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Abstract 

Purpose: The objective if this thesis was to evaluate the application of various 

correction techniques for improved quantification in dedicated breast Single Photon 

Emission Computed Tomography (SPECT) and Computed Tomography (CT). 

Corrections for physical effects impacting the SPECT subsystem, such as scatter, low-

energy tailing, attenuation, finite collimator resolution, were investigated. The accuracy 

of reconstructed attenuation coefficients for the CT subsystem was also characterized, 

and the results used to influence the development of a breast tissue segmentation 

algorithm. Finally, various correction methods were applied to a patient imaging 

protocol to measure the average uptake of Tc-99m Sestamibi in healthy breast tissue. 

Methods: Monte Carlo methods were utilized to investigate the changes in 

incident scatter energy distribution on the SPECT detector as a function of 3D detector 

position about a pendant breast geometry. A simulation of a prone breast geometry with 

torso, heart, and liver was designed. An ideal detector was positioned at various 

azimuthal and tilted positions to mimic the capabilities of the breast SPECT subsystem. 

The limited near-photopeak scatter energy range in simulated spectra was linearly fit 

and the slope used to characterize changes in scatter distribution as a function of 

detector position. The impact on the application of the DEW method was assessed 
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through measurements in scatter-corrected reconstructed images relative to primary-

only reconstructions.  

Two scatter compensation methods were investigated and compared to a narrow 

photopeak-only window for quantification accuracy in large uniform regions and small 

volumes with and without radioactivity: 1) the previously calibrated dual-energy 

window (DEW) scatter correction method, and 2) a modified dual-energy window 

(mDEW) correction method that attempts to account for the effects of incomplete charge 

collection in Cadmium Zinc Telluride (CZT) detectors. Various cylindrical phantoms, 

including those with imbedded hot and cold regions, were evaluated for quantification 

accuracy and image uniformity.  

Phantoms studies were performed to investigate the application of SPECT vs CT 

attenuation correction. Two multi-material phantoms were evaluated with water and 

methanol regions. CT-based attenuation maps were generated by both replacing with 

NIST attenuation coefficients and by scaling the CT image voxels to from 36keV 140keV 

attenuation coefficients. All data were scatter corrected with the dual-energy window 

method. Quantification accuracy measurements were performed with each attenuation 

map. The impact of registration errors was also evaluated by systematically shifting 

attenuation maps to measure the effects on quantification accuracy. 

A method of modeling collimator resolution within the SPECT reconstruction 

algorithm was investigated for its impact on contrast and quantification accuracy. Three 
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levels of resolution modeling, each with increasing ray-sampling, were investigated. The 

resolution model was applied to both cylindrical and anthropomorphic breast phantoms 

with hot and cold regions. Contrast and quantification measurements were made and 

compared to true values. Gradient measurements were used as a metric for edge 

recovery with resolution modeling. 

The accuracy of reconstructed attenuation coefficients with the CT subsystem 

was also investigated. Geometric phantoms were filled with various mixtures of 

methanol and water to simulate a range of tissue densities. Data were scatter corrected 

using a beam-stop array, and the average attenuation coefficients in reconstructed 

images were compared to National Institute of Standards and Technology (NIST) 

values. Shifts in attenuation coefficients with object radius were also characterized for 

each mixture.   

Finally, a clinical pilot study was initiated to measure the average uptake of Tc-

99m Sestamibi in healthy breast tissue. Subjects were consented from those undergoing 

diagnostic parathyroid studies at Duke and scanned with the dedicated breast SPECT-

CT system. Based on phantom studies of CT reconstructed attenuation coefficient 

accuracy, a slice-by-slice segmentation algorithm was developed to separate breast CT 

data into adipose and glandular tissue. SPECT data were scatter, attenuation, and decay 

corrected to the time of injection. Segmented CT images were used to measure average 

radiotracer concentration in the whole breast, as well as adipose and glandular tissue. 
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Results: Monte Carlo Scatter Characterization: Results show that the detected 

scatter distribution changes with detector tilt, with increasing incidence of high energy 

scattered photons at larger detector tilts. However, reconstructions of various simulated 

trajectories show minimal impact on quantification (<5%) compared to a primary-only 

reconstruction. 

Scatter Compensation Methods: Results show that the Photopeak-only and DEW 

methods yield reasonable quantification accuracy (within 10%) for a range of activity 

concentrations and phantom configurations. The mDEW demonstrated highly accurate 

quantification measurements in large, uniform regions with improved uniformity 

compared to the DEW method. However, the mDEW method is susceptible to the 

calibration bias and the activity concentration of the scanned phantom. The sensitivity of 

the mDEW to these factors makes it a poor choice for robust quantification applications. 

Thus, the DEW method using a high-performance CZT gamma camera is still a better 

choice for quantification purposes, although further work investigating Photopeak-Only 

performance is warranted due to low impact of scatter in dedicated breast SPECT.  

Attenuation Correction Methods: Minor differences were observed between SPECT 

and CT maps when assuming a uniformly filled phantom with the attenuation 

coefficient of water, except when the SPECT attenuation map volume was significantly 

larger than the CT volume. Material specific attenuation coefficients reduce the 

corresponding measured activity concentrations compared to a water-only correction, 
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but the results do not appear more accurate than a water-only attenuation map. 

Investigations on the impact of image registration show that accurate registration is 

necessary for absolute quantification, with errors up to 14% observed for 1.5cm shifts.  

Resolution Modeling: Large volume quantification results (background 

measurements) are unaffected by the application of resolution modeling. For smaller 

chambers and simulated lesions, contrast generally increases with resolution modeling. 

Edges of lesions also appear sharper with resolution modeling. No significant 

differences were seen between the various levels of resolution modeling. However, 

Gibbs artifacts are amplified at the boundaries of high contrast regions, which can 

significantly affect absolute quantification measurements. Convergence with resolution 

modeling is also notably slower, requiring more iterations with the Ordered Subset 

Expectation Maximization (OSEM) reconstruction algorithm to reach a stable mean 

activity concentration. Additionally, reconstructions require far more computing time 

with resolution modeling due to the increase in number of sampling rays. Thus while 

the edge enhancement and contrast improvements may benefit lesion detection, the 

artifacts, slower convergence, and increased reconstruction time limit the utility of 

resolution modeling for both absolute quantification and clinical imaging studies.  

Attenuation Coefficient Accuracy: Results show the accuracy of reconstructed 

attenuation coefficients depends strongly on object size. Differences up to 11% 

compared to NIST values were observed.  The mean attenuation coefficient in each slice 
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was seen to change linearly with slice radius. No differences were seen between the 

evaluated mixtures. No changes in reconstructed attenuation coefficients were seen for 

equivalent radius slices at different locations within the cone beam geometry.  

Patient Imaging Study: With 8 subjects scanned, the average measured whole 

breast activity concentration was found to be 0.10±0.02µCi/mL. No significant 

differences were seen between adipose and glandular tissue uptake. Results are 

unaffected by the choice of segmentation method. Utilization of tissue-specific 

attenuation coefficients and resolution recovery modeling also has shown no impact on 

quantification results in the clinical study. Additional subjects are necessary to improve 

confidence in uptake measurements.  

Conclusions: In conclusion, the application of various characterization and 

correct methods for quantitative SPECT imaging were investigated. Changes in detected 

scatter distribution appear to have minimal impact on quantification in Monte Carlo 

simulations, and characterization of low-energy tailing for the mDEW method yields 

inferior overall quantification results. Comparable quantification accuracy is seen with 

SPECT and CT-based attenuation maps, assuming the SPECT-based volume is fairly 

accurate. In general, resolution recovery within OSEM yields higher contrast, but 

quantification accuracy appears more susceptible to measurement location. Finally, 

scatter, attenuation, and resolution recovery methods, along with a breast segmentation 

algorithm, were implemented in a clinical imaging study for quantifying Tc-99m 
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Sestamibi uptake. No significant differences were seen between adipose and glandular 

tissue or when implementing resolution recovery. Thus, for future clinical breast 

imaging with a CZT-based SPECT, it’s recommended that the application of the 

investigated correction methods should be limited to the traditional DEW method and 

CT-based attenuation maps for quantification studies. 
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1. Introduction  

This thesis focuses on the investigation and application of various correction 

methods for quantitative imaging using a hybrid Single Photon Emission Computed 

Tomography (SPECT) and x-ray Computed Tomography (CT) system for dedicated 

breast imaging. The goal was to explore various quantification methods and apply 

promising techniques to a patient imaging study for breast quantification. This chapter 

presents background information on x-ray mammography and molecular breast 

imaging modalities. A brief description of the dedicated breast SPECT-CT system is 

given, including previous methods for quantification. Lastly, relevant image quality and 

quantification metrics are described that are used throughout this thesis.  

1.1 Breast Cancer Statistics 

For women in the United States, breast cancer remains the most common type of 

cancer and the second leading cause of death [1]. An age-adjusted study conducted 

between 2007 and 2011 reported that the expected rate of breast cancer in women is 

approximately 124.6 in 100,000 per year, with a mortality rate of 22.2 in 100,000 women 

[2]. Additionally, it is expected that approximately 1 in 8 women will develop breast 

cancer over their lifetime, where the probability increases with a woman’s age [2]. Also, 

while significantly less likely, the lifetime risk of breast cancer development in men is 

approximately 1 in 1000 [3].  
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Figure 1.1: (TOP) Graph plotting the 15-year survival percentage as a function of 

tumor diameter measured through histologic examination. (BOTTOM) Plot showing 

the probability of metastatic disease in patients versus detected tumor size measured 

through histologic examination. Open and closed data points represent data from 

different groups as detailed in [4] The trends reveals a potential significant advantage 

to preventing metastatic disease with improvements in early lesion detection. Graphs 

adapted from [4] and [5]. 
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A recent study on the effects of early detection indicate significantly improved 

life expectancy for women undergoing routine breast cancer screening, especially for 

those women who are diagnosed at an early stage [6]. Because of the significant impact 

of breast cancer on women’s health, research into improved detection and diagnosis 

continues to be a significant area of interest. Figure 1.1 demonstrates the importance of 

early tumor detection. Using current mammography systems, mammographers are 

capable of detecting tumors 10-12mm in size, with most experienced clinicians able to 

detect the majority of breast cancers once the tumor size reaches 16mm [7]; improving 

detection capability of tumor sizes from 12mm to 5mm would result in an approximate 

10% increase in the 15-year survival probability, including a noticeable reduction in 

likelihood of metastatic disease [4-5]. 

1.2 Mammography: Standard of Care 

 While breast imaging has been used for well over 100 years, the development of 

a breast-specific system did not emerge until the 1960s [8]. The current standard for 

breast cancer detection utilizes a planar x-ray imaging system referred to as “x-ray 

mammography.” In this system, a patient is positioned with the breast compressed and 

projections are typically acquired at two angles, referred to as craniocaudal (CC) and 

medial-lateral oblique (MLO) projections. Compression is required for various reasons, 

such as: a) minimizing patient motion, b) reducing attenuation path, allowing for lower 

x-ray exposures and reduced scatter, c) normalizing exposure across the detector by 
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changing the same of the breast to make it more uniformly thick. In the CC setup, shown 

in Figure 1.2 a patient’s breast is compressed along and imaged along the superior-

inferior axis, with the detector located inferior to the breast. Similarly, in the MLO setup, 

the patient’s breast is compressed at an angle (along superior-medial to inferior-lateral 

axis) with the x-rays passing in the medial-to-lateral general direction; this method 

allows for improved imaging of the axilla and superior-lateral quadrant. More than 50% 

of cancers are reported to be found in the superior-lateral quadrant [9-10]. 

 

Figure 1.2: Picture of a woman undergoing a CC mammogram. The breast is seen 

compressed between a compression paddle and detector.  Illustration obtained from 

[11]. 
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Current mammography detectors can most often be classified into two 

categories: screen-film mammography (SM) and digital mammography (DM). Screen-

film mammography was initially the only technique available for mammography and 

provided sufficient image quality for distinguishing soft-tissue abnormalities and 

detecting calcifications [12]. To date, screen-film mammography continues to offer the 

highest potential spatial resolution of all x-ray mammography detectors [13]. However, 

there are intrinsic problems associated with using screen-film as an x-ray detector. 

Primarily, these limitations consist of limited dynamic range, high granularity, low 

contrast characteristics, and potential for suboptimal film processing [12]. Digital 

mammography, a generic term for any mammography system that stores an image 

electronically, has steadily gained popularity. DM has mostly replaced the screen-film 

mammography units. As of 2010, approximately 70% of all mammography units in use 

in the United States were digital units [14]. Digital units, typically utilizing detectors 

composed with CsI:Tl or amorphous selenium (a-Se), offer the ability to post-process 

images for improving visualization and offer higher zero-frequency detective quantum 

efficiency (DQE) in the range of 0.45 – 0.65, compared to approximately 0.35 for screen-

film [15-17]. Additionally, DM has better linearity over a large range of exposures. 

Changes in exposure in screen-film mammography affect contrast and noise, while with 

DM only the image noise is affected [18]. The improved DQE, linearity, and ability to 
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dynamically adjust the appearance of images for radiologists may allow for a decrease in 

administered radiation dose with modest degrading effects on diagnostic accuracy [19].  

For years, the “gold standard” of breast cancer imaging was considered to be SM, 

but that standard is beginning to shift towards DM. Results from the Digital 

Mammographic Imaging Screening Trial (DMIST) showed that digital mammography 

offers superior imaging and detection capability for certain subgroups of women, 

including women under 50 years old and women with very dense breasts [20]. For other 

subgroups, DM performed no worse than SM, despite the poorer resolution, due to 

better contrast and linearity. As such, more DM units are being deployed to clinics.  

Despite its routine use as a screening and diagnostic modality, there are 

significant issues associated with mammography that affect both image quality and 

patient comfort. Breast density plays a significant role in the image quality of 

mammography. Because of the planar nature of mammography, depth information is 

indeterminable from a single image, which results in an image where each measurement 

represents the line integral of attenuation through the breast. The result is a single value 

related to detected flux that gives no insight into distribution of anatomy along the x-ray 

beam path, as shown in Figure 1.3. The use of both CC and MLO views offer minimal 

depth information due to the difference in breast geometry that results from changes in 

breast compression orientation. Additionally, the cone beam source results in 



 

7 

magnification of objects within the breast that is depth dependent. Thus, it’s difficult to 

know if an object is small and proximal to the detector or large and distal.  

The lack of depth information can become significant in patients with dense 

breasts where differences in tissue anatomy caused by abnormalities may be obscured 

by highly attenuating glandular tissue. Figure 1.4 shows mammogram images for 

breasts of various density. One research study indicated that the obscuring of potential 

abnormalities in mammography images of women with dense breasts results in a 

significant decrease in detected cancers, as shown in Table 1.1. Overall sensitivity drops 

considerably with increased breast density [21]. The significant drop in detection 

capability of mammography indicates the necessity of adjunct detection methods or 

improved imaging modalities. Furthermore, because breast density has been correlated 

with increased risk of breast cancer, the inability to reliably detect cancers using 

mammography alone significantly reduces the efficacy of standard breast cancer 

screening in high risk (dense breast) individuals [21-22]. 
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Figure 1.3: Drawing of mammogram geometry including a compressed breast with 

two lesions (compression paddle not shown). The detected signal (BOTTOM) offers 

lateral spatial information but not depth information. Additionally, the use of a cone 

beam x-ray source results in depth-dependent magnification. The result is a distal 

lesion that appears larger on the detector than a proximal lesion of the same size. 

 

Figure 1.4: Example mammogram images for breasts of varying density. Increased 

breast density has been connected to increased breast cancer risk and decreases 

mammography sensitivity. Image adapted from [23]. 
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Table 1.1: Sensitivity of mammography as a function of BIRADS density category. 

BIRADS density categories score breast density with a single value (1=low density, 

4=high density), and the results show a significant decrease in cancer detection with 

increasing breast density [21]. 

 BIRADS Density 

 1 2 3 4 

Mammography 

Sensitivity 
98% 82.9% 64.4% 47.8% 

 

While screening mammography has been shown to have high specificity, with 

reported values between 92-98.8% specificity with large patient sample sizes, the low 

average and highly variable positive predictive value (PPV) range of 3-36% indicates a 

relatively large number of patients must undergo ultimately unnecessary biopsies 

and/or other diagnostic procedures [21] [24]. These patients experience unwanted levels 

of anxiety related to their potential results that may contribute to a temporary reduction 

in quality of life [25]. Follow up diagnostic mammography has similar performance 

results to screening mammography, with sensitivity and specificity ~85% but PPV of 

only 20% [26]. Thus, while a follow-up diagnostic mammogram is helpful, it still results 

in a significant number of false-positives.  

Additionally, patient discomfort and pain plays a significant role in the 

effectiveness of breast cancer screening initiatives. As previously mentioned, breast 

compression is necessary for optimal image quality and low dose mammography. Some 

patients report moderate to severe discomfort when undergoing mammography. The 
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compression required for adequate image quality results in a level of discomfort that is 

significant enough to influence future screening among some women. A survey by 

Baines, et al. found that of patients who failed to follow up with recommended 

mammogram screening, 32.3% reported that screening mammography was “too 

painful” [27]. These results indicate that patient comfort has the potential to negatively 

influence a woman’s decision to undergo routine screening for breast cancer.  

Several other ionizing radiation imaging modalities are being investigated for 

improving lesion detection or staging of disease, including improvements in DM, digital 

tomosynthesis (TOMO), breast computed tomography (BCT), and various radionuclide 

imaging modalities , including Scintimammography, Molecular Breast Imaging (MBI), 

Single Photon Emission Computed Tomography (SPECT), Positron Emission 

Tomography (PET), and Positron Emission Mammography (PEM) [12]. This thesis 

focuses on the improvement and application of a dedicated hybrid SPECT-CT system for 

enhanced quantitative breast imaging.  

1.3 Nuclear Medicine Breast Imaging: Tc-99m Sestamibi 

Using nuclear medicine (NM) imaging modalities for breast imaging has 

occurred since 1946, using P-32 [28], but most modern NM breast imaging focuses on F-

18 labeled fludeoxyglucose (FDG) and Tc-99m labeled 2-hexakis methoxy isobutyl 

isonitrile, commonly referred to as Sestamibi (MIBI). Currently, MIBI is the only 

approved radiotracer for diagnostic breast imaging as an adjunct to mammography; 
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FDG is only approved for staging of disease. This section will focus on breast imaging 

systems utilizing MIBI as the primary radiotracer.  

Tc-99m Sestamibi was applied primarily as a myocardial blood flow imaging 

agent [29]. Tc-99m emits a 140.6keV gamma useful for nuclear medicine imaging. The 

first report of MIBI uptake in breast tumors was reported by Campeau, et al. in 1992 [30], 

and the same year Khalkhali, et al. published a paper on the first use of MIBI as part of 

scintimammography [31]. Scintimammography uses general purpose, non-dedicated 

gamma cameras for acquiring planar images of the breast. Typically, a patient is 

oriented in the prone position, and a standard gamma camera is positioned vertically, 

acquiring a lateral view of the patient’s breast (Fig. 1.5). As Table 1.2 illustrates, results 

on the effective use of scintimammography in correctly detecting cancer show high 

sensitivity and specificity, with a significantly improved PPV compared to traditional 

mammography [32-34].   

