectrum of mammogram 

SD (PI) ensemble average of SOJ (Pi) 's 
Sd spatial sensitivity of PMT face 
Si subsets of {x,y) locations in nested-search, routine to find {%y) 
s signal data vector {M x L) 
Sc channelized signal data vector {K x 1) 
s defined angle parameter used in calculation of spherical excess E 
s(r, y) projected signal value 
s short-hand symbol for (ar„ ya, z,) 
Spc sensitivity of photocathode 
SpcA spectral sensitivity of photocathode 
SNR signal-to-noise ratio 
SNRXC signal-to-noise ratio of Ac 

T template, with elements tkmt containing all K channels {K x M) 
T Resnel transmittance 
Tl, T„ perpendicular/parallel components of Fresnel transmittance 
Teg Fresnel transmittance for light passing firom scintillation crystal to 

light guide 
t Fresnel transmission amplitude coefficient 
tc data collection time (sec) for SAMCAM image 
tk channel vector {M x I) 
tkm pixel value of A:"' channel vector 
tig thickness (mm) of tight guide 
tac thickness (mm) of scintillation crystal 
t_iy t„ perpendicular/parallel components of Fresnel transmission amplitude 

coefficient 
ti.,rer iL,im real/imaginaxy components of 
t»,re, tn,im real/imaginaxy components of 
TBR tiunor-to-background ratio 
TN true-negative 
TP true-positive 

U PMT signal vector for 5- or &-bit signals 
Ui 5- or 6-bit PMT signal 
Utot simi of Ujs for all f s  

^bits-bit PMT signal 
u. general signal data vector 
a PMT signal vector 
Ui' initial sample mean of Ui after removal of histogram edge events 
tit PMT signal 
Uij ^ PMT signal for event 
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V variance o£ estimate o£ 6 
V mean voltage output (V) of a PMT 
vavk (Ac) conditional variance of Ac given that fijt is true 
w Hotelling template data vector {M x 1) 
Wc channelized Hotelling template data vector {K x 1) 
u/cm channelized Hotelling template pixel value 
Wcam width (mm) of scintillation crystal 
Wm Hotelling template pixel value 
"/jnx,! width (mm) of interface pixel 
•Wpmt width (mm) of PMT 

normalized wavelength spectnma. (nm) of the scintillation light 

X ,  y  location of pixel on camera face 
a/, y' location of pixel outside camera face boundaries 
aro, yo estimated location of pixel on camera face as given by 6-bit LUT 

yet Zc location of pixel comer 
Xd, yd location of a pixel at detector plane (PMT entrance window) 
Xg, yg location of pixel on bottom surface of scintillation crystal 
Xgo, t/jj location of center pixel on bottom surface of scintillation crystal 
Xj, yi location of pixel in scintillation crystal-light guide interface 

Vst Za location of scintillation event location 
X, y  ML estimate of r, y-location of pixel on camera face 
z', ̂  ML estimate of r, y-location of pixel outside camera face boundaries 

Z depth (cm) of hollow plastic sphere 
Zi z-coordinate of center of layer of scintillation crystal 

Per 7c directional cosines for pixel comer where c = {0,1,2,3} 
Tj spatial frequency (1/mm) corresponding to y  

Tjcoi efficiency of parallel-hole collimator 
7/jut efficiency of LUT 
i7pc quantimi efficiency of photocathode 
T]j^int integral quantiun efficiency of photocathode 
77pc^ spectral quantum efficiency of photocathode 
T/ac efficiency of scintillation crystal 

9 general parameter vecrtor 
6 estimate of 6 
9 arc ML estimate of 9 
d angle (rad) 
Bcia planar angle (rad) between vectors and 
dame half-angle (rad) of scatter cone 
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^cone,max. maxunum half-angle (rad) of scatter cone 
^cone,mia miniimim half-angle (rad) of scatter cone 
Sid angle of incidence (rad) for light coming from interface to detector 
Sine angle of incidence (rad) 
Sinc,i angle of incidence (rad) at scintillatioa crystal-light guide interface 
SH angle of incidence (rad) for light going from source location to interface 
Sai,r angle of specular refraction (rad) for light going from source location 

to interface 
6t angle of transmission (rad) in Snell's Law-

A wavelength (nm) of h'ght 
A Hotelling test statistic 
Atft Hotelling test statistic threshold 
Ac channelized Hotelling test statistic 
Ac.tA channelized Hotelling test statistic threshold 

linear attenuation coefScient (1/mm) of scintillation crystal 

? spatial frequency (1/mm) corresponding to x 

P radial spatial frequency (1/mm) 
Pcry reflectance of bottom surface of scintillation crystal 

a rms surface height (mm) 
a'C- initial sample variance of PMT signal after removal of histogram 

edge events 
variance of normal curve least-squares fit to histogram data of PMT 

9 final sample variance of PMT signal after removal of histogram tail 
0"i standard deviation of i"' PMT signal 

""CTtot variance of Utot 
standard deviation of estimat of 6 

T likelihood threshold in case of likelihood windowing 
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A. vector of deviations from the mean. PMT signals 
A013, A023 spherical triangles 
A. z thickness (mm) of one layer in. scintillation crystal 

A(U) likelihood, ratio 

$f„c incident radiation flux (W) 

n solid angle (sr) 
fi/r fractional solid, angle 
^fr,ame fractional solid angle of scatter cone 
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