Table 1.2: Results from three scintimammography trials for patients with abnormal 

mammograms. All three trials show high sensitivity, specificity, and especially PPV 

when compared to mammography. For comparison, values for diagnostic 

mammography are given. 

 
Study 1 

n=62 [32] 

Study 2 

n=106 [33] 

Study 3 

n=153 [34] 

Diag. Mammo. 

n=32,748 [26] 

Sensitivity 95.8% 93.7% 92.2% 86% 

Specificity 86.8% 87.8% 89.2% 88% 

PPV 82.1% 76.9% 81.0% 23% 

NPV 97.1% 97.0% 95.8% * 
*Not available in cited study 
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Figure 1.5: Photograph of a woman undergoing a scintimammography scan. The 

general purpose gamma camera (background) is position to acquire a lateral 

projection of the uncompressed breast on the side closest to the gamma camera. 

Photograph obtained from [35]. 

 

The false-positive results from the three studies were largely attributed to fibro-

cystic disease lesions and fibroadenomas. The studies also successfully identified ductal 

carcinoma in situ in several lesions. Of particular interest were those patients whose 

mammograms contained indeterminate masses or were obscured by overall breast 

density. With indeterminate masses, scintimammography correctly identified 14 benign 

and 3 malignant lesions, while with dense breasts patients, the technique identified 22 

benign and 8 malignant lesions, but with 2 false-positives. A later study comparing the 
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detection results for scintimammography and traditional mammography in 48 patients 

with dense breasts showed the superiority of Tc-99m imaging in both sensitivity (93.7% 

vs 82.3%) and specificity (90.6% vs 45.1%), suggesting significant utility when imaging 

women with dense breasts [36]. 

The uptake characteristics of MIBI have been studied, and research suggests that 

the intracellular target of MIBI is the mitochondrial inner matrix, with 90% of cellular 

uptake being localized to the mitochondria [37-38]. There is some research that suggests 

MIBI uptake is related to angiogenesis and blood flow, which may help in monitoring of 

breast cancer during the course of treatment [39]. Additional research also suggests that 

MIBI is related to multidrug-resistance (MDR1) expression, which may allow for it to be 

used as an early indicator of chemotherapy efficacy [40].  

The potential use of MIBI imaging as a diagnostic tool, as well as potential 

indicator of drug therapy resistance, has led to a new push towards improved dedicated 

breast imaging with MIBI. New compact, dedicated, high-performance system designs, 

such as MBI planar systems, similar to mammography, are emerging as commercially 

available units, with detectors designed for improving resolution and detection 

sensitivity compared to the larger gamma cameras traditionally used in 

scintimammography [41-43]. The cost of MBI is approximately 2X that of 

mammography, which is significantly cheaper than other adjunct modalities such as 

MRI (10X-15X cost of mammography) [43]. However, these systems suffer from some of 
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the same problems as mammography, including limited 3D localization and breast 

compression. While the compression force is roughly 1/3 that of mammography, scans 

times under compression are ~10 minutes per view [43]. Other methods, such as the 

dedicated breast SPECT-CT system utilized in this work, can overcome some of these 

issues and may offer a useful diagnostic and staging tool [44].  

1.4 Breast SPECT-CT 

Dedicated breast SPECT-CT offers a potential alternative imaging modality 

without some of the problems associated with traditional mammography. The principals 

of tomographic imaging are described here, along with a comparison of breast CT to 

traditional mammography. Lastly, the characteristics of the breast SPECT-CT system are 

provided.  

1.4.1 SPECT and CT Imaging 

Both SPECT and CT imaging modalities are tomographic techniques that use 

multiple projections, typically following a circular trajectory, to reconstruct three-

dimensional objects. SPECT projections are generated from emission data. Patients are 

injected with a radiotracer, such as Tc-99m Sestamibi previously described, and an 

energy discriminating photon-counting detector is positioned to passively detect the 

gamma emissions from the tracer. Images are generated using a collimator to restrict the 

acceptance angle of incident photons. The detector is rotated around the patient to 
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obtain projections from multiple angles for image reconstruction. Further discussion on 

SPECT image generation with a collimator and reconstruction can be found in Section 4.  

SPECT detectors (gamma cameras) are designed to provide the position and 

energy of every photon incident on the detector. Sodium Iodide (NaI, �=3.67g/cm3) is the 

most common detector material, due to its reasonable stopping power and light output, 

low cost, and ability to manufacture large crystals [45-46]. NaI detectors are inorganic 

scintillation detectors, meaning interactions of gamma rays within the crystal result in 

the generation of low energy photons (light) proportional to the energy of the incident 

gamma ray. NaI detectors have a maximum emission wavelength of 415nm and light 

yield of ~38,000 photons per MeV. The resultant light is directed towards a photo-

multiplier tube (PMT), where the light interacts with the photocathode. This interaction 

results in the creation of photoelectrons (Fig. 1.6), which are then accelerated to multiple 

sequential dynodes to achieve adequate electron PMT gains (~106). The resultant charge 

collected is proportional to the energy of the incident gamma ray. In general, the 

limiting step for high energy resolution is the generation of photoelectrons at the 

photocathode, which contributes significantly to the Gaussian shape of most photopeaks 

in NaI energy spectra. The typical energy resolution of NaI detectors at 140keV can 

range from 10-20% [45, 47-48]. 

  However, room temperature solid state detectors like Cadmium Zinc Telluride 

(Cd1-xZnxTe, �=5.81g/cm3), often called CZT detectors, are being increasingly used due to 
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their superior energy resolution [45-46]. CZT detectors typically exhibit energy 

resolution of 3-8% at 140keV [47, 49-51]. Superior energy resolution is achieved through 

the direct conversion of gamma rays to measureable electrons, which results in 

significantly more information carriers than scintillators. Incident gamma rays interact 

with CZT primarily through photoelectric absorption. Because CZT detectors have a 

bandgap of ~1.6eV, the charged particles created from the gamma ray easily excite 

electrons in the semiconductor from the valence band into the conduction band. The 

resultant electron-hole pairs then migrate under the direction by an applied electric field 

towards the measuring electrodes (Fig. 1.6). As with the NaI detector, the total charge 

measured is proportional to the energy of the incident gamma ray, but because the 

number of electron-hole pairs is significantly larger than the number of photoelectrons 

for a given gamma energy, the energy resolution is superior. However, CZT detectors 

suffer from other drawbacks, including low energy “tailing” due to incomplete charge 

collection and difficulty in manufacturing. Growing CZT crystals often results in 

samples with significant defects, such as tellurium inclusions, grain boundaries, and 

severe polycrystallainity. As a result, crystal size is limited and high quality CZT 

samples must be carefully identified and separated from the low-grade CZT, which 

increases cost. Additional information on the properties of scintillation and semi-

conductor detectors can be found in Knoll [45].  
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Figure 1.6: Illustration of interaction and subsequent signal creation for NaI and CZT 

detectors. Energy resolution of the NaI detector is primarily limited by the light-to-

photoelectron conversion step, while CZT is dependent on the number of electron-

hole pairs produced. Note that the electron gain due to acceleration across dynodes for 

the NaI detector is not shown.  

X-ray computed tomography utilizes an x-ray source instead of injected 

radioactivity to generate images. In breast CT, x-rays pass through the breast from the 

source to the detector, yielding an integral measure of attenuation. This concept is 

similar to x-ray mammography previously discussed, except the detector and source 

rotate around the breast to produce a series of projections. BCT systems typically utilize 

a prone patient geometry and CsI flatpanel detectors with pixel sizes of 127-300µm, 

although many groups use 2x2 pixel binning for data acquisition [52-56]. Other detectors 

being investigated include CdTe detectors with 100µm pixilation [57]. Unlike SPECT 

detectors, photon counting and energy discrimination are not generally used for CT 
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images. Thus, CsI detectors function as integrating detectors and measure the total 

signal produced during a finite time window. The total integrated signal is directly 

related to the number and energy of all incident photons.  

In both SPECT and CT systems, projections are acquired at various positions 

around the region of interest, typically following a circular trajectory covering a 180°-

360° arc. For SPECT, because the source is limited by the initial injection and distribution 

of the radiotracer, the detector must operate for some extended length of time at each 

position to detect sufficient events for reconstruction. Thus, SPECT acquisitions typically 

require substantially more time than CT acquisitions. Resultant projections are then used 

with filtered back-projection [58] or iterative methods, such as Maximum-Likelihood 

Expectation Maximization (MLEM), Ordered Subset Expectation Maximization (OSEM) 

[46, 59], and Ordered Subset Convex (OSC) [60] for reconstructed images. More details 

on OSEM, which is used throughout this work for SPECT reconstruction, are presented 

in Section 4. 

1.4.2 Comparison of Breast CT to Mammography. 

Breast CT offers a three dimensional imaging modality without compression that 

may provide adequate image details for comparable or improved diagnostic accuracy [5, 

8]. Attempts to use conventional CT geometries have been examined [61-62], but the use 

of a breast-specific CT system has significant advantages, including minimizing dose to 

thorax and higher contrast (without injected contrast agent) from lower tube voltage 
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(kVp) settings. Current breast CT systems utilize a pendant breast geometry, where a 

patient’s breast is imaged in an uncompressed state. The lack of compression and 3-

dimensional (3D) nature of computed tomography allows for volumetric reconstructions 

of the breast anatomy, eliminating the overlapping tissue problem encountered in 

standard mammography. 

 In a comparison with screen-film mammography, breast CT was found to be 

superior for detection of soft-tissue masses, but inferior in detection of 

microcalcifications [63]. The results for detecting masses were further validated in an 

observer study comparing breast CT to digital mammography [64]. Limitations in 

microcalcification detection are the primary drawback to breast CT utilization. While the 

larger detector elements typically used reduce the resolution of BCT compared to 

mammography, research suggests that image noise and breast size considerations may 

play more dominant role in microcalcification detection [12, 65]. Research suggests that 

16-48% of diagnosed occult carcinomas are attributed to the detection of 

microcalcifications alone, underscoring the potential importance of detection of 

mircocalcifications in any breast imaging modality [5, 66-67]. However, another study 

indicated that the primary reason for missed cancers in mammography was due to the 

lack of microcalcifications with some lesions and the misinterpretation or overlooking of 

opacities in irregularly dense breast tissue [68]. Thus, BCT may offer diagnostic 

advantages in a subgroup of patients who do not exhibit microcalcifications.  Breast CT 
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dose levels have been reported for various systems, including the system investigated in 

this proposal, with a range of average glandular dose (AGD) values typically 4-6mGy 

per scan, which is within the 6mGy limit for standard two-view mammography [52, 69-

70]. Patients have also reported that the pendant-breast geometry, which involves no 

breast compression, is significantly more comfortable than traditional mammography 

[63]. The dedicated breast CT sub-system used in this research proposal offers the same 

advantages described above, which may offer improved screening or diagnostic 

capability compared to traditional mammography. 

1.4.3 Dedicated Breast SPECT-CT System Characteristics 

The Multi-Modality Imaging Laboratory (MMIL) has developed a dedicated 

breast hybrid SPECT-CT system for imaging a pendant breast, shown in Figure 1.8. The 

system has been well described in literature [44, 47, 69, 71-73], but following is a brief 

summary of the system’s previous configuration.  

The SPECT subsystem consists of a 16cm x 20cm Cadmium Zinc Telluride (CZT) 

solid state detector (LG3200S, Gamma Medica, Inc.) mounted on a three-stage motion 

system. The detector is made up of a 64x80 array of 2.3mm pixels with 5mm absorption 

thickness spaced every 2.5mm and has previously measured 6.7% energy resolution at 

140keV [47]. The detector is fitted with a 2.54cm thick, hexagonal parallel hole lead 

collimator with 0.2mm septal thickness and 1.2mm flat-to-flat holes, yielding a 

sensitivity of 37.9cps/MBq [47]. Commercial SPECT systems are capable of rotating 
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around a patient and minimizing the radius of rotation (RoR) to maximize resolution. 

The breast SPECT subsystem is capable of tilting in addition to the standard range of 

motion, allowing for contoured breast trajectories that include projections into the chest 

wall. Tilting is accomplished by goniometer (BGM200PE, Newport Corp.), which allows 

the detector to tilt from 0-90° by following a hemispherical path. Three non-traditional 

trajectories explored in this thesis include the Vertical Axis of Rotation (VAOR), Tilted 

Parallel Beam (TPB), and Projected Sinewave (PROJSINE). Illustrations of these 

trajectories are shown in Figure 1.7.  

 

Figure 1.7: (TOP) Illustration and (BOTTOM) polar plots of the three SPECT 

acquisition trajectories utilized in this thesis. Polar plots give the detector tilt as a 

function of azimuthal position around the breast. Both the VAOR and TPB 

trajectories have fixed detector tilts, while the PROJSINE trajectory utilizes a 

sinusoidal varying tilt. Note that the example TPB plot is for a fixed tilt of 30°, but the 

terminology TPB applies to any non-zero fixed tilt trajectory using a parallel beam 

collimator. 
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While the VAOR trajectory is the only one to provide complete sampling of the volume, 

the tilted trajectories have the advantage of imaging into the chest wall and axilla [44, 47, 

74]. Through significant previous work in the lab to investigate acquisition trajectories, 

the PROJSINE trajectory was found to have superior performance for imaging both the 

breast and chest wall [44, 47, 74-76].  

The CT subsystem utilized for most of the work in this work consists of a Varian 

RAD-94 x-ray tube, powered by an Electromed, Inc. CPX160 generator, and a Varian 2520 

CsI flatpanel detector. The initial x-ray spectrum is filtered through a one-hundredth 

value layer K-edge Ce filter (0.0508cm, K-edge = 40.4keV), producing a quasi-

monochromatic x-ray spectrum with mean energy of 36keV. The 2520 detector has 

1536x1920 pixels, with 127µm pixel pitch and 600µm thickness, providing a total active 

area of approximately 19.5cm x 24.4cm. The detector was positioned with an SID of 

60cm and SOD of 38.18cm, resulting in a magnification factor of 1.57, which has been 

shown to have near-optimal MTF characteristics for detectors with this pixellation [77]. 

This configuration yielded a circular FOV of 15.6cm diameter in the coronal plane at the 

axis of rotation; similarly, the FOV along the sagittal plane was approximately 12.4cm. 

The end result was a total cylindrical FOV volume of approximately 2370cm3, which 

based on results from a previous breast size study should provide adequate coverage for 
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the majority of breast sizes [78]. A step-and-shoot acquisition process was utilized, 

resulting in scan times of ~6 minutes for 240 equal-angular projections.  

Both the SPECT and CT subsystem are mounted orthogonally on a common 

gantry for pendant breast imaging, as shown in Figure 1.8. Currently, acquisitions are 

performed sequentially despite the common gantry.  

 

 

Figure 1.8: Photograph of the SPECT-CT system. Note that the photograph shows the 

configuration with the newer 4030E flatpanel detector.  
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During the work presented in the following chapters, the system underwent a 

major software and hardware reconfiguration. Multiple new hardware components 

were implemented, including new motion controller (XPS-C6, Newport Corp.), solid-state 

relays (USB-IDIO-16L, Access I/O, Inc.) and customized 40cm x 30cm CsI flatpanel 

detector (4030E, Varian Medical Systems) with two 8mm dead edges for the CT subsystem 

(Fig. 1.8). The thin dead edges on two sides of the detector should allow for improved 

imaging near the chest wall. The larger detector required the relocation of the source and 

detector gantry mounts to utilize the full FOV and maintain a magnification of 1.57. 

New CT acquisition software was written to integrate the new hardware and minimize 

total scan time, which was reduced to 3 minutes for 240 projections. The SPECT 

acquisition software was rebuilt and reconfigured, including integration with the new 

motion controller and recalibration of the gamma camera.  

1.5 Overview of Previously Used Quantification Steps 

This section details the steps for quantifying mean activity concentration with 

our dedicated breast SPECT-CT system. The SPECT quantification method outlined here 

was previously characterized by Dr. Kristy Perez [75, 79]. Steps for quantification of Tc-

99m activity concentration in phantoms and breasts involve applying corrections for: 1) 

detector uniformity, 2) system sensitivity, 3) attenuation, 4) scatter, and 5) decay. The 

methods for correcting each of the issues are briefly described here. Additional details 

on the physics of scatter and attenuation can be found in Sections 2 and 3 respectively.  
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Uniformity corrections are necessary due to the varying responses for detector 

elements. Each detector element may record a different number of events when 

irradiated with the same total photons. Additionally, poorly responding detector 

elements, often called “dead pixels,” may record very few or zero events regardless of 

incident photons. These detector element issues can cause significant ring artifacts in 

SPECT imaging, resulting in poor image quality and quantification accuracy [46]. 

Correction for these detector element response differences is performed by acquiring a 

large count acquisition of a flood phantom. Flood phantoms, shown in Figure 1.9, are 

sheet sources that uniformly irradiate the detector area. The data are then used to 

calculate a uniformity correction table (UCT), given by the equation 

 

 ����,� =  
�

��,�
 Eq. 1.1 

 

 which scales each pixel in the flood acquisition to the mean value. Here, µ is the mean 

windowed photopeak counts over the detector area and N is the total photopeak counts 

in pixel i, j. Dead pixel values are generated by assigning the pixel a distance-weighted 

average of the nearest surrounding pixels, given below: 
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Eq. 1.2 

Because dead pixels can occur in groups, the kernel is renormalized for each pixel based 

on the number of active pixel contributors to ensure the total weight is equal to 1. UCT is 

then tested on a subsequent quality control (QC) acquisition of approximately 3 million 

photopeak events to ensure the relative error (σ/µ) is less than 4.5%. If the UCT passes, it 

is applied to all subsequent data acquisitions.  

 

Figure 1.9: Photograph of two flood phantoms and their outer dimensions used for 

calculating uniformity correction tables for the gamma camera. 
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 System sensitivity is corrected through a scale factor within the OSEM input 

deck. The scale factor is user-defined to correct for sensitivity degradation beyond those 

expected by the collimator geometry. For quantification, the scale factor is determined 

by first acquiring a SPECT scan of a point source in air. The point source consists of 

~150-300µCi of Tc-99m-pertechnetate in a small syringe, as measured by the dose 

calibrator. The projections are assumed to be free of scatter and attenuation effects. The 

point source data are then reconstructed using OSEM to 2 iterations and 8 subsets, and 

decay corrected (see later paragraphs) to the dose calibrator reading time. The total 

activity within the reconstructed image is measured and compared to the assumed true 

value from the dose calibrator measurement. The scale factor necessary for 

quantification can then be determined by the following equation: 

 

 �������� =
�������������

���������������
 Eq. 1.3 

 

which gives the scale factor necessary for all subsequent SPECT scans. The scale factor is 

inversely related to the measured reconstruction activity. Typically, this value is 

recalibrated daily for each phantom or patient study.  

 Attenuation is the primary source of poor contrast and reduced quantification 

accuracy in nuclear medicine. Photons that are emitted from the source interact with 

some material before reaching the detector, resulting in position-dependent differences 
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in the detection-to-emission ratio. The result, if uncorrected, is a reduction in apparent 

activity near the center of attenuating materials or tissues [46]. For the dedicated SPECT 

subsystem, attenuation correction is applied within the OSEM reconstruction code. An 

attenuation map is generated by first reconstructing the uncorrected SPECT data to 2 

iterations (8 subsets). The reconstruction is then thresholded to produce a binary image 

with all non-zero voxels set to 0.1545cm-1 (the attenuation coefficient of water for 140keV 

photons). This attenuation mask is read into the OSEM reconstruction to correct for 

attenuation.  

 Scattered photons are corrected using the dual-energy window (DEW) method 

[46, 75, 80]. The DEW method subtracts a scaled scatter window measurement from the 

photopeak window counts in an attempt to remove scattered events. As previously 

mentioned, a UCT is created for the photopeak energy window to correct for differences 

in detector respond to a uniform source. Using the same method, a UCT for the scatter 

window is also created to normalize measured scatter. Projections are created, including 

UCT corrections, for both the photopeak and scatter energy windows. Scatter corrected 

projections are then created using the following equation: 

 

 �����,� = �ℎ��������,� − � ∙ ��������,� Eq. 1.4 
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where k is a scale factor calibrated form phantom studies, and i, j represents the index of 

each pixel in the projection. The resultant corrected projections are then used for 

quantification studies in phantoms and patient datasets.  

 Lastly, to compare results to dose calibrator measurements, as well as between 

sequential acquisitions, measurements must be decay-corrected to a common time-point. 

Decay corrected requires knowledge of the half-life of the radiotracer, injection time, and 

measurement time. For Tc-99m radiotracers, the half –life is 6.01 hours. Because 

radioactivity decay is modeled as a time-dependent exponential decay, measured 

activity from sequential SPECT scans can be scaled to a common time-point by the 

following equation: 

 

 �������� (��) = ��������(��) ∙ exp (ln(2)
6.01ℎ��

� ∙ ∆�) Eq. 1.5 

 

where t0 is the desired common time-point, t1 is the actual time of the SPECT acquisition, 

and Δt is the difference (in hours) between the two time points. Positive values of Δt 

correct values to an earlier time-point, while negative values of Δt correct to a later time-

point. Projections are decay corrected within OSEM using the acquisition details from 

the orbit file to account for decay during each projection of the SPECT scan. 

Reconstruction measurements are commonly decay corrected to the time of the dose 

calibrator measurement to allow for quantification comparisons between multiple 



 

30 

acquisitions. However, decay correcting does not correct the noise differences between 

acquisitions due to Poisson nature of emissions. Sequential SPECT scans will result in 

poorer noise characteristics for a fixed scan time.  

  

Figure 1.10: Flowchart of quantification procedure previously developed in our lab. 

This method is referenced throughout this thesis. The dashed line represents the 

potential to reacquire the flood data if the QC image fails uniformity testing with the 

UCTs generated from the flood. 
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An overall flowchart of the quantification procedure is shown in Figure 1.10. All 

of the methods outlined here are applied in the following chapters, except where stated 

otherwise. Accurate quantification with the SPECT-CT may have several beneficial 

effects. CT reconstructions improve localization and allow for direct measurements of 

breast density. Improvements may be seen in diagnosis and treatment monitoring, 

including through both radiotracer uptake and monitoring lesion size [81]. Additionally, 

MIBI uptake has been shown to be a potential indicator of therapeutic resistance [82]. 

1.6 Review of Relevant Image Quality and Quantification Metrics 

This section briefly discusses the various image quality metrics, terminology, and 

statistical tests applied throughout the thesis. Definitions and relevant equations are 

given as a reference for the reader. 

The signal-to-noise ratio (SNR) is a common metric for assessing image quality. 

For simulated lesions, the SNR is computed as: 

 

 ��� =  
������� − ����

����
 Eq. 1.6 

 

The SNR provides a measure of the difference in signal intensity (µ) between two 

regions relative to the variability (σ) of the measurement. Higher values of SNR imply 

strong differences in signal intensity with minimal background noise.  
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Another common metric for assessing image quality is the contrast. For breast 

SPECT, contrast is typically measured between a localized region of high uptake (lesion) 

compared to the lower uptake background: 

 

 �������� =  
������� − ����

����
 Eq. 1.7 

 

Quantification results for phantoms are routinely reported in this thesis as the 

ratio of the measured reconstructed activity concentration (µCi/mL) to the dose 

calibrator measurements (total activity / total volume). This metric is hereafter referred 

to as the Quantification Ratio. As the metric implies, the ideal result for any given 

measurement would result in a ratio of 1. Deviations from the true measurement are 

then easily expressed as a percentage error.  

Standard deviations reported throughout the thesis are generated from multiple 

sequential measurements of the same phantom, unless stated otherwise. The standard 

deviation for multiple measurements of the same phantom is given by: 

 

 � = �
1

� − 1
�(�� − �)�

�

�

 Eq. 1.8 

 

where N is the number of acquisition, x is the measurement of scan i, and µ is the mean 

across all phantom measurements. Error bars plotted on quantification bar-charts 



 

33 

represent this value for a given acquisition series. The standard deviation is useful for 

characterizing the spread of the mean from multiple measurements the same phantom, 

independent of the accuracy of each measurement.  

 The standard error provides a method of estimating the precision of the 

measured mean of N samples. The standard error is calculated by: 

 

 �.�.=  
�

√�
 Eq. 1.9 

 

where σ is the standard deviation of the samples. Note that unlike the standard 

deviation, which characterizes the spread of sample values, the standard error gives an 

indication of the precision of the mean. Increasing the number of samples (N) results in a 

decrease in the standard error as the measured mean approaches the true population 

mean.  

 The coefficient of variation (COV) is another metric used to compare the 

standard deviation between measurements of different mean values. The COV is 

defined as: 

 

 ��� =  
�

�
 Eq. 1.10 

 

where σ is the standard deviation and µ is the mean. This value can be reported for any 

such pair of values, including across sequential measurements or for voxels within a 
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given volume of interest (VOI). In general, regardless of the values used in the 

measurement, COV values near 0 are desired, indicating minimal variability. In this 

thesis, the COV is utilized as a measure of uniformity within a given VOI. The COV as 

an image quality metric is sometimes referred to as image roughness or spatial noise [83-

84]. This measurement across all voxels includes high frequency noise, but it is assumed 

that this noise is relatively uniform and normalized with the mean value. Smoothing 

images before measuring the COV would produce different values but similar trends 

when comparing uniformity between phantom studies.  

As an additional measure for background uniformity, the standard deviation 

between a set of VOIs in the background is computed. A series of VOIs is used to 

measure ����and the standard deviation of the means of these VOIs is used to define σ. 

This measurement is also referred to as the background variability [83]. In this work, the 

uniformity index is defined as: 

 

 ���������� = 1 − 
�����

�
 Eq. 1.11 

 

This definition was chosen to yield a more intuitive understanding of the uniformity 

results, where a uniformity index of 1 is desirable just as with the quantification ratio. 

This method reduces the impact of some high frequency components of the background. 
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However, noise correlation in the reconstructed image and VOI sampling still plays a 

role in these measurements. 

Image noise (or ensemble noise), not to be confused with previous discussions on 

uniformity, can also be measured for multiple datasets. While uniformity attempts to 

quantify the similarity of voxels throughout an image volume, image noise measures the 

variability of individual pixels across multiple equivalent reconstructions. Image noise is 

defined by the following equations: 

 

 �� = �
1

�
����

�
− ��

���
�

�
�
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 Eq. 1.12 

 ����� =  �� ��
� Eq. 1.13 

 

where N is the number of datasets, ��
�
 is the value of voxel k in dataset j, and  ��

���
 is the 

average value of voxel k across all datasets [85]. Image noise is measured across multiple 

datasets with near equivalent noise properties. Additionally, for this thesis, relative 

image noise is defined as: 

 

 �������� ����� =  
�����

������
 Eq. 1.14 
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where ������is the measured mean activity concentration within the given VOI across all 

datasets. Dividing by the mean activity concentration normalizes the noise results to 

allow for better comparison between datasets with different mean values.   

The word “convergence” has various meanings depending on the context. For 

iterative reconstruction, for example, convergence typically refers to the minimization of 

the log-likelihood or other cost function that is used to compare the estimated image to 

the projections. However, for this thesis, the term convergence will be used to describe 

minimal change in quantification measurements (such as <0.1% change from one 

iteration to the next). Thus, a measurement within a reconstructed image may be said to 

have quantification results that converge regardless of the iterative reconstruction 

convergence status.  

It’s also important to understand error associated with phantom setup in a 

quantification study. Even in the absence of systematic errors, there are limitations to the 

accuracy achievable due to uncertainties in the phantom setup. Here, we examine the 

propagation of error associated with the phantom setup and the assumed true activity 

concentration. As mentioned before, the assumed true activity concentration of the 

phantom is determined by the following equation 

 

 ��������� ������������� = � =  
���������������

������
 Eq. 1.15 
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which is the total activity measured by the dose calibrator divided by the measured 

volume of fluid in the phantom. The measurements of both values have inherent error 

associated with them. Using propagation of error, we can derive an equation of the total 

relative uncertainty in the initial activity concentration measurement. 
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 Eq. 1.16 

 

From this equation, we see that the uncertainty in the true activity concentration 

depends on the uncertainties in both the dose calibrator measurement and volume 

measurement. Accuracy measurements of 5% error in the dose calibrator were 

previously determined with the help of John Herrman of Duke Radiopharmacy using 

multiple known sources [75], giving us the following portion of the error equation 

 

 
��������

�

���������������
� = 0.05� = 0.0025 Eq. 1.17 

 

which fixes part of the total uncertainty equation. This method of estimating error is 

conservative, since the dose calibrator error likely does not follow a normal distribution. 

However, this method is utilized throughout this text to evaluate quantification 

accuracy. Further studies evaluating the bias of the dose calibrator and other systematic 

errors may provide a better estimate of performance. 
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 The remaining additional uncertainty depends on the accuracy of the volume 

measurement. For large volume phantoms, this uncertainly can be ignored when using 

proper measuring equipment, such as a graduated cylinder. For example, assume a 

phantom is filled with 800mL of water using a precision graduated cylinder. With an 

estimate of the uncertainty of 10mL, we see that the relative uncertainty due to the 

volume is only 0.00016, which is much smaller than the dose calibrator component. With 

smaller filled regions, the uncertainty may play a larger role. If a smaller volume is filled 

with 25mL of activity with 1mL uncertainty, the uncertainty due to the volume 

measurement becomes 0.0016, which is comparable to the dose calibrator uncertainty. 

Because of these sources of uncertainty, quantification results must be evaluated with 

the phantom setup accuracy in mind. 

 Lastly, two statistical tests for comparing quantification results are utilized: the 

paired t-test (PTT) and the two one-sided equivalence test (TOST) [86-87]. The PTT is 

used for determining statistical significance between two distributions. The PTT is a 

hypothesis test for measuring the evidence against a particular hypothesis. In the 

following SPECT quantification studies, it is necessary to determine whether the 

differences in mean activity concentrations measured using two or more quantification 

methods are statistically significant.  Thus,  it is initially hypothesized that the measured 

values are statistically equivalent within some acceptable confidence interval, and a PTT 

is performed to determine if this hypothesis is reasonable 
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 ��: � = 0 Eq. 1.18 

 ��: � ≠ 0 Eq. 1.19 

 

Here, H0 is the null hypothesis and Ha it he alternative hypothesis. The parameter t is 

then calculated using the following equation: 

 

 � =  
� −̅ �

� √�⁄
 Eq. 1.20 

  

where x is the mean difference for all n samples, σ is the standard deviation of the 

differences. The t value can then be used to determine the p-value of significance.  This 

method indicates whether two quantification methods produce significantly different 

results, regardless of quantification accuracy.  

To determine equivalence relative to the dose calibrator measurements, we use a 

TOST approach [87]. The TOST method uses two one-sided t-tests to determine 

equivalence. Each t-test is using the same approach as the paired t-test, but modified to 

test an upper and lower bound independently. For our SPECT quantification studies, we 

are interested in whether a reconstruction-based measurement is equivalent to that of a 

dose calibrator measurement. Thus, we test two sets of hypotheses:  

 

 ��: � = 1 Eq. 1.21 

 ��
�: � > 1 + � Eq. 1.22 
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 ��
�: � > 1 − � Eq. 1.23 

 

where C is a user-defined threshold for acceptance of equivalence. Because C is a task-

based threshold, it’s important to choose a relevant value based on the realistic 

capability of the two measurement methods. Since we assume that the dose calibrator is 

the standard for accuracy, it is reasonable to select a value of C based on the precision of 

the dose calibrator. Recall that the dose calibrator has an error of 5%, so a strict 

definition of equivalence might be to set C = 0.05. However, volume measurements also 

contribute to the uncertainty. Traditionally, the value of C in breast SPECT has been 0.10 

[75]. For the purposes of these experiments, the tests are applied for both the strict 5% 

and more generous 10% equivalence thresholds. The results are said to be equivalent if 

both t-tests meet the p<0.05 criteria. Of note is that the equivalence test can also be 

performed graphically. If the 95% confidence interval (±2σ) for a given set of 

measurements lies entirely within 1±C, the measurements are said to be equivalent [87]. 

Any partial overlap is interpreted as an indeterminate result, while complete non-

overlap indicates non-equivalence.  

1.7 Utilization of Non-parametric Bootstrap Resampling 

For some of the work described in this thesis, a non-parametric bootstrap 

resampling algorithm was implemented to produce multiple realizations of phantom 

acquisitions with similar noise properties [88]. Sequential scanning of phantoms, 

although considered independent measurements from one another, is hindered by the 
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decay or radioactivity, which results is increasing relative Poisson noise for a fixed 

acquisition time. Bootstrap sampling methods offer a way to produce samples with 

comparable statistics. A version of non-parametric bootstrap sampling was implemented 

in the lab previously to generate equivalent count projections with different photopeak 

energy windows [47]. Here, a new version has been implemented to take advantage of 

the sequentially acquired data. Studies have shown that the performance of non-

parametric sampling improves when sampling across multiple independent samples 

rather than a single sample [89]. This is intuitive when one considers that additional 

measurements should better approximate the true distribution of events. Events are 

sampled with replacement by concatenating all listmode files from a single detector 

position, as shown in Equation 1.24. 

 

 ��������� =  � ���������,�

�

���

 Eq. 1.24 

 

Where k is an index related to detector position and N is the number of listmode files 

acquired at each position. The matched projection data preserves the effects of the 

detector position on listmode acquisitions. Utilizing multiple sets of listmode data 

increases the pool of events to sample, which minimizes any bias in resampled 

projections. Additionally, with the larger sample pool, the number of events sampled 

can be altered easily, allowing for realizations with fewer or greater total counts than 
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any individual acquisition. The resampled projections can then be reconstructed as 

normal data and used for analysis, such as image noise discussed previously in Section 

1.6. 
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2. Scatter Correction Methods for Dedicated Breast 
SPECT 

This chapter focuses on the characterization of scatter and evaluation of a 

modified dual-energy window (DEW) scatter correction technique.  A Monte Carlo 

study was performed to characterize changes in detected scatter distribution as a 

function of detector position. The impact on the application of the DEW method was 

assessed. Then, a modified DEW method was proposed, developed, and evaluated for 

the CZT-based gamma camera utilized in our lab that exhibits incomplete charge 

collection for detected events. 

2.1 Background on Scatter in SPECT 

In SPECT imaging, Compton scattered photons contribute significantly to the 

total detected signal for most medical imaging applications. Because SPECT utilizes a 

collimator for localization along a particular ray, these scattered events result in false 

counts from various regions of the object. A simple example is shown in Figure 2.1. The 

counts in the projections are assumed to have originated from a point along the line of 

the collimator opening perpendicular to the detector face. Scattered photons discredit 

this assumption due to events that originate elsewhere appearing to come from another 

region. The result is reduced contrast and quantification accuracy.  
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Figure 2.1: Illustration of impact of Compton scattered events on projections. (LEFT) 

The ideal scenario where only primary events are detected, resulting in a sharp image. 

(RIGHT) The more realistic scenario where scattered events contribute to the detected 

signal. This results in a decreased contrast and increased counts throughout the 

projection image. The dashed line indicates the fact that the location along the ray 

path where the source actually originated is unknown in a 2D projection image. 

Unlike photoelectric interactions in which a photon transfers all of its energy to a 

bound electron, Compton scattering occurs when a photon interacts with a loosely 

bound outer shell electron. The result is the transfer of a fraction of the photon energy to 

the medium. The transfer of energy results in a lower energy photon with an altered 

trajectory. The energy of the resultant photon and the scattering angle are related by the 

following equation: 

 



 

45 

 ℎ�′=  
ℎ�

1 + (1 − cos(�)) ∙ ℎ�
����

 Eq. 2.1 

 

where hv is the initial photon energy, θ is the scattering angle of the photon, hv’ is the 

resultant photon energy, and mc2 is the rest energy of an electron (511keV). From 

Equation 2.1, as the scattering angle increases, the resultant photon energy decreases. 

This energy loss allows for energy discriminating detectors, as normally used in nuclear 

medicine, to filter out the majority of scatter by using narrow energy windows centered 

on the photopeak. Detectors with better energy resolution have greater scatter rejection 

with this method. For our SPECT subsystem equipped with a CZT gamma camera, we 

utilize a ±4% energy window centered at the 140keV photopeak, which corresponds to a 

range of 134-146keV photons being accepted. However, there is an increased probability 

of scattering at small angles compared to large angles. Figure 2.2 shows polar plots of 

the Klein-Nishina interaction cross-sections and resultant photon energy for 140keV 

photons. Note that probability of small anger scatter is greater than large angle scatter, 

while the resultant energy loss is minimal at small angles. In fact, photons that scatter at 

angles of ±36° would still fall within the range of the ±4% energy window in our system.  



 

46 

 

Figure 2.2: Polar plots of (LEFT) Klein-Nishina interaction cross section scattering 

distribution for 140keV photons and (RIGHT) resultant scattered photon energy as a 

function of scatter angle. The shaded region indicates the scattering angles that result 

in scattered photons within a ±4% photopeak, while the dashed line indicates the 

angles for a traditional ±10% energy window. Plots illustrate the greater incidence of 

low angle scatter for 140keV photons, which lose relatively little energy at small 

angles. These low angle scattered photons may still significantly contribute to 

photopeak window counts 

Many methods have been proposed for correcting scatter in the photopeak 

window, including the dual-energy window (DEW) and triple-energy window (TEW) 

method, de-convolution, Monte Carlo modeling, and others [80, 90-95]. The DEW 

method remains one of the most commonly used scatter correction methods due to its 

easy implementation and good performance [96]. The DEW method utilizes two energy 

windows, one centered at the photopeak (photopeak window) and the other at a lower 

energy range (scatter window), shown later in Figure 2.12. The principal assumption 

behind the DEW method is that the number of detected events in the scatter window is 

proportional to the scatter contaminating the photopeak window: 
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 ���������������� ������ = � ∙ �������������� ������ Eq. 2.2 

 

Thus, scatter corrected images can be obtained by a subtraction of the estimated scatter 

from the photopeak counts in projection space using the following equation (previously 

mentioned in Section 1.5): 

 

 �����,� = �ℎ��������,� − � ∙ ��������,� Eq. 2.3 

 

Here, true events in detector element i,j are estimated by subtracting events in the scatter 

window from the photopeak window, where k is the proportionality from Equation 2.2 . 

The k-value must be calibrated from a series of phantom measurements that are similar 

in size to the anatomy typically imaged.  It has been shown that the DEW method works 

well for simple phantom geometries scanned using traditional simple-circular 

trajectories [75, 80, 96].  

The DEW method was previously evaluated in our lab and found to achieve 

quantification accuracy of ±10% in uniform phantoms acquired with the VAOR 

trajectory at clinical activity levels  and  ±10% in geometric phantoms filled at 30x clinical 

activity concentrations with both VAOR and PROJSINE trajectories (Figure 1.7) [75, 79]. 

However, the previous study on the quantification of high uptake regions using the 

DEW method shows inconsistent results. In anthropomorphic breast phantoms with an 

unrealistic lesion-to-background ratio of >40:1, high accuracy was achieved within the 
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lesion, but the background activity was significantly overestimated [79]. Furthermore, a 

constrained PROJSINE trajectory has been used for patient imaging to minimize the 

cardiac and hepatic signal in projections [97], but the appropriateness of a constant k-

value with DEW method has not been evaluated for this trajectory or activity 

distribution. Lastly, the DEW method fails to take into account the effects of incomplete 

charge collection in CZT detectors, which may degrade the accuracy of the DEW method 

compared to traditional scintillation detectors which have a more Gaussian distribution 

of counts in an energy spectrum for a given incident energy. Further discussion on the 

causes of incomplete charge collection can be found in Section 2.3. 

The experiments in this chapter attempt to address some of these issues through 

both Monte Carlo and phantom acquisitions. A Monte Carlo study is presented to 

characterize scatter in anthropomorphic geometries and its impact on the DEW method 

assumptions. Additionally, a modified DEW method is derived and evaluated in an 

attempt to account for the effects of incomplete charge collection on the scatter estimate. 

2.2 Monte Carlo Analysis of Scatter Distribution using Non-
Traditional Trajectories 

While the PROJSINE trajectory offers improved imaging of the chest wall with 

minimal artifacts [74], several of the projections may contain direct views of the heart 

and liver [97]. Because the cardiac and hepatic uptake result in significantly higher 

activity concentrations than breast tissue, these high-uptake regions may contribute 

significantly to the detected signal at certain detector positions, including both primary 
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and scattered photons. Their proximity of the heart and liver to the breast prevents 

shielding of these organs. Planar breast imaging studies have confirmed the increase in 

scatter magnitude near the chest wall, in part due to these high uptake organs [98]. 

Because the DEW method assumptions assume a constant FOV, it was necessary to 

determine if nontraditional trajectories impacted the application of the DEW method.  

Using the Monte Carlo N-Particle version 5 (MCNP5) program [99], simulations 

were performed to characterize the scatter distribution from relevant anatomical sources 

incident on the gamma camera as a function of detector position [100]. The simulations 

allow for true scatter to be estimated without degrading detector effects; such 

measurements are not achievable with the physical SPECT system. An example input 

file for the breast SPECT simualtions is provided in Appendix A. The geometry of our 

dedicated breast SPECT subsystem was modeled in the simulations, including 

16cmx20cm detector with 2.5mm pixellation. The lead hexagonal parallel-hole collimator 

was designed with the same dimensions as the physical system with 25.4mm long holes, 

0.2mm septa thickness, and 1.22mm flat-to-flat hole diameter. Measured collimator 

sensitivity from a simulated point source (0.0124%) compared well to the calculated 

geometric sensitivity of the physical collimator (0.0123%) [101]. The 5cm axial offset of 

the physical detector was included in the model, resulting in a center of rotation below 

the center of the detector. An ideal detector was simulated using the F1 tally within 

MCNP5, which counts each incident photon that strikes the detector element, regardless 
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of incident angle or track length. The result is a detector that measures all incident 

photons as if each event were completely absorbed with perfect energy resolution [102].  

A torso with breast, heart, and liver was also modeled to simulate relevant 

patient anatomy and positioning for prone imaging (Fig. 2.3). The torso was constructed 

of an elliptical cylinder with tissue equivalent material [103]. The heart and liver were 

modeled as simple cylinders of tissue equivalent material. The heart and liver are 

important due to their significant uptake of MIBI and proximity to the breast, resulting 

in large contributions at some detector positions [47, 97]. Lungs were not modeled, so 

the torso instead had uniform activity throughout the lung volumes, likely 

overestimating the total emissions from the background. The breast was created from 

the exclusion region of the intersection of an ellipsoid and the torso and was modeled 

separately as breast tissue [103]. The ellipsoid semi-major and –minor axis (10cm and 

6cm) lengths were chosen to be comparable to the average observed prone breast size 

(8.4x 5.4 x 7.2cm3 ) [78]. Spherical lesions of 1cm and 4cm diameter were also simulated 

to determine the impact of a localized high-uptake region within the FOV. The lesion 

sizes were chosen to evaluate both a realistic size desired for detection and 

quantification (1cm lesion) and an extreme scenario with a large, high-uptake lesion 

which may contribute significantly to the total signal (4cm lesion). Table 2.1 summarizes 

the size and relative activity concentration of each component. 
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Figure 2.3: Illustration of simulation geometry. (LEFT) Lateral view of simulated prone patient geometry indicating the polar 

tilting angle (φ) of the detector. (CENTER) Posterior-anterior view of geometry defining azimuthal rotation angle (θ) and 

illustrating the design of hexagonal parallel-hole collimator. (RIGHT) Superior-Inferior view showing the intersection of the 

elliptical-cylinder torso and breast. 
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A torso with breast, heart, and liver was also modeled to simulate relevant 

patient anatomy and positioning for prone imaging (Fig. 2.3). The torso was constructed 

of an elliptical cylinder with tissue equivalent material [103]. Similarly, the heart and 

liver were modeled as simple cylinders of tissue equivalent material. The heart and liver 

are important due to their significant uptake of MIBI and proximity to the breast, 

resulting in large contributions at some detector positions [47, 97]. Lungs were not 

modeled, so the torso instead had uniform activity throughout the lung volumes, likely 

overestimating the total emissions from the background. The breast was created from 

the exclusion region of the intersection of an ellipsoid and the torso and was modeled 

separately as breast tissue [103]. The ellipsoid semi-major and –minor axis (10cm and 

6cm) lengths were chosen to be comparable to the average observed prone breast size 

(8.4x 5.4 x 7.2cm3 ) [78]. Spherical lesions of 1cm and 4cm diameter were also simulated 

to determine the impact of a localized high-uptake region within the FOV. The lesion 

sizes were chosen to evaluate both a realistic size desired for detection and 

quantification (1cm lesion) and an extreme scenario with a large, high-uptake lesion 

which may contribute significantly to the total signal (4cm lesion). Table 2.1 summarizes 

the size and relative activity concentration of each component. 
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Table 2.1: Component characteristics of simulated anatomy. *Note that the 

dimensions of the full ellipsoid used to model the breast are given, but only half of 

the ellipsoid was exterior to the torso. 

Component/Organ Shape 

Diameter 
(Semi-

Major/Minor 
Axis) (cm) 

Volume 
(cm3) 

Relative Activity 
Concentration (COrgan) 

Breast 
Hemi-

Ellipsoid 
(10 / 6)* 754 1 

Torso 
Elliptical 
Cylinder 

(22.86 / 11.43) 25447 1 

Liver Cylinder 9 1272 12 

Heart Cylinder 8 251 12 

Small Lesion Sphere 1 0.52 6 

Large Lesion Sphere 4 33.5 6 

  

Each anatomical component was simulated as a uniform, isotropic emission 

source to allow for all scattering angles to contribute to the detected signal. A total of 

with 8x108 histories was tracked for each organ. Simulations were performed for 

detector positions at various azimuthal and polar tilt positions around the anatomy to 

simulate the trajectories possible with the SPECT system. The detector position, 

illustrated previously in Figure 2.3, was varied with polar tilts of φ = 0°, 15°, 30°, and 45° 

and azimuthal positions of θ = 0°-337.5° in increments of 22.5°.   These detector positions 

simulated the trajectories possible with the SPECT subsystem. Source components were 

simulated individually to generate detected spectra for each organ. Source-specific 

spectra allow for the analysis of the contribution to the total detected signal from each 
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component independently. Estimates of total spectra for each detector position were 

made by scaled sum of each component spectra, normalized to total activity. Because the 

total number of histories for each component was fixed, the liver was chosen as the 

anchor for scaling all other components due to its high clinical activity concentration. 

The equation for relating the total number of liver histories to its volume and relative 

activity concentration is given by: 

 

 ���������� = 8 ∙ 10� = ������ ∙ ������ Eq. 2.4 

 

where VLiver is the volume of the liver and ALiver is the activity concentration of the liver. 

The relationship between the liver activity concentration and the other organs is given 

by: 
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where C is the relative activity concentration from Table 2.1. With this relationship fixed, 

the scale factors necessary for creating low-noise total emission spectra can be 

determined by: 
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Eq. 2.6 
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Thus, estimates of total detected spectra can be made from the weighted sum of each of 

the individual component spectra generated from 8x108 histories. 

 

 ����� ������� =  � ������ ∙ ������������� Eq. 2.7 

 

This method of generating total spectra normalizes the counts from each of the 

organs based on clinically relevant activity ratios. It should be noted that the noise 

contribution from each organ is not clinically realistic. Scaling these events relative to the 

liver does not alter the lower noise characteristics of the smaller volume components. 

However, because the primary interest lies in the true distribution of scattered events 

and their spectra, low-noise realizations are desired. This method of scalar addition was 

chosen to minimize the total noise of the generated spectra. To illustrate this, assume 

each organ contributes some noise value ������to the total spectra. Therefore, if it is 

assumed that the noise adds in quadrature, the total noise from each component organ 

spectra is given by: 

 

 ������ =  �� ������
�  Eq. 2.8 

 

Using scalar addition preserves the lower relative noise contributions from the smaller 

organs, like the breast and lesion, which minimizes the total noise.  Subsampling to 

achieve clinically proportional noise contributions from each organ would increase the 
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total noise and would provide a worse estimate of the true scatter distribution. The 

number of histories simulated was limited to 8e8 for any individual organ due to the 

computation time required. Each detector position required 2 hours per organ on 

computer with 3.6GHz 12-core processor and 24GB of RAM, resulting in approximately 

42 days of simulation time. Based on in vivo quantification studies presented in later in 

Section 5.3, the resultant scaled and summed spectra are approximately equivalent to a 

clinical breast SPECT scan at 3x clinical uptake concentration [104], as shown below: 

 

 
�������� ����.=  

8 ∙ 10�ℎ��������

754��
∙

1 ����������
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∙

1μ��

37���
∙ ������� 

 

Eq. 2.9 

 �������� ����.=  0.283μ��/�� Eq. 2.10 

 

where ������� is the scale factor determined from Equation 2.6. Figure 2.4 shows 

example scaled projections from the simulations for the no lesion, 1cm lesion, and 4cm 

lesion setups. As seen in the projections, cardiac and hepatic uptake can significantly 

affect the detected signal at large polar tilts. 

Analysis of the scatter for each component and total spectrum was performed by 

first linearly fitting the scatter distribution in the 113-139keV energy window, as shown 

in Figure 2.5. This energy window was chosen to match the lower bound of the scatter 

energy window used in the DEW method with our physical system. 
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Figure 2.4: Example scaled, low-noise projections from simulations various indicated polar detector tilts and fixed 225° azimuthal 

angle. Indicated lesions have a 6:1 concentration ratio. As the polar tilt increase, the detector begins to acquire direct views of the 

heart, liver, and torso, which contribute significantly to the detected events. Note that the projections were generated using the 

scaled-sum procedure described above, which results non-proportional noise contributions from each organ.  
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Figure 2.5: Example normalized total spectra with corresponding linear fits from 

simulations. The linear fit range corresponds to the >113keV energy range used in the 

lab. Characteristic x-rays from the lead collimator are also shown in the spectra. Note 

that the monochromatic photopeaks are off scale (>103) and not shown to better 

visualize the fitted scatter region. 

The slope from each linear fit was used as a metric for characterizing the scatter 

distribution in the energy range relevant to the application of the DEW method. 

Increasing slope corresponds to an increased number of scattered events contaminating 

a photopeak window in a physical detector. The simulated trajectories are plotted in 

Figure 2.6. The variable tilt trajectory mimics a constrained PROJSINE used for patient 

imaging [97, 104].  
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Figure 2.6: Simulated fixed tilt and variable tilt trajectories, with example low-noise 

primary projections from the φ = 45° and Variable tilt trajectories. For each plotted 

trajectory, the angle is the azimuthal position of the camera and the radius is the 

detector tilt. The variable tilt trajectory mimics a constrained PROJSINE used for 

patient imaging to minimize direct views of the heart and liver. Note that only one 

projection image is shown at azimuthal positions 67.5° and 292.5° due to the detector 

location being identical for both trajectories.  
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Figure 2.7: Polar plots of fitted slope of scatter region of total spectra for each simulated fixed-tilt and variable tilt trajectory. The 

radius for each trajectory position indicates the slope from the linear fit of the scatter region. 
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Figure 2.7 shows the measured slope of the scattered region as a function of 

detector position for the total spectra. The slope plots illustrate the impact of detector tilt 

on the scatter distribution at certain azimuthal positions. When the detector is viewing 

only the breast or breast and torso, the scatter distribution is relatively flat with slopes 

<1. When the detector has a direct view of the heart or liver, the measured slope rises 

substantially up to approximately 3, showing a significant increase in low-angle scatter 

events incident on the detector (Fig. 2.8). The variable tilt trajectory results in slope 

measurements that resemble the zero tilt trajectory while still providing projections into 

the chest wall. 

 

Figure 2.8: Example scatter projection image and matching energy spectrum for two 

detector positions: Polar - 0° and 45° at azimuthal position 225°. The impact of detector 

tilt, which results in views of the heart and liver, is observed in both the projection 

and energy spectrum. 
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In addition to the characterization of the scatter distribution with a slope from a 

linear fit, the percent contributions to the fitted scatter region from each organ were 

computed. These values indicate how much each organ contributes to the total detected 

scatter signal as a function of detector position. The plots are shown in Figures 2.9-2.11.  

 

Figure 2.9: Polar plots of percent contribution from each organ to the total measured 

scatter within the 113-139keV energy window. Results from each organ are plotted as 

function of detector position for simulation without a lesion. 
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Figure 2.10: Polar plots of percent contribution from each organ to the total measured 

scatter within the 113-139keV energy window. Results from each organ are plotted as 

function of detector position for simulation with a 1cm lesion. 
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Figure 2.11: Polar plots of percent contribution from each organ to the total measured 

scatter within the 113-139keV energy window. Results from each organ are plotted as 

function of detector position for simulation with a 4cm lesion. 

To determine the effect of the observed position dependent scatter distribution 

on the DEW method, the ratio of scatter within the photopeak window (>134keV) and 

scatter window (113-133keV) used for the physical system was measured at each 

detector position, as shown in Figure 2.12. This ratio represents the k-value used in the 
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DEW correction method. A relatively constant k-value is desired for each detector 

position within a trajectory. This allows for a global k-value to be used to estimate 

scatter in every projection, regardless of detector position. The measured k-values from 

the simulated trajectories are shown in Figure 2.13.  

 

Figure 2.12: Example of the calculation of the k-value from a simulation spectrum. The 

k-value is the ratio between a chosen scatter and photopeak energy window. For these 

calculations, the scatter (113-133keV) and photopeak (134-146keV) energy windows 

were chosen to mimic those utilized in the lab. Because the simulated detector 

exhibits perfect energy resolution, the effective photopeak window (shown) is 134-

140keV for the simulated spectra. 
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Figure 2.13: Polar plots of measured k-value as a function of detector position. The k-

value (radial component of the data) increased at detector positions with direct views 

of the heart and liver, which may impact the application of the DEW method using a 

global k-value. 



 

67 

The measured k-value is seen to increase at detector positions that have direct 

views of the heart and liver. The mean k-values for each trajectory given in Table 2.2. 

Additionally, mean k-values for projections with and without direct views of the heart 

and liver, regardless of detector position, are also provided. The results of the measured 

k-values correlate well to the increased slope, with a correlation coefficient of R = 0.90. 

The increase in scatter contribution from the heart and liver result in a larger fraction of 

low-angle scattered events being detected. However, because the signal from these 

organs appears only at certain detector positions, the scatter contribution is asymmetric 

with respect to the axis of rotation.  

In order to determine the impact of the position dependent k-values, each 

simulated trajectory (Fig. 2.6), consisting of 16 projections, was reconstructed using 

OSEM to 5 iterations (4 subsets). Reconstructed images were generated from true 

primary-only projections and DEW scatter corrected projections using a global k-value 

of 0.34. For each trajectory, VOIs were placed within the background and lesion, and the 

percent changes in the mean and COV were measured relative to the primary-only 

reconstructions. Example slices of the reconstructed images are shown in Figure 2.14. 

Table 2.3 gives the results of the VOI measurements.  
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Table 2.2: Average measured k-values from each trajectory. Also provided are the 

mean k-values for projections with and without direct views of the heart and liver, 

regardless of detector position. 

Projections No Lesion 1cm Lesion 4cm Lesion 

φ=0° 0.33± 0.02 0.33± 0.02 0.36± 0.02 

φ=15° 0.34± 0.02 0.34± 0.02 0.36± 0.02 

φ=30° 0.37± 0.05 0.38± 0.05 0.39± 0.04 

φ=45° 0.40± 0.06 0.40± 0.06 0.40± 0.06 

Variable 0.34± 0.02 0.34± 0.02 0.36 ± 0.02 

No Heart/Liver 0.34 ± 0.02 0.34 ± 0.03 0.36 ± 0.02 

With Heart/Liver 0.45 ± 0.04 0.45 ± 0.04 0.45 ± 0.04 

 

As seen from Table 2.3, minimal differences in mean VOI values are observed for 

background and 4cm lesion VOI measurements when using a global k-value. 

Differences up to 5% are seen when comparing the DEW corrected versus primary-only 

reconstructions. Differences between the various trajectories nearly identical for tilts 

≤30°. These results suggest that the inclusion of some projections with larger k-values 

does not have a large impact on quantification. However, an increase in the COV was 

observed with increased detector tilt in all simulations, peaking at 30°. The increasing 

COV indicates reduced image uniformity and higher spatial noise, which may 

negatively impact image quality. The variable tilt trajectory demonstrated mean value 

similar to the 0° tilt, but with larger COV measurements. In most COV measurements, 

the variable tilt trajectory yields values comparable to the 15° tilt trajectory.  
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Figure 2.14: Central sagittal slices from reconstructed images of each fixed-tilt trajectory and the variable tilt trajectory. 
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Table 2.3: Results from analysis of reconstructed images of various trajectories. Percent differences in the mean and COV of each 

DEW-reconstructed datasets are given relative to the Primary-only reconstruction. Note that no COV measurement was made in 

the 1cm lesion due to the small number of included voxels within the VOI. 

Trajectory 

No Lesion 1cm Lesion – Les 1cm Lesion – Bkg 4cm Lesion –Les 4cm Lesion -Bkg 

%Diff 

Mean 

%Diff 

COV 

%Diff 

Mean 

%Diff 

COV 

%Diff 

Mean 

%Diff 

COV 

%Diff 

Mean 

%Diff 

COV 

%Diff 

Mean 

%Diff 

COV 

φ=0° 1 1 -3 - 0 1 4 7 0 0 
φ=15° 2 4 7 - 1 4 4 11 0 4 
φ=30° 2 8 3 - 2 8 4 17 0 10 
φ=45° 4 7 13 - 4 7 5 10 4 8 

Variable 1 5 -5 - 1 5 4 15 0 7 
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In conclusion, the results indicate that large angle fixed-tilt trajectories results in 

some projections having a significantly different scatter distribution compared to 

traditional simple circular trajectories. These changes can be characterized by the slope 

from linearly fitting the scatter region. Measurements of scatter within projections from 

various azimuthal and polar positions around the pendant breast indicate that the 

scatter distribution has a strong dependence on activity within the FOV. With small 

polar tilts, the FOV is relatively uniform, resulting in a fairly constant slope at every 

azimuthal position. Even with a high-uptake lesion centered in the breast, the scatter 

distribution is largely unchanged since the geometry of the simulated breast is uniform 

However, as the tilt increases, the heart and liver are included in only some of the 

projections. The emissions from these organs are effectively collimated from the bed, 

resulting in a large contribution of forward scatter to the detected signal. The increase in 

detected forward scatter directly impacts the k-value necessary for the DEW method. 

Application of the DEW window method in fixed-tilt trajectories with a global k-value 

results in minimal quantification differences. A slight decrease in image uniformity is 

seen as measured by the changes in the COV. The lack of major differences seen in 

quantification measurements, despite the 25% larger k-value for some projections, is 

likely due to the simplicity of the DEW scatter model and the low scatter relative to the 

photopeak. In situations involving low scatter relative to primary events, large changes 

in the k-value would be necessary to see significant differences in corrected projection 
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images. As a simple example to illustrate this point, consider a situation where the 

photopeak window has 1000 counts and the scatter energy window has 200 counts. A k-

value of 0.33 would yield 934 net photopeak counts, while a k-value of 0.45 would yield 

910 net counts. That’s a difference of only 2.5%. However, if the example were altered to 

consider a high-scatter situation with 1000 counts in both the photopeak and scatter 

energy window, the results change significantly. In this situation, k-values of 0.33 and 

0.45 yield net photopeak counts of 670 and 550 counts respectively, a difference of 18%. 

Thus, the relative amount of scatter incident on the detector directly affects the 

sensitivity of the reconstructions to the choice of k-value. 

Using a variable tilt trajectory that avoids direct views of the heart and liver 

yields comparable quantification results to the small angle fixed-tilt trajectories. Thus, 

for patient imaging, a trajectory avoiding views of these organs, including constrained 

PROJSINE trajectory currently employed for patient imaging (Fig. 5.12), minimally 

affects quantification while still providing views into the chest wall.  

2.3 Application of a Modified Dual-Energy Window Scatter 
Correction Method for CZT Gamma Cameras  

This section discusses the derivation and application of a modified dual-energy 

window scatter correction method for CZT gamma cameras. First, the reasons for and 

the derivation of the new scatter method are discussed.  Then, phantom studies to 

calibrate the necessary coefficients are presented. Next, the scatter correction method is 

applied to a long-time static projection to compare the effects of the new method on 
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resolution, contrast, and projection noise. Then, studies using a variety of cylindrical 

phantoms, including with and without hot and cold regions, are performed and the 

impact on quantification and uniformity is determined. Lastly, results with each method 

are computed for a variety of different activity concentrations to determine the linearity 

of the quantification and contrast measurements.  

2.3.1 Derivation of a Modified Dual-Energy Window Scatter Correction 
Method 

As mentioned previously, CZT gamma cameras offer superior energy resolution 

compared to traditional scintillation detectors. CZT detectors are direct detectors, where 

the gamma ray is converted directly to electron-hole pairs [45]. The electron-hole pairs 

migrate towards the anode and cathode regions, respectively, and are collected to 

determine energy and position. However, a phenomenon known as “tailing” occurs 

when recombination of electron-hole pairs occurs in the detector element, resulting in a 

lower total charge being collected. This leads to the measured energy of a given photon 

being underestimated, and thus the spectrum displaying a “tailing” of events. An 

example of a point source spectrum with tailing is shown in Figure 2.15.  
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Figure 2.15: Energy spectrum of a point source in air acquired with the CZT gamma 

camera. The sharp drop-off around 90keV is due to an electronic cutoff on the system 

to ignore unwanted events. 

Tailing in CZT can be significant, with estimates of 30-63% of events being tailed 

in studies with multiple detectors using Co-57 (122keV photopeak) [49], and 60% tailing 

estimated for a MBI imaging system [105]. Tailed primary events lower the effective 

photofraction, which negatively impacts sensitivity and counted-dependent image 

noise. Additionally, because the DEW window uses a lower energy window for scatter 

estimation, this estimate may be significantly corrupted by tailed primary events.  
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In order to account specifically for the contribution of tailed events in the scatter 

window, a modified DEW correction equation is derived for use with CZT detectors. 

The derivation begins with the fundamental DEW assumption: 

 

 �ℎ����������� = �ℎ������������ − � ∙ ���������� Eq. 2.11 

 

where �ℎ�����������are the true primaries in the photopeak energy window, 

�ℎ������������are all events measured in the photopeak energy window, and 

����������are all events measured in a lower energy window. In the traditional DEW 

method ����������
 is assumed to be composed entirely of scattered events, thus often 

called the scatter energy window. However, with CZT detectors, ����������is composed 

of both true scattered events and tailed events.  Thus, assuming the k-value relates true 

scatter in the photopeak and scatter window, we have: 

 

 �ℎ����������� = �ℎ������������ − � ∙ (���������� − �����������) Eq. 2.12 

 

This form of the DEW equation maintains the same assumptions about the 

relationship of scatter in the photopeak and lower energy windows as the original DEW 

method. From this, assumptions about the intrinsic response of the CZT detector are 

made. If it is assumed that the probability distribution of tailed primary events is fixed 
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for a given detector element, then a new coefficient m that represents the ratio of tailed 

to photopeak events can be defined.  

 

 � =  
# �� ������ ������� ������

# �� ������� ������ �� �ℎ������� ������
=

�����������

�ℎ�����������
 Eq. 2.13 

 

With this new coefficient defined, we can use this relationship in the new DEW equation 

and, with some algebra, derive a modified DEW correction method. 

 

 �ℎ����������� = �ℎ������������ − � ∙ (���������� − �����������)  

 = �ℎ������������ − � ∙ (���������� −  � ∙ �ℎ�����������) Eq. 2.14 

 =  
�ℎ������������ − � ∙ ����������

1 − � ∙ �
  

 

The final modified DEW equation has a similar form to the original DEW 

equation. In fact, the new equation reverts to the original DEW method when m = 0, 

which occurs when a detector does not experience tailing. In the absence of scatter 

(when k = 0), the equation simplifies to a Photopeak-only measurement. It should be 

noted that this method does not attempt to rebin or recover the tailed events; instead, it 

merely attempts to account for the presence of tailed events in the scatter window to 

prevent an overestimation of the scatter in the photopeak window.  
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2.3.2 Calibration of mDEW Coefficients 

With the modified DEW method (mDEW) defined, the new method is applied to 

the physical CZT detector. Three coefficients must be calibrated for the mDEW method, 

summarized in Table 2.4. 

Table 2.4: A summary of the coefficients necessary for the mDEW method. Both the k-

value and OSEM Scale Factor are also necessary for the traditional DEW method. 

Calibration Factor Meaning/Purpose 

m-value 

Ratio of tailed to photopeak energy 

window events from point source 

measurement. Characterizes “tailing” 

response of detector. 
  

k-value 

Ratio of scatter in photopeak energy 

window to scatter in scatter energy 

window. Characterizes distribution of 

detected scatter within scatter and 

photopeak energy windows. 
  

OSEM Scale Factor 

User-calibrated scale factor for use in 

OSEM input deck. Scales reconstructed 

activity values to account for 

miscellaneous sensitivity degradation  

 

First, the m value is calibrated using a point source in air, making use of the 

patient bed as a natural collimator. The collimator was removed from the detector to 

minimize scatter and characteristic x-rays originating from the collimator. The point 

source with ~800µCi of Tc-99m was placed at a distance of ~200cm from the detector, 

resulting in approximately uniform irradiation of the detector. Figure 2.16 shows the 

setup used to acquire the point source measurements. 
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Figure 2.16: (LEFT) Schematic of the point source acquisition setup, with 2.3mm lead 

sheets and the bed used as a collimator to restrict the point source beam and minimize 

scatter from other objects in the room. (RIGHT) Photograph of the point source 

acquisition setup. 

Monte Carlo simulations confirm that this setup has minimal incident scatter 

contamination, with scatter from the environment contributing <1.3% of the total 

detected signal. Thus, we assume that practically all detected events in the point source 

measurement were a result of primaries incident on the detector. A total of 20 million 

primary events were acquired for the calibration of m. Once acquired, the point source 

spectrum for each detector element was generated, and the ratio of events between the 

scatter (113-133keV) and photopeak (134-146keV) energy windows was measured. These 

windows were chosen to match the current quantification procedure for comparison to 

the traditional DEW method. The calibration would be easily extended to any two 

arbitrary energy windows for a CZT-based detector. The measurements yielded a matrix 
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of m-values, one for each detector element, to be used with the mDEW method. Figure 

2.17 shows the relative distribution of these values.  

With the m-values calibrated, the next step was to estimate a new k-value that 

does not include tailed events. A matrix of k-values is measured for both a flood and 

breast-simulating phantom. The flood acquisition is straight forward; the flood phantom 

is filled with ~10mCi of Tc-99m pertechnetate and a 10 million photopeak-window (134-

146keV) count acquisition is acquired. Typically, the flood acquisition is not scatter 

corrected in our lab [75]. The assumption is that the flood acquisition has relatively low 

amounts of scatter. However, the flood phantom used in these studies is substantially 

larger and thicker than the flood phantom previously used in our lab, as shown in Table 

2.5. The larger area is preferred, since it ensures the incident count distribution is 

approximately equivalent across the face of the detector (Fig. 2.18). However, the thicker 

flood results in increased scatter in the flood image. These scatter events may need to be 

corrected, just as the phantom projections are, to ensure the UCT is based on incident 

primary events on each detector element. Thus, in these studies the flood was also 

corrected using the mDEW method. A matrix of k-values specific to the flood acquisition 

is necessary for the flood for creating the uniformity correction tables (UCT) for 

phantom images.  
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Figure 2.17: Matrix of m-values used to characterize detector response. Larger m-

values indicate a greater degree of tailing in the detector element. Zero-value pixels 

indicate dead pixels. 

Table 2.5: Physical dimensions of the two flood phantoms used in this thesis. For all 

of the experiments presented in Section 2, the large flood source was used for UCT 

corrections. Due to its larger size, the mDEW was also calibrated to scatter correct the 

large flood image. 

Dimension Small Flood Large Flood 

Height x Width x Thickness 20.5cm x 21.6cm x 2.0cm 31.8cm x 30.6cm x3.3cm 

Fillable Chamber Thickness 1.25cm 1.3cm 

Detector-side Wall 0.15cm 0.9cm 

Distal Wall 0.6cm 1.1cm 
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Figure 2.18: Photograph showing a flood acquisition and relative size of flood 

phantom and detector. The larger area flood phantom ensures nearly equivalent count 

distribution across all detector elements. 

To simulate more realistic breast geometry, static scans of a 7.5cm diameter 

cylindrical phantom (840mL volume) filled with 9mCi of Tc-99m were acquired. The 

840mL phantom was chosen due having a volume comparable to the average breast size 

of 720mL [78]. Additionally, the diameter of the phantom is nearly 2x the width of the 

each column of CZT modules (4cm) in the detector, ensuring adequate coverage. More 

details on the phantom dimensions, and others like it, can be found in Section 2.3.3. The 

phantom was suspended to simulate the prone breast position and centered over each of 

the 5 columns of CZT modules, as shown in Figure 2.19. For each detector module 

column, data were acquired until 10 million photopeak window events were counted. 
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Figure 2.19: (TOP) Diagram of cylinder positioning and (BOTTOM) photograph of 

suspended 7.5cm cylinder to mimic breast acquisition geometry. The cylinder was 

centered over each column of detector modules to obtain static projections for 

calibrating the k-value. Because the height of the filled volume exceeded the height of 

the detector, the cylinder was centered such that approximately the same volume of 

activity was present above and below the detector edges. 

For both flood and phantom acquisitions, energy spectra consisting of both 

primary and scattered events were generated for each module. The scatter-free spectra 

from the same module of the point source acquisition was then fit to the scatter-
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containing spectra of each module  through scaling. This method assumes that scatter 

has minimal impact on the higher-energy edge of the photopeak window.  The scale 

factor was determined by minimizing the sum of the square of the difference in counts 

of each energy bin in the higher energy edge of the photopeak window, as given by the 

following equation: 

 

 min(����) =  � (��
������� − � ∙ ��

�����������)�

������

��������

 Eq. 2.15 

 

Here E is the counts in energy bin i for the phantom and point source acquisitions, while 

c is the scale factor used in the fitting. The value of c was computed to minimize the 

differences of the two spectra in the higher energy range of the photopeak window. 

Examples of the resultant fitted spectra are shown in Figure 2.20. 
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Figure 2.20: Example plots of 7.5cmcylinder phantom energy spectra (solid lines) and fitted point source distribution (dashed 

lines). The differences in the spectra (dotted lines) represent an estimate of the true scatter distribution. The presence of scatter in 

the phantom does not distort the distribution of counts on the high-energy side of the photopeak. Non-global calibration factors 

are necessary due to the highly variable detector element response in the gamma camera.  
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After fitting, the point source spectra were subtracted from the phantom spectra 

for each module, yielding residual spectra. These residual spectra represent an estimate 

of the scatter distribution for each module. From this estimate, the k-value can be 

calculated as the ratio of the total counts in the photopeak (134-146keV) and scatter (113-

133keV) energy windows. Note that unlike the point source measurements, the phantom 

data were acquired for each detector module rather than each pixel. This was done due 

to the need for higher total counts for minimizing fitting errors when estimating the k-

values. The final estimated k-values are shown in Figure 2.21. With the m-value and k-

value now calculated, the mDEW method can be applied to all projection data sets.  

 

Figure 2.21: Matrix of k-values for each detector module calculated for the mDEW 

method. Each k-value was determined by taking the ratio of residual events in the 

scatter and primary energy windows after subtracting the fitted point source spectra. 
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 Lastly, OSEM requires a user-defined scale factor for reconstructions. Accurate 

selection of this value is necessary for quantification. Previously in our lab with the 

DEW method, a point source (small syringe with ~100-300uCi) would be scanned with a 

matched SPECT trajectory to the phantom or breast being imaged. Using a non-optimal 

trajectory for the point source is possible due to the sensitivity of parallel hole 

collimators being independent of distance to the source. The point source projections 

were assumed to be free of scatter and attenuation effects. Projections were 

reconstructed to 2 iterations with 8 subsets, and the total activity within the 

reconstructed image would be compared to the measured point source activity from the 

dose calibrator.  The OSEM scale factor within the reconstruction was adjusted to 

achieve a match between the reconstructed total activity and true total activity. The 

equation for adjusting the scale factor is given by:  

 

 �������� =
�������������

���������������
∙ �������� Eq. 2.16 

 

 This scale factor would then be used for the reconstructed images. However, after the 

catastrophic system failure and rebuild/reconfiguration of 2012-2014, this method 

produced very poor quantification results for the DEW method. For an initial set of 

uniform phantom acquisitions, the activity concentration measurements from 

reconstructions were systematically ~15% low. Thus, for the phantom studies that follow 
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and all subsequent studies that occurred since the system rebuild, the following method 

(Fig. 2.22) was used to determine the OSEM scale factor: 

 

 

Figure 2.22: Flowchart of method used to calibrate OSEM scale factor. The OSEM 

scale factor was independently adjusted for each reconstruction method to give 

accurate quantification results for SPECT scans of a 7.5cm diameter cylinder. 
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 Figure 2.22 illustrates the steps used to determine the OSEM scale factor for the 

Photopeak-Only, DEW, and mDEW reconstructions. The 7.5cm diameter cylindrical 

phantom filled with 470µCi of Tc-99m in 840mL of water was scanned with a VAOR 

trajectory to determine the scaling factor for the OSEM input deck. The phantom was 

scanned multiple times (N = 9) with 128 projections and 10s per projection. Listmode 

data were acquired for all SPECT scans, and projections using the photopeak and scatter 

energy windows were created. The resultant data were reconstructed with OSEM to 5 

iterations with 8 subsets. Reconstructions were performed using three methods: 1) 

Photopeak-only projections without scatter correction; 2) Photopeak and scatter 

projections, corrected using traditional DEW method; 3) Photopeak and scatter 

projections, corrected using mDEW method. Because the various reconstructions are 

generated from the same listmode data, a single VOI can be used for all corrected and 

uncorrected datasets. All reconstructions were attenuation corrected with a SPECT-

based map with attenuation coefficient of 0.1545cm-1, the narrow beam value of water at 

140keV. A large cylindrical VOI was placed in the reconstructed cylinder in each dataset, 

and the mean activity concentration was measured. All measurements were decay 

corrected to the time point of the dose calibrator measurement, and the average across 

all scans was determined. From the measurements, the scale factor was adjusted to 

produce reconstructed images with accurate mean activity concentrations. The finalized 
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scale factors for each method used to get the correct value of activity concentration are 

given in Table 2.6. 

Table 2.6: OSEM Scale factors calibrated from SPECT scans of an 7.5cm diameter 

cylindrical phantom. These values are used for all phantom studies performed after 

the system rebuild. 

 Photopeak-Only DEW mDEW 

OSEM Scale Factor 0.2760 0.2320 0.3160 

 

With all of the necessary calibration and scale factors determined, the mDEW 

method can be compared to the traditional DEW through a series of phantom studies. 

Additionally, because the DEW method was not previously compared to the Photopeak-

only method [75], we include the Photopeak-only data for comparison to both scatter 

correction methods.  

2.3.3 Phantoms for Evaluation of Scatter Correction Methods 

The following describes the various phantom geometries used in this chapter to 

evaluate the mDEW scatter correction method. First, a set of five acrylic cylinders were 

designed and fabricated to provide symmetric phantoms of increasing diameter for 

studies across a range of object sizes. The cylinders, shown in Figure 2.23 and 

summarized in Table 2.7, are 25.7cm tall with 3mm thick walls. The phantoms were 

constructed with outer diameters of approximately 5cm, 7.5cm, 10cm, 12.5cm, and 15cm. 

Four slits are cut into the phantom near the opening to provide contact points for 
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suspending the cylinders from the patient bed, mimicking the prone breast position. The 

cylinders were designed to be taller than the SPECT and CT FOV so that either a) studies 

with activity outside the field of view or b) studies evaluating image quality at different 

points in the CT cone beam could be performed. Additionally, marks were made on 

each phantom at the smaller phantom volumes to allow for equal-volume studies to be 

rapidly performed. 

 

 

Figure 2.23: Set of custom acrylic cylinder phantoms used for evaluation of the mDEW 

method. 
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Table 2.7: Summary of dimensions of acrylic cylinders. Note that all phantoms are 

25.7cm tall. 

Outer Diameter Inner Diameter Volume 

5.1cm 4.5cm 390mL 

7.6cm 7.0cm 840mL 

10.2cm 9.5cm 1590mL 

12.7cm 12.1cm 2500mL 

15.2cm 14.6cm 3800mL 

In addition to the simple uniform phantoms, two other concentric cylinder 

phantoms were used in the scatter experiments (Fig. 2.24 and Table 2.8). The first 

phantom (Fig. 2.24 – Left), hereafter referred to as the two-chamber phantom (TC-

phantom), consists of a polypropylene beaker with 2.5mm thick walls. The phantom 

tapers slightly in diameter from 10.6cm at the top to 9.1cm at the base. Affixed in the 

center of the phantom is a 25mL polypropylene graduated cylinder. The inner cylinder 

has an inner diameter of 1.9cm and 1mm thick walls. The inner cylinder allow for the 

phantom to be filled with two different activity concentrations for evaluating 

quantification in hot and cold regions.  

A second multi-chamber cylindrical phantom (Fig. 2.24 – Right) was also used 

for evaluation of scatter correction performance in cold regions. This acrylic phantom 

consist of 4 fillable chambers. From inner to outer, the chambers have inner diameters of 

approximately 0.6cm, 3.7cm, 8.1cm, and 9.8cm. As with the two-chamber phantom, the 

multiple chambers can be filled at different activity concentrations. For the experiments 

that follow, this phantom was used to measure the performance of the different scatter 

correction methods within a large cold region surrounded by radioactivity.  
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Figure 2.24: Photograph of the two concentric cylinder phantoms used for hot and 

cold region analysis. (LEFT) Two-chamber phantom consisting of a polypropylene 

beaker with 25mL graduated cylinder (1.9cm inner diameter) and (RIGHT) Multi-

chamber phantom with 3.7cm inner chamber diameter. The straps used to suspend the 

beaker are also shown. The multi-chamber phantom can be suspended by large 

support screw (not shown). Note that the support straps and flared lip of the TC-

Phantom make diameter appear significantly larger than the 10.6cm diameter. 

Table 2.8: Summary of dimensions of the beaker with inner cylinder and the multi-

chamber cylindrical phantom. Because the Two-Chamber Phantom diameter 

decreases from top to bottom, both the maximum and minimum diameters are given. 

Note that the volume of the Two-Chamber Phantom is based on the filled volume 

used in experiments and not the maximum capacity. 

Phantom Height Outer Diameter Inner Diameter Volume 

Two-Chamber 

Phantom 
12.9cm 10.6cm 10.0cm 650mL 

  9.1cm 8.5cm  

  2.1cm 1.9cm 25mL 

     

Multi-Chamber 

Phantom 
15.6cm 10.5 9.8cm 235mL 

  8.8cm 8.1cm 563mL 

  4.4cm 3.7cm 167mL 

  1.0cm 0.6cm 4.2mL 
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Lastly, multiple simulated lesions were used to evaluate the scatter correction 

methods in the presence of a small, localized high uptake region. Figure 2.25 shows the 

different lesions used: 1) two latex catheter balloons and 2) one acrylic fillable spherical 

lesion. The lesion characteristics are summarized in Table 2.9. The latex balloon lesions 

are desirable due to their thin wall, which minimizes cold regions between the lesion 

and background activity. The balloon lesions are filled with the desired activity 

concentration and attached to the nipple of polypropylene leur. The nipple on each luer 

was clipped to minimize the displaced volume within the balloon lesion, and 

unnecessary polypropylene regions on the outside of the luer were removed to 

minimize displacement of activity within the background region. Once the balloons 

were attached, fishing line was used to tie the balloon around the opening to reduce the 

likelihood of leaks. The luer/balloon combo was then attached to a Teflon support rod, 

which could be suspended into the previously described cylindrical phantoms. 

Suspension and placement into a phantom was accomplished using a linear stage with 3 

degrees of freedom. As seen in Figure 2.26, the stage was mounted to a ratcheting 

support system typically used for bed stabilization during patient imaging [75]. This 

setup allowed for relatively easy suspension of the balloon lesions into the open-top 

cylindrical phantoms.  
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Figure 2. 25: Photograph of materials used to setup simulated lesions. Included in the 

photograph are the plastic and balloon lesions, mounts, and the plastic luers and 

fishing line used for sealing the balloon lesions. Note that the leur on the right in an 

unaltered example, while the leurs used (shown above each balloon) had the excess 

polypropylene trimmed to minimize background volume displacement. 

 

Table 2.9: Summary of three simulated lesions used in phantom studies. 

Lesion Material Diameter Height Volume 
Volume 

w/ Luer 

Large Balloon  Latex 1.7cm 2.6cm 2.9mL 3.0mL 

Small Balloon  Latex 1.5cm 2.0cm 1.7mL 2.0mL 

Plastic Sphere Acrylic 1.7cm 1.7cm 2.0mL N/A 
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Figure 2.26: Photograph of the (LEFT) linear stage mounted on the arm of a (RIGHT) 

support system.  The linear stage is capable of motion along 3 orthogonal axes, while 

the support stage can only move vertically.  

One plastic spherical lesion was also used in the following experiments. The 

plastic lesion has the advantage of being easy to fill, spherical, and less prone to leaks 

due to a poor seal. However, the thicker plastic walls and especially the thicker 

mounting rod (Fig. 2.25) may artificially increase contrast near the lesion due to 

displacement of the background, especially near the top of the lesion. As with the 

balloon lesions, the plastic lesion and support rod were suspended from the linear stage 

for positioning within the cylindrical phantoms.  
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2.3.4 Comparison of mDEW Method on Projection Image Quality 

First, the effects of the scatter correction methods on a long-count projection 

image of the two-chamber phantom. The two chamber phantom was setup with 

0.15µCi/mL in the outer chamber and 1.05µCi/mL in the inner chamber (7:1 inner-to-

outer chamber ratio). A single static projection with 10 million photopeak window 

events was acquired and processed using the Photopeak-only, DEW, and mDEW 

methods. For DEW and mDEW methods, the pixels were allowed to take on negative 

values to prevent biasing from truncation since scatter is treated as an additive signal 

within OSEM to avoid truncation [106-107]. From the projection, SNR, resolution, and 

contrast were measured. Figure 2.27 shows each projection with ROIs drawn for 

measuring SNR and contrast. Both the SNR and contrast were measured for each 

background ROI and the average of the two measurements is given in Table 2.10. True 

contrast estimates, in the absence of scatter and attenuation can be made by considering 

the line integrals through the phantom. For example, using the known diameters of the 

two chambers (10.6cm and 1.9cm) and relative activity concentration (7:1), the estimated 

attenuation and scatter free contrast is given by: 

 

 

�������� =  

��1.9
10.0� ∙ 7� + �

(10.0 − 1.9)
10.0� ∙ 1�� − 1

1
= 1.14 

Eq. 2.17 
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Thus, contrast values near 1.14 are expected, with some reduction due to scatter, 

attenuation, and small differences in chord length due to the cylindrical shape of the 

phantom.  

Additionally, the resolution of the inner cylinder was compared to investigate 

any effects as the edges of the hot region. Due to projection images representing line 

integrals through the phantom, cylindrical chambers result in profiles that are 

approximately Gaussian in shape. Thus, resolution measurements were made using a 

Gaussian function. As shown in Figure 2.28, profiles through the background and hot 

inner cylinder were created to be fit with a Gaussian function of the form 

 

 ���(���)� ���⁄ + � Eq. 2.18 

 

where D is the background activity and A is the peak of the high-uptake region centered 

at B. The coefficient C, which characterizes the spread of the high uptake region, can be 

related to the FWHM by the following equation 

 

 ���� = 2�2 ∙ ln (2) ∙ � ≅ 2.35 ∙ � Eq. 2.19 

 

which is useful for comparing the spread of the lesion distribution in relation to 

projection pixels. To analyze the effects of the three scatter correction methods in the 

projection image, the average fitted FWHM were compared across the three methods. 
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Results are shown in Figure 2.29 Multiple fits along the length of the phantom were 

performed to account for any slight tilt present in the phantom, which may artificially 

broaden the FWHM if measured over the entire length of the phantom.  

 

Figure 2.27: Projections of the two-chamber phantom generated with the Photopeak-

Only, DEW, and mDEW methods. Overlapping ROIs for measuring SNR are shown. 

Four fidicual markers are clearly visible on the edges of the projection images. 

Table 2.10: SNR and contrast measurements from the projection image of the two 

chamber phantom. Measurements provided are the average of the measurements with 

each of the background ROIs shown in Figure 2.27. 

 Photopeak-Only DEW mDEW 

SNR 12.9 10.7 11.1 

Contrast 1.00 1.04 1.02 
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Figure 2.28:  (LEFT) Zoomed in view of projection image of the two-chamber 

phantom. The white bars overlapping the image represent 5-pixel wide profiles used 

for the Gaussian fitting. (RIGHT) Example profile (blue) and fitted Gaussian curve 

(red) from the projection image. 

 

 

Figure 2.29: Average FWHM measurements across size fitted profiles from a 10 

million photopeak-event static scan of two-chamber phantom. 
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As seen in the SNR, contrast, and resolution measurements, the mDEW method 

appears to give favorable results in projections. The mDEW method offers superior SNR 

when compared to the traditional DEW method. The Photopeak-Only method offers the 

best SNR, but this isn’t surprising given the additive nature of noise when subtracting 

scatter. Error propagation suggests that subtraction of counts from projections will 

increase the relative noise, thus decreasing SNR. This change in relative noise appears 

less for the mDEW method than the traditional DEW method. In contrast measurements, 

the DEW method shows superior contrast enhancement, but the mDEW method still 

provides an improvement in contrast relative to the Photopeak-Only method. Lastly, 

measurements of the inner cylinder resolution in the projection serve as a method of 

evaluating the gradient from the high activity region to the lower activity background. 

Using the measure of FWHM as the metric, the mDEW method yields the lowest 

average FWHM, although the standard deviation of these measurements makes 

definitive conclusions with metric difficult since the results are not statistically 

significant. Note that the FWHM does not represent the true diameter of the inner 

chamber due to a) the profiles not being truly Gaussian, but instead representing the 

chord length through the inner chamber and b) resolution degradation due to distance 

from the detector [46].  Regardless, the mDEW appears to offer improved contrast 

relative to the Photopeak-Only method and superior SNR compared to the DEW 

method and warrants further investigation through a series of SPECT studies.  
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2.3.5 Evaluation of Two Scatter Correction Methods 

The following subsection details various phantom studies performed to 

investigate the performance of the DEW and mDEW scatter correction methods, along 

with the performance of the Photopeak-Only method. Experiments include the 

evaluation of quantification accuracy in uniformly filled cylinders, multiple chamber 

phantoms, and spherical lesions. Measurements of contrast and background uniformity 

are also presented.  

2.3.5.1 Uniform Cylindrical Phantoms 

For an initial evaluation of the performance of mDEW, SPECT scans were 

acquired of four cylindrical phantoms filled uniformly with radioactivity (Fig 2.23). The 

phantom dimensions and activity concentrations are given in Table 2.11.  

Table 2.11: Cylindrical phantom dimensions and setup conditions for initial 

evaluation of the scatter correction methods. 

Diameter (cm) Filled Volume (mL) 

Activity 

Concentration 

(µCi/mL) 

Number of 

Acquisitions (N) 

5 340 0.90 8 

7.5 840 0.55 9 

10 1590 0.65 9 

12.5 2500 0.68 10 
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Each phantom was scanned with a VAOR trajectory using 128 projections 

(10s/prj).  The resultant listmode data were then processed to create projections for the 

photopeak-only, DEW, and mDEW scatter correction methods. All projection datasets 

were reconstructed using OSEM to 5 iterations (8 subs) with attenuation and scatter (if 

applicable) corrections. Attenuation correction was performed using the SPECT-based 

threshold method previously mentioned in Section 1.5 and discussed further in Section 

3. Measurements of the attenuation map were made to ensure the attenuation map size 

closely approximated the true size of each cylindrical phantom. Figure 2.30 shows 

examples of reconstructed slices from each of the phantoms. 

 

Figure 2.30: (TOP) Coronal and (BOTTOM) sagittal central slices from reconstructions 

of each of the cylindrical phantoms. Both coronal and sagittal slices were taken from 

the center of each phantom. 
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Figure 2.31: Quantification results from uniformly filled cylindrical phantoms. 

Accuracy reported as the ratio of measured activity concentration to dose calibrator 

measurement. Error bars represent standard deviation of N measurements. 

Large cylindrical VOIs were drawn within each phantom to measure mean 

activity concentration and uniformity for the photopeak-only, DEW, and mDEW 

methods. Figure 2.31 shows the quantification results for each phantom setup. 

Significance test results are given in Table 2,12. The DEW and mDEW were compared to 

the photopeak-only method using a two-sided matched pair t-test (PTT) to determine if 

the differences in in the mean measured activity concentrations were significant. The 

PTT indicates the probability that the two compared means come from the same 

distribution regardless of quantification accuracy. Additionally, all three methods were 

compared to the dose calibrator reading using the TOST method for equivalence with a 
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strict ±5% confidence interval (Table 2.13). The strict interval was chosen due to the 

minimal impact of the volume measurements on the total error in phantom setup. Thus, 

±5% uncertainty from the dose calibrator measurement was the dominant source of error 

in the phantom activity concentration. Measurements were deemed equivalent to the 

dose calibrator if the TOST procedure yielded p < 0.05 for both limits.  

Results from the PTT calculations show that the DEW and mDEW methods 

result in significant differences in mean activity concentration compared to the 

Photopeak-Only method. These observed differences indicate the scatter correction 

methods are altering the measured mean activity concentration, regardless of phantom 

size. The insignificance of the 7.5cm cylinder differences is likely due to the utilization of 

the same phantom for initial calibration of the three methods.  

 

Table 2.12: Significance results from PTT. The DEW and mDEW methods were 

compared to the Photopeak-Only method to determine if observed differences in 

mean values were significant. P-values <0.05 indicate the differences between 

methods are significant for a given phantom. 

Method 

(vs Photopeak-Only) 

p-values 

5cm 7.5cm 10cm 12.5cm 

DEW <0.05 0.56 <0.05 <0.05 

mDEW 0.06 0.46 <0.05 <0.05 
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Table 2.13: Results from the TOST measure of equivalence of measured activity concentrations to dose calibrator measurements. 

A threshold of ±5% of dose calibrator measurement is used. To pass equivalence testing, both upper and lower p-values must be 

<0.05. 

 
Ratio ± StdDev 

Upper p-values Lower p-values 

Phantom Photopeak DEW mDEW Photopeak DEW mDEW 
Photopeak-Only DEW mDEW 

5cm 0.99 ± 0.03 1.01 ± 0.02 1.01 ± 0.03 <0.05 <0.05 <0.05 <0.05 <0.05 <0.05 

7.5cm 1.00 ± 0.03 1.00 ± 0.03 1.00 ± 0.03 <0.05 <0.05 <0.05 <0.05 <0.05 <0.05 

10cm 1.05 ± 0.04 1.04 ± 0.04 1.01 ± 0.05 0.37 0.21 <0.05 <0.05 <0.05 <0.05 

12.5cm 1.07 ± 0.03 1.05 ± 0.03 1.00 ± 0.04 0.96 0.31 <0.05 <0.05 <0.05 <0.05 
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However, the TOST equivalence testing reveals the impact of the differences in 

the mean values compared to dose calibrator measurements. With the ±5% threshold for 

equivalence, only the mDEW method demonstrates equivalence for each of the 

cylindrical phantoms. Both the Photopeak-Only and DEW method fail to demonstrate 

equivalence for the 10cm and 12.5cm diameter phantoms. Equivalence would likely be 

met, though, if the threshold were increased to a more lenient ±10%, so the desired 

accuracy is important when judging equivalence.  

Quantification measurements were also made to examine any potential radial 

differences in quantification. A series of annulus VOIs, shown in Figure 2.32 - Left, were 

used in the 12.5cm phantom to measure the quantification accuracy as a function of 

radius from the center of the phantom. The 12.5cm phantom was chosen due to having 

the largest size, which allowed for easier annulus measurements and was believed to be 

more likely to exhibit measurements that are radially dependent. Multiple concentric 

cylindrical VOIs were drawn within the reconstructed imaged, each with a radius 4 

pixels (1cm) larger than the previous cylinder  The regions between each cylinder’s 

boundary was used to generate radially-expanding annular VOIs. The mean activity 

concentration within each annulus was measured for each of the 10 sequential SPECT 

acquisitions. The average quantification ratio was calculated and plotted for each 

annulus position.  
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Figure 2.32: (LEFT) Central cylindrical and annular VOIs and (RIGHT) quantification 

results used to examine potential differences at different radii within the cylinder. A 

flat distribution across all annular measurements is desired. All results are within 

10% of dose calibrator measurements, but the mDEW method shows a smaller range 

(~6%) compared to the other methods (~8%). 

Results from the annulus measurements of the large 12.5cm diameter phantom 

(Fig. 2.32) show slight differences in quantification accuracy with radial position. A 

small increase in the quantification ratio is observed as the measurements are made 

farther from the center of the phantom, before dropping back to levels comparable to the 

center. All variations fall within ~10% of the dose calibrator measurements. The DEW 

method is observed to mimic the trend of the Photopeak-Only. The mDEW trend is 

similar in shape to the other methods, but the range of observed values is less . The 

spread of quantification measurements (max – min) across all annular measurements for 

the Photopeak-Only, DEW, and mDEW method are  7.2%, 9.8%, and 5.7% respectively. 

The tighter range of values for the mDEW method suggests improved uniformity and 

regional quantification compared to the other methods in the large cylinder phantom.  
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In addition to quantification measurements, the uniformity of the reconstructions 

was assessed through various methods. Frist, a qualitative assessment of axial 

uniformity was made by plotting the mean of each coronal slice within the cylindrical 

VOIs (Figures 2.33-2.34). These plots, normalized to true activity concentration, show the 

variation in the axial direction of the phantom. As with the radial measurements, a flat 

distribution centered at 1.0 is desired. Measurements show that the DEW closely follows 

the Photopeak-Only distribution, which is expected given the subtraction method used 

for scatter correction. The mDEW exhibits a more unique axial distribution due to the 

corrections applied for tailing for each detector element. Additionally, the mDEW 

appears to have fewer sharp peaks and valleys in the profile, suggesting better 

uniformity within each cylinder.  
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Figure 2.33: Plot of quantification ratio in (TOP) 5cm diameter and (BOTTOM) 7.5cm 

diameter cylinder along the central axis. The mean of each circular slice of the large 

cylindrical VOI (TOP RIGHT) was treated as a separate measurement and plotted to 

assess axial variability. 
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Figure 2.34: Plot of quantification ratio in (TOP) 10cm diameter cylinder and 

(BOTTOM) 12.5cm diameter cylinder along the central axis. The mean of each circular 

slice of the large cylindrical VOI was treated as a separate measurement and plotted 

to assess axial variability. 
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Next, the COV within each phantom VOI was measured for all three methods, as 

shown in Figure 2.35. The COV was used as a measure of the voxel uniformity within 

each VOI. All COV measurements were made relative to the Photopeak-Only method 

using the following equation  

 

 %���� ������/���� =  
������/���� − ��������

��������
× 100% Eq. 2.20 

 

where ������/����is the average measured COV for the DEW or mDEW and 

��������is the average measured COV of the Photopeak-Only reconstructions. 

Measurements were made for reconstructions with OSEM using 5 iterations and 8 

subsets. Sequential acquisitions with a fixed time per projection result in data that 

exhibits increasing relative variability due to lower counts from radioactive decay. 

However, because each reconstruction is drawn from the same raw data, changes in the 

average COV can still be used to show trends in relative pixel-to-pixel variability within 

the reconstruction.  
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Figure 2.35: Graph of percent difference in COV compared to Photopeak-Only results. 

The COV was measured across all pixels within the same VOIs used for 

quantification. An increase in COV indicates larger relative pixel-to-pixel variability 

within the uniform background. 

The COV comparison demonstrates that both scatter correction methods increase 

the pixel-to-pixel variability within the VOIs for all phantom sizes. However, this 

increase is higher for the DEW in all phantom measurements. The mDEW appears to 

produce more uniform images within the uniform cylinders than the DEW method.  

Another measure of uniformity was performed by measuring the standard 

deviation between a set of radially placed circular ROIs (1cm diameter) throughout the 

phantom, shown in Figure 2.36. The results of this uniformity measurement, reporting 

the average uniformity index (Section 1.6) are given in Figure 2.37. While the COV 

metric measures the pixel-to-pixel variability, and is thus subject to high frequency 
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effects, this second metric attempts to measure lower frequency structural differences. 

ROIs were analyzed across 30 slices throughout each phantom. For the all four 

phantoms, the ROIs were uniformly distributed, so that each phantom contained the 

same ROIs as the previous smaller phantom, plus an additional ring.  

As seen in Figure 2.37, the uniformity measurements with the radially spaced 

ROIs show similar trends to the single large VOI metrics. In both measurements, the 

mDEW appears to minimally degrade the uniformity in each reconstructed dataset 

compared to the traditional DEW method. 

 

 

Figure 2.36: Summed axial slices of the uniformly filled cylindrical phantoms with 

uniformity ROIs overlay. The ROIs were spaced radially throughout the phantom 

across 30 axial slices and the standard deviation between VOIs used a metric for 

assessing uniformity. 
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Figure 2.37: Chart comparing uniformity index as measured across radially spaced 

1cm diameter ROIs. Unlike the previous uniformity measurement which measured 

the COV of a large VOI, this metric looks at differences between 1cm ROIs to 

minimize the impact of high frequency sources of variability. Note that in addition to 

size, comparisons between phantom diameters are subject to differences due to 

number of acquisitions and time between acquisitions which directly affect the 

average uniformity index.  

Overall, for the uniformly filled cylindrical phantoms, the mDEW appears to be 

superior to the DEW and Photopeak-Only method for quantification accuracy. The 

mDEW method is the only one to pass the equivalence test for a ±5% threshold. The 

other two methods fail this criteria for the 10cm and 12.5cm phantoms. However, all 

methods would pass if the threshold were set to ±10%, so the desired accuracy impacts 

the success of each method. The mDEW method also exhibits superior uniformity 

measurements compared to the DEW method. The Photopeak-Only method has the best 
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uniformity within the VOI, but the added variability from scatter correction is 

minimized when using the mDEW compared to the DEW method. From these initial 

results, the mDEW offers superior quantification performance, but the Photopeak-Only 

method may offer the best balance of quantification accuracy and image uniformity if 

the quantification threshold is relaxed. However, further investigation of the 

performance of the mDEW in the presence of hot and cold regions is necessary. 

Lastly, ten realizations of the 7.5cm phantom were generated using the non-

parametric bootstrap sampling method described in Section 1.7. These realizations allow 

for a comparison of image noise (Section 1.6) between the three scatter correction 

methods. Figure 2.38 shows a parametric plot of measured relative image noise vs mean 

quantification accuracy of the 10 realizations for each scatter correction method at each 

iteration point.  

Each realization was reconstructed with OSEM to 10 iterations with 8 subsets, 

with each iteration written to file for analysis. The same VOI used in the quantification 

measurements was used to measure noise for each of the scatter correction methods. 

Noise estimates were normalized by mean activity concentration, referred to here as 

relative noise, for comparison across post-processing methods. 
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Figure 2.38: Parametric plot of mean relative image noise versus quantification ratio 

of 10 realizations of the 7.5cm phantom. Results from each iteration of OSEM are 

plotted. Quantification ratios near 1.0 with minimum noise are desired. 

The results of noise and quantification measurements from Figure 2.38 reveal 

several points. First, as seen previously for sequential scans of the uniform phantoms, 

quantification accuracy appears to be superior when applying the mDEW method. The 

quantification ratio also appears to converge quickly, with changes <0.1% after 3 

iterations for all three scatter correction methods. Second, the measured noise for each 

scatter correction method follows similar trends to the COV measurements. The 

Photopeak-Only results show the least image noise, which is expected. However, the 

mDEW method demonstrates only marginally increased noise relative to the Photopeak-

Only method. Additionally, the noise at each iteration point is markedly lower than the 

same iteration point of the DEW method. If one use the percent change in quantification 
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ratio as a metric for stopping iterations, regardless of accuracy, then the differences in 

noise are even more pronounced. As previously mentioned, approximately 9 iterations 

are required with the DEW method to achieve the same minimal change in 

quantification ratio as the mDEW method at 3 iterations. However, at 9 iterations, the 

DEW method has ~2X as much image noise as the mDEW method at 3 iterations. Thus, 

it appears that for the same minimal change in quantification ratio of large uniform 

regions, the mDEW method is superior in quantification accuracy and image noise with 

minimal required iterations.  

2.3.5.2 Two-Chamber Cylindrical Phantom 

Next, the two-chamber (Fig. 2.24) was scanned to evaluate the quantification 

accuracy in regions of different activity concentrations within the same phantom. 

First, SPECT scans of the two-chamber phantom (TC-phantom) were acquired 

with three setup configurations, as described by Figure 2.39 and Table 2.14: 1) inner 

chamber filled with activity in cold water background; 2) outer chamber filled with 

activity with cold inner chamber; and 3) both chambers filled with activity at ~10:1 

concentration ratio. For all setup conditions, the outer chamber (background) was filled 

with 650mL water while the inner chamber was filled with 25mL. These setup 

configurations allow for a piece-wise analysis of the components; the quantification 

accuracy of each chamber can be measured independently in the first two configurations 

of Figure 2.39, then in total as both chambers are filled with radioactivity. For 
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convenience, these configurations will be referred to as TC-Phantom #1, #2, and #3 

respectively. In a purely linear system, TC-Phantom #3 would not need to be scanned; 

instead, TC-Phantoms #1 and #2 could be combined in reconstruction space. However, 

in reality, TC-Phantom #1 and #2 cannot be simply added due to nonlinear effects, such 

as the OSEM reconstruction algorithm and potential dead-time effects. 

 

Figure 2.39: Diagrams of different configurations of the two-chamber phantom used 

in these experiments. From left to right: TC-Phantom #1, TC-Phantom #2, TC-Phantom 

#3. 

 

Table 2.14: Activity concentrations and total activity of the chambers for each 

phantom setup. 

 TC-Phantom #1 TC-Phantom #2 TC-Phantom #3 

 
Activ. 

Conc. 

Total 

Activ. 

Activ. 

Conc. 

Total 

Activ. 

Activ. 

Conc. 

Total 

Activ. 

Inner 

Chamber 

4.1 

µCi/mL 
102.5µCi N/A 

6.0 

µCi/mL 
150µCi 

Outer 

Chamber  
N/A 

0.74 

µCi/mL 
480µCi 

0.65 

µCi/mL 
422.5µCi 
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The phantoms were suspended from the bed to simulate a prone breast 

geometry. A small bubble level was placed on the top of the center cylinder to level the 

phantom. In each case, the multiple sequential SPECT scans were performed with 128 

projections (10s/prj). Scans were performed using the VAOR trajectory only to minimize 

effects of incomplete sampling and problems making contoured trajectories for 

cylindrical phantoms due the sharp angle bottom. Each trajectory was manually created 

by adjusting the radius of rotation (ROR) at four azimuthal locations (0°, 90°, 180°, 270°), 

and using the standard orbit creation GUI to interpolate ROR positions for other 

azimuthal positions. The ROR at each of the four calibration angles was set to 

approximately 1cm from the phantom edge. Listmode data were processed to create 

photopeak and scatter window projections. Projection datasets for the Photopeak-Only, 

DEW, and mDEW methods were created and reconstructed with attenuation correction 

using OSEM from 1 to 10 iterations with 8 subsets Example coronal slices from 

reconstructed images of each phantom are shown in Figure 2.40. Each iteration was 

written to file to analyze quantification accuracy, and background uniformity as a 

function of iteration number. The reconstruction was stopped at 10 iterations due to 

previously observed quantification convergence within 10 iterations in the cylindrical 

phantoms (Fig. 2.38).  
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Figure 2.40: Example of (TOP Row) single slices and (BOTTOM row) 20-slice average 

coronal slices from reconstructed images of each phantom setup. (LEFT) Hot inner 

chamber with cold background, (CENTER) Cold inner chamber with hot background, 

and (RIGHT) Hot inner chamber with hot background. The dotted line represents the 

phantom boundary for the cold background configuration. 

To analyze the reconstructed images, cylindrical VOIs were placed within each 

chamber. The inner chamber VOI consisted of a simple cylinder with diameter 1cm 

diameter and height of 5cm (20 slices). The diameter was chosen to be smaller than the 

known 1.9cm diameter of the inner chamber. The background (outer chamber) VOI 

consisted of two concentric 5cm tall cylinders of different diameters (d = 4cm and 7.5cm) 

with measurements being made in the annular region between the borders of the 

cylinders. The mean activity concentration and COV were measured within each VOI.  

First, TC-Phantom #1 was scanned 6 times sequentially. The setup allows for the 

quantification analysis of a localized hot region without the effects of scatter or signal 

contribution from the background. In this phantom, fiducial markers and a CT-based 
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attenuation correction were used in the reconstruction (Figure 2.41). A CT-based 

attenuation correction was necessary due to the lack of activity in the outer chamber, 

making a SPECT-based approach impossible. Four 6mm diameter nylon beads were 

soaked in a solution of 49.2µCi/mL for 30 minutes. Soaking the nylon beads creates 

fiducial markers that can be seen in both SPECT and CT reconstructions. The fiducial 

markers were taped in a spiral pattern around the outside of the phantom, and a CT 

scan was performed with 240 projections. The CT image was reconstructed to a 

150x150x150 grid with 2.5mm isotropic voxels to match the SPECT reconstruction grid. 

A non-attenuation corrected SPECT reconstruction of the TC-Phantom #1 was 

performed with OSEM to 2 iterations with 8 subsets to serve as a reference image. The 2-

iteration SPECT image was then registered with the four-point rigid registration to the 

CT reconstruction using the AMIDE software package (<2mm error). The resultant CT 

image was then manually thresholded with all non-zero values set to 0.1545cm-1 to serve 

as the attenuation map for the SPECT data. Phantom studies have shown equivalent 

performance of CT- and SPECT-based attenuation correction. Further information on 

CT- vs SPECT-based attenuation can be found in Section 3.2.  
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Figure 2.41: (TOP) Original CT and (BOTTOM) CT-based attenuation map used for 

TC-Phantom #1. A CT-based attenuation map was necessary due to the inability to 

threshold cold regions using a SPECT-based attenuation. 

 

The quantification results from TC-Phantom #1 are plotted in Figure 2.42. To 

determine quantification accuracy, the average of each VOI measurement after decay 

correction was calculated. Measurements were made in both the hot inner chamber and 

cold background using the previously described VOIs. 
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Figure 2.42: Plots of (TOP) inner chamber quantification accuracy and (BOTTOM) 

outer chamber mean activity concentration in the TC-Phantom #1 as a function of 

iteration. For the inner chamber, values of 1.0 are desired, while for the outer 

chamber, values of 0.0 are desired. 

Quantification results of TC-Phantom #1 show great results for both the 

Photopeak-Only and DEW methods. Scatter correction with the DEW method has 

minimal impact on the quantification measurements, which shows ~1% difference in 
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quantification accuracy relative to the Photopeak-Only measurement. This minor 

difference is expected given the minimal scatter within the inner chamber and lack of 

scatter into the inner chamber from the background. The mDEW results are inferior, but 

still within 10% of the true value. As with the uniform cylinders, convergence of the 

quantification ratio within the VOI is achieved quickly. Changes of less than 0.1% are 

seen after 3 iterations for all three scatter correction methods.  

Background measurements in the cold (water) outer chamber (Fig. 2.42 – Bottom) 

give insight into the ability to accurately reconstruct cold regions in the phantom. For all 

three scatter correction methods, the mean activity concentration of the cold background 

was <0.01µCi/mL, which is well below the inner chamber activity concentration of 

4.2µCi/mL. Interestingly, the DEW and mDEW methods both have higher estimates of 

the cold background than the Photopeak-Only method. The DEW method exhibits a 5% 

higher estimate of the cold region compared to the Photopeak-Only method, while the 

mDEW method is 30% higher. Further investigation of the causes of the mDEW 

difference can be found in Section 2.3.6.  

 Next, the TC-Phantom #2 was scanned similarly to the previous phantom. A total 

of 8 sequential acquisitions were performed following the same routine described for 

TC-Phantom #1. However, for this phantom and all subsequent phantoms, attenuation 

correction was performed using a SPECT-based attenuation map. Care was taken to 

ensure that the attenuation maps closely matched the physical dimensions of the 
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phantoms by comparing height and diameter of the attenuation map to the physical 

height and outer diameter of each phantom, as shown in Figure 2.43. Note that the 

height is compared to the fill height measured from the CT images of TC-Phantom #1. 

Since the same outer chamber fill volume was measured, this was taken as a reasonable 

estimate of the fill height of TC-Phantom #2 and #3.  

Quantification measurements were made with the same size VOIs in the inner 

and outer chambers as used in TC-Phantom #1. The quantification results, plotted per 

iteration of OSEM, are given in Figure 2.44. 

 

 

Figure 2.43: Slices through SPECT-based attenuation map. (LEFT) Top coronal slice 

and (CENTER) bottom coronal slice show the SPECT-based attenuation map matches 

the true TC-Phantom outside diameter well. (RIGHT) The measured fill height, as 

estimated from the CT image of TC-Phantom #1 with the same fill volume, also 

matches well. Note that for TC-Phantom #2, the cold inner chamber was manually 

filled in after creation of the SPECT-based mask. 
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Figure 2.44: Plots of (TOP) outer chamber quantification accuracy and (BOTTOM) 

inner chamber mean activity concentration in TC-Phantom #2 as a function of 

iteration. For the outer chamber, values of 1.0 are desired, while for the inner 

chamber, values of 0.0 are desired. 

Quantification results reveal similar trends to the uniform cylinder 

measurements from Section 2.3.5.1. In the outer chamber filled uniformly with 

radioactivity, the mDEW method demonstrates superior quantification accuracy. Both 

the Photopeak-Only and traditional DEW methods appear to overestimate the true 
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activity concentration in the background by ~7%. As with previous phantoms, 

convergence of the VOI measurement occurs quickly with <0.01% change in the 

quantification accuracy after 3 iterations. The results from the cold inner chamber follow 

similar trends as the cold outer chamber results in TC-Phantom #1. Both the Photopeak-

Only and traditional DEW method provide better estimates of the cold region with 

equivalent measurements of ~0.18µCi/mL. The mDEW estimate is 10% higher at 

0.20µCi/mL. In all cases, though, the estimated activity concentration is significantly 

higher than zero. This overestimate is likely due to resolution limitations and partial 

volume effects in the inner chamber. Also of note is that convergence for the cold inner 

chamber is slower than previously observed in the hot inner chamber. All three scatter 

correction methods exhibit >1% through 5 iterations. Minor decreases in the measured 

activity concentration are observed, reaching a minimum value at 8 iterations, before 

appearing to rise slowly again up to 10 iterations.  

Finally with the two-chamber phantom, TC-Phantom #3 configuration was 

scanned. This configuration represents the combination of the individual components 

analyzed in TC-Phantom #1 and #2. A total of 10 sequential SPECT scans of the TC-

Phantom #3 were acquired. Figure 2.45 gives the quantification accuracy for scatter 

correction method and chamber as a function of OSEM iterations. Quantification 

measurements of the inner and outer chambers were performed similarly to the 

described methods for the other TC-Phantoms.  
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Figure 2.45: Plots of (TOP) outer chamber and (BOTTOM) inner chamber 

quantification accuracy in TC-Phantom #3 as a function of iteration. For both 

chambers, values of 1.0 are desired. 

 Quantification results for TC-Phantom #3 are remarkably similar to the final 

individual component results from TC-Phantoms #1 and #2. While the inner chamber 

appears to follow a different converging trend than TC-Phantom #1, the final 

quantification values are similar. As with the other phantoms, the Photopeak-Only and 

DEW methods appear to overestimate the outer chamber background measurements 
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(~10%), while the same measurements for the inner chamber show quantification 

accuracy within 5%. The mDEW method exhibits the opposite trend, with a superior 

estimate of the background activity concentration (within 4%) but a 6% underestimation 

of the inner chamber.  

Convergence rates for the VOI measurements appear slower for TC-Phantom #3 

compared to the previous phantom configurations. For the outer chamber 5 iterations 

are for changes in the quantification ratio to reach <0.1%, while 7 iterations are required 

to reduce the changes in the inner chamber to <0.1%. Thus, for more complex phantoms 

with regions of different activity concentrations, more iterations are required to achieve 

stable quantification measurements. This is consistent with previous phantom results 

[75]. 

The quantification results for each of the two-chamber phantom configurations 

are confirmed by the significance testing and TOST results shown in Tables 2.15-2.17. All 

statistic results were compared for quantification ratios measured at the 5th iteration, 

matching that of the uniform cylinder data from section 2.3.5.1. The results in Table 2.15 

give an indication on the significance of the differences observed between the DEW and 

mDEW compared to the Photopeak-Only method. Using the PTT, p-values of <0.05 

indicate that the utilization of either scatter correction method results in a new 

distribution of quantification values; in other words, the scatter correction method is 

having a significant impact on the quantification results. However, the PTT gives no 
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indication of equivalence to the dose calibrator measurement. Instead, the TOST criteria 

is used to determine equivalence (Tables 2.16-2.17).  A strict 5% threshold was utilized as 

the TOST threshold for equivalence. For TOST results, p-values of <0.05 are considered 

to be equivalent to the dose calibrator measurements.  

Results from the PTT show that the quantification differences from various 

scatter correction methods are significant, especially for the mDEW. Thus, the scatter 

correction methods result in changes to the underlying reconstructed phantom 

population, even if the TOST criteria reveals minimal impact on quantification 

equivalence.  

 

Table 2.15: Results from the two-sided matched pairs t-test for the hot chambers in 

each phantom. The DEW and mDEW methods were compared to the Photopeak-Only 

method to determine if observed differences in mean values were significant. A p-

value <0.05 indicate the difference between methods are significant for a given 

phantom. 

Method 

(vs Photopeak-Only) 

p-values 

TC-Phantom #1 TC-Phantom #2 TC-Phantom #3 

Inner Outer Inner Outer 

DEW <0.05 0.90 <0.05 <0.05 

mDEW <0.05 <0.05 <0.05 <0.05 
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Table 2.16: Results from the TOST measure of equivalence of measured activity concentrations to dose calibrator measurements 

for the hot outer cylinders. A threshold of ±5% of dose calibrator measurement is used. To pass equivalence testing, both upper 

and lower p-values must be <0.05 

 
Hot Outer Chamber Ratio ± StdDev 

Upper p-values Lower p-values 

Phantom Photopeak DEW mDEW Photopeak DEW mDEW 
Photopeak-Only DEW mDEW 

TC-Phantom #2 1.11 ± 0.03 1.09 ± 0.02 1.03 ± 0.04 >0.99 >0.99 0.10 <0.05 <0.05 <0.05 

TC-Phantom #3 1.05 ± 0.03 1.05 ± 0.02 1.01 ± 0.03 0.60 0.65 <0.05 <0.05 <0.05 <0.05 

 

 

Table 2.17: Results from the TOST measure of equivalence of measured activity concentrations to dose calibrator measurements 

for the hot inner cylinders. A threshold of ±5% of dose calibrator measurement is used. To pass equivalence testing, both upper 

and lower p-values must be <0.05. 

 
Hot Inner Chamber Ratio ± StdDev 

Upper p-values Lower p-values 

Phantom Photopeak DEW mDEW Photopeak DEW mDEW 
Photopeak-Only DEW mDEW 

TC-Phantom #1 1.01 ± 0.04 1.03 ± 0.04 0.96 ± 0.04 <0.05 0.17 <0.05 <0.05 <0.05 0.22 

TC-Phantom #3 1.03 ± 0.03 1.05 ± 0.04 0.93 ± 0.03 <0.05 0.40 <0.05 <0.05 <0.05 0.98 
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As seen with the TOST results in Tables 2.15-2.16, none of the scatter correction 

methods pass all equivalence testing with a ±5% threshold for measurements of a hot 

outer chamber. The Photopeak-Only and DEW methods fail the upper bound by a 

considerable margin in the outer chamber measurements of TC-Phantoms #2 and #3. For 

the same phantom, the mDEW passes the TOST criteria for TC-Phantom #3, and nearly 

passes for TC-Phantom #2. If the threshold were relaxed to ±10%, the mDEW method 

would pass all equivalence testing for the outer chamber measurements, while the 

Photopeak-Only and DEW would still fail the tests for TC-Phantom #3. 

For the hot inner chamber measurements, the Photopeak-Only method is the 

only one to pass the TOST criteria for both TC-Phantom #1 and #3. The DEW and 

mDEW methods fail both in both phantom measurements. Similar to the outer chamber 

measurements, if the threshold for equivalence were relaxed to ±10%, equivalence test 

improve significantly; all three scatter correction methods would demonstrate 

equivalence at the relaxed threshold.  

In addition to the tests for quantification accuracy, measurements of image 

uniformity and noise were performed for the hot outer chamber measurements in TC-

Phantoms #2 and #3. First, measurements of the COV were performed to compare pixel-

to-pixel variability with each scatter correction method. Figures 2.46 show the COV 

measurements as a function of iteration. A higher COV indicates larger pixel-to-pixel 

fluctuations in the reconstructed activity concentration. COV measurements larger than 
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1 are possible due to some individual pixels having values much greater than the mean 

of the VOI.  

 

Figure 2.46: Parametric plots of COV measurements vs quantification accuracy for the 

outer chambers of TC-Phantoms #2 and #3. Measurements for iterations 1-10 are 

plotted, showing systematically increasing COV with iteration. Lower values of COV 

for a desired accuracy is preferred. 
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While the quantification ratio changes relatively little after a few iterations, the 

COV is seen to increase with each iteration of OSEM. This is expected due to the known 

increase in pixel-to-pixel variability in iterative reconstruction algorithms with 

increasing iteration number. As seen in Section 2.3.5.1, scatter correction with either the 

DEW or mDEW methods results in higher COV measurements for a given iteration 

point. Figure 2.47 shows the percent change in the COV of the DEW and mDEW 

compared to the Photopeak-Only method for a 5th iteration reconstructed dataset.  For 

optimal uniformity, it’s important to understand the tradeoff between quantification 

convergence and relative pixel-to-pixel variability. One may desire to stop the 

reconstruction at an earlier iteration to avoid adding unwanted variability to uniform 

regions. Alternatively, post-reconstruction smoothing may help to reduce the high-

frequency variability of the background with minimum effects on quantification 

accuracy.   

Similar to the results seen in the uniform cylinder datasets, the measured COV of 

the background regions is higher in the DEW data compared to the mDEW data. 

Application of the mDEW results in up to a 6% increase in pixel-to-pixel variability, 

while the DEW method increases the variability by as much 8.3%. Thus, the mDEW 

appears to result in smoother background regions compared to the traditional DEW 

method, even in the presence of a hot or cold region within the phantom.  
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Figure 2.47: Graph of percent change in COV compared to Photopeak-Only results 

after 5 iterations. The COV was measured across all pixels within the same VOIs used 

for quantification. An increase in COV indicates larger relative pixel-to-pixel 

variability within the uniform background. 

Additionally, the bootstrap resampling algorithm previously described was 

utilized to estimate noise in TC-Phantom #3 (Fig. 2.48). A total of 10 realizations were 

generated and reconstructed using the three scatter compensation methods. The noise 

was then estimated using Eq. 1.13 for both the outer chamber and inner chamber regions 

independently. The measured image noise at each iteration was then plotted vs 

quantification accuracy of the 10 realizations.  

Results from the noise measurements show similar results to the COV 

measurements. In both the inner and outer chamber, the Photopeak-Only method 

demonstrates minimal noise compared to the DEW and mDEW methods. For the DEW 

and mDEW methods, the results are mixed. The mDEW method shows less noise in the 
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outer chamber compared to the DEW method, but the opposite is true in the inner 

chamber. 

 

Figure 2.48: Parametric plots of relative image noise vs quantification ratio. Relative 

image noise was measured across 10 realizations and normalized to the mean activity 

concentration within each VOI. 

 In summary, all three methods exhibit reasonable levels of quantification for the 

two-chamber phantom. The mDEW method consistently exhibited superior 

quantification of the hot outer chamber in the TC-Phantom. However, the Photopeak-
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Only and DEW methods show highly accurate quantification results in the inner 

chamber. Using the COV as a metric for image uniformity, the Photopeak-Only method 

has the best uniformity in the outer chamber background, followed by the mDEW 

method. Image noise follows similar trends, with the Photopeak-Only method again 

demonstrating superior performance in both the inner and outer chamber 

measurements. Thus, these initial phantom studies may indicate that the Photopeak-

Only method offers the best balance of reasonable quantification, background 

uniformity, and image noise.. 

2.3.5.3 Multi-Chamber Cylindrical Phantom 

In order to provide a better measurement of the performance of each scatter 

correction method in cold regions, the multi-chamber phantom (Fig. 2.24) was scanned 

in a configuration similar to TC-Phantom #2. The inner two chambers were filled with 

water-only, while the largest outer chamber was filled with an activity concentration of 

1.06µCi/mL. The outer-most chamber was left empty. The larger cold region allows for 

additional analysis of the scatter correction capabilities of each method. Because the 

region is void of radioactivity, any apparent radioactivity in the reconstructed images 

can be attributed primarily to uncorrected scattered events.  

The phantom was suspended from the bed by attachment to a large screw 

suspended from a cross-bar on the patient bed. Bubble levels were used to level the 

phantom within the FOV. Multiple sequential SPECT acquisitions (N=6) were acquired 
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using a VAOR trajectory. Listmode data were processed to produce Photopeak-Only, 

DEW, and mDEW projections. A SPECT-based attenuation map was utilized, but 

modified after creation to fill in the central void which still attenuates despite the lack of 

radioactivity. All datasets were then reconstructed using the specified scatter and 

attenuation correction methods with OSEM to 10 iterations with 8 subsets. Figure 2.49 

shows example slices of the reconstructed image.  

 

Figure 2.49: Example coronal and sagittal slices of the reconstructed Mutli-Chamber 

Phantom. Plots below show 5-voxel wide profiles through each slice. 

As with the TC-Phantom #2, VOIs were used to measure both the quantification 

accuracy of the outer chamber activity concentration and the apparent activity in the 
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central cold region. Ideally, scatter correction methods should reduce the apparent 

activity concentration within the central region compared to the Photopeak-Only 

method. Figure 2.50 shows plots of both quantification accuracy of the hot chamber and 

apparent activity of the cold chamber as a function of iteration.  

 

Figure 2.50: Plots of (TOP) hot region quantification accuracy and (BOTTOM) 

apparent cold region absolute activity concentration for the MC-Phantom. For the hot 

region, values near 1 are desired, while for the cold region, values near 0 are desired 
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Similar to the results seen in TC-Phantom #2, the quantification accuracy of the 

hot region appears to be within 10% for all three methods. The mDEW method shows 

slightly superior accuracy (within 4%) compared to the Photopeak-Only and DEW 

methods (within ~5-6%). However, in the cold central chamber, results reflect the similar 

trends observed in the TC-Phantom #2. The Photopeak-Only and DEW method offer the 

best estimate of the true activity within the cold chamber, with slightly lower measured 

mean activity concentrations within the cold inner chamber.. The DEW method again 

shows comparable results to the Photopeak-Only method. The DEW method does yield 

the lowest measure of activity within the central chamber (0.107µCi/mL at iteration 10), 

the result is within 5% of the Photopeak-Only estimate (0.111 µCi/mL). The mDEW 

method yields a slightly higher measurement of the activity concentration in the cold 

chamber compared to both the Photopeak-Only and DEW methods. There are (at least) 

two possible reasons for this observation: 1) the calibrated k-values are underestimating 

the true scatter within the photopeak, resulting in inadequate scatter subtraction; 2) the 

scaling that occurs to correct for tailed events (Eq. 2.14) results in the amplification of 

residual counts in the cold region, thus increasing the apparent activity concentration 

relative to the other methods which do not utilize the same correction. Further 

discussion on the behavior of the mDEW method can be found in Section 2.3.6.  
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2.3.5.4 Cylindrical Phantoms with Small, High Uptake Lesions 

In previous subsections, phantom analysis has focused on large background or 

axially symmetric cylindrical chambers to assess the quantification capability of each of 

the three scatter correction methods. However, for breast imaging, cylindrical regions of 

uptake are unrealistic. Instead, small areas of localized high uptake are observed in 

subjects with breast cancer. It’s important to determine the potential quantification 

accuracy for these methods for similar scenarios, especially with the goal of better 

treatment monitoring or staging of disease. In order to simulate localized uptake, a 

series of phantom experiments using the 10cm diameter cylinder and fillable simulated 

lesions was performed.  

In these studies, two types of simulated lesion were used (Fig. 2.25). One type of 

spherical lesion consisted of a two small latex balloons (1.7cm and 1.5cm diameters) 

mounted on a male polypropylene luer. The combination is then attached to a Teflon 

rod to allow for suspension within a phantom. The second type consists of a 1.7cm 

diameter fillable acrylic sphere that can be mounted to an acrylic rod for suspending in a 

volume.  

All lesion measurements were performed using the 10cm diameter phantom 

filled with 1200mL of water. Two locations were evaluated for spherical lesion: one 

position centered in the cylinder and the other at a radius of approximately 3cm from 

the center. The two positions were chosen to evaluate the position dependence of 



 

142 

quantification methods since detected scatter is dependent on the geometry of the 

phantom. Additionally, a well centered lesion would contribute counts to primarily the 

same detector elements at each detector position, while an offset lesion would contribute 

to larger distribution of detector elements. The offset lesion may reveal differences 

between the DEW method, which uses a single k-value, and the mDEW method, which 

attempts to correct each individual detector element.  

A linear stage (Fig. 2.26) with 3 degrees of freedom was used to position the 

lesion in the phantom. The stage was mounted to a ratcheting support system typically 

used for bed stabilization during patient imaging [75]. Figure 2.51 shows a photograph 

of a suspended cylindrical phantom a simulated lesion. The 10cm cylinder was 

suspended from the bed to simulate the prone breast geometry. A support rod was used 

for each simulated lesion to attach it to the linear stage. The lesion was then centered 

along the axis of the phantom and lowered into the volume. 

Table 2.18 gives the activity concentrations for each phantom setup. Initially, a 

single SPECT acquisition was acquired of each phantom setup with a hot lesion in cold 

background. These datasets was acquired to provide an easy method for placing the 

lesion VOI. Examples of these datasets are shown in Figure 2.52. 
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Figure 2.51: Photograph of cylindrical phantom with suspended balloon lesion. 

Cylinder was setup to simulate prone breast geometry, with the lesion position in the 

volume using the linear stage and support system. 

Table 2.18: Phantom and lesion setup conditions for simulated lesions. The 10cm 

diameter phantom was used for all simulated lesion measurements with 1200mL 

background volume. Note that differences activity concentrations for center and 

offset phantom were due to configurations being independently setup and scanned 

on separate days. 

 Lesion Conc. (µCi/mL) Bkg Conc. (µCi/mL) 

Large Balloon: Center 6.67 0.71 

Offset 6.53 0.67 

   

Small Balloon: Center 7.18 0.64 

Offset 7.43 0.59 

   

Plastic Sphere: Center 7.70 0.62 

Offset 7.65 0.61 
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Figure 2.52: Examples of 5 summed sagittal slices of each simulated lesion in a cold 

background. These datasets were used for drawing spherical VOIs within lesions in a 

hot background. 

 

Next, as with the previous phantom studies, each phantom setup was scanned 

sequentially multiple times. A VAOR trajectory with 128 projections (10s per prj) was 

used to acquire the SPECT data.  Projections were acquired in listmode and the data 

post-processed to generate photopeak and scatter window projections. Each projection 

set was then reconstructed using the Photopeak-only, DEW, and mDEW methods. 

Reconstructions were attenuation corrected using a uniform mask and decay corrected 

to dose calibrator measurement. Example slices of reconstructed datasets are shown in 

Figure 2.53. 
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Figure 2.53: Examples of single coronal sagittal slices of the 10cm diameter phantom 

with various lesions. Images taken from datasets reconstructed with OSEM to 1 

iteration with 8 subsets. 

As with the previous phantom studies, VOIs were placed in the background 

region and within the high activity lesion to assess quantification accuracy and 

uniformity within the background. Results for the background mean activity 

concentration and COV are plotted for each iteration in Figures 2.54-2.56.  
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Figure 2.54: Plots of uniformity versus quantification ratio of the background region 

for the phantoms with a 1.7cm balloon. 
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Figure 2.55: Plots of uniformity versus quantification ratio of the background region 

for the phantoms with a 1.5cm balloon. 
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Figure 2.56: Plots of uniformity versus quantification ratio of the background region 

for the phantoms with a 1.7cm plastic sphere. 
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The results of the background measurements are comparable to the results from 

the previous phantom studies with uniform and multiple chamber phantoms. 

Convergence of the background mean activity concentration occurs after only 3 

iterations, with <0.1% changes in the quantification ratio.  For all phantom setups, the 

mDEW appears to achieve higher quantification accuracy than the Photopeak-only and 

traditional DEW methods. The latter two methods overestimate the activity in the 

background by as much as 10%, while the mDEW method consistently falls within 5% of 

the dose calibrator measurements.  

The quantification results for the balloon and plastic lesions are shown in Figures 

2.57-2.59. Choice of VOI size and placement has a significant effect on measured activity 

concentration. Partial volume effects can play a large role in small objects, resulting in 

“spill out” or “spill in” activity that effects quantification accuracy [46, 108-109]; indeed, 

some groups have utilized VOIs larger than the known lesion diameter for absolute 

quantification of total activity [110]. Because of potential partial volume effects within 

the lesions, two spherical VOIs were used for each lesion. First, the center coordinates of 

the lesion in image space was determined from the no background reconstructions (Fig. 

2.52). Then using MATLAB, two spherical VOIs with diameters smaller than the true 

simulated lesions were used to measure the mean activity concentration: one 0.75cm 

diameter and one 1.25cm diameter. The quantification ratio of each measurement is 
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plotted as a function of iteration. The COV was not used as a metric in the lesions due to 

the small VOI size (7 and 33 voxels, respectively).  

 

Figure 2.57: Plots of quantification ratio of the lesion vs iteration for the phantoms 

with a 1.7cm balloon lesion at a (TOP) centered position and (BOTTOM) offset 

position. Two spherical VOIs with diameters of 0.75cm and 1.25cm were utilized for 

comparison due to potential partial volume effects. 
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Figure 2.58: Plots of quantification ratio of the lesion vs iteration for the phantoms 

with a 1.5cm balloon lesion at a (TOP) centered position and (BOTTOM) offset 

position. Two spherical VOIs with diameters of 0.75cm and 1.25cm were utilized for 

comparison due to potential partial volume effects. 
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Figure 2.59: Plots of quantification ratio of the lesion vs iteration for the phantoms 

with a 1.7cm plastic spherical lesion at a (TOP) centered position and (BOTTOM) 

offset position. Two spherical VOIs with diameters of 0.75cm and 1.25cm were 

utilized for comparison due to potential partial volume effects. 
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A direct comparison of the quantification results for the 5th iteration is given in 

Table 2.19 for the background and lesion measurements in each phantom. The 

quantification results from all lesion measurements are significantly more variable than 

the corresponding background measurements (Figs. 2.54-.256). As with the background 

measurements, the mean activity concentrations within the both VOI sizes converge 

after only a few iterations (~6 iterations). For the Photopeak-Only and DEW methods, 

results are generally good. In both the 1.7cm balloon and spherical lesions, the 

quantification accuracy is within 10% for both VOI sizes, regardless of lesion location. 

The 1.5cm balloon measurements are poorer, with quantification accuracy closer to 85% 

for both lesion positions. Also, VOI size appears to play a larger role in the 1.5cm 

measurements. The smaller VOI yields a considerably higher mean activity 

concentration in the center 1.5cm balloon measurements than in the larger VOI. Similar 

results are not observed in the offset lesion. 

 Lesion quantification results are poor for the mDEW method for all 

measurements. The mean activity concentration is underestimated in all phantoms by 

~20%. The results from the 0.75cm VOI varies in quantification accuracy from ~75-90%, 

while results from the 1.25cm VOI are consistently near 80%.  
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Table 2.19: Quantification ratios for background and lesion measurements using 0.75cm and 1.25cm diameter VOIs. All 

measurements were taken after reconstructing datasets with OSEM to 5 iterations with 8 subsets. Standard deviations represent 

the variability between N indicated sequential measurements for each phantom setup without accounting for dose calibrator 

error. 

 Photopeak-Only DEW mDEW 

Phantom Bkg 
Les – 

0.75cm 

Les – 

1.25cm 
Bkg 

Les – 

0.75cm 

Les – 

1.25cm 
Bkg 

Les – 

0.75cm 

Les – 

1.25cm 

1.7cm Balloon          

Center (N=9) 1.06±0.03 0.90±0.17 0.93±0.08 1.05±0.03 0.94±0.20 0.96±0.09 1.00±0.04 0.76±0.17 0.81±0.07 

Offset (N=10) 1.10±0.02 0.98±0.13 0.93±0.06 1.09±0.02 1.01±0.13 0.95±0.06 1.00±0.03 0.85±0.10 0.81±0.05 

          

1.5cm Balloon          

Center (N=6) 1.10±0.03 1.08±0.12 0.86±0.08 1.08±0.03 1.08±0.13 0.87±0.09 1.04±0.04 0.90±0.11 0.81±0.08 

Offset (N=8) 1.08±0.03 0.79±0.08 0.84±0.04 1.08±0.03 0.82±0.09 0.87±0.04 1.04±0.04 0.77±0.08 0.78±0.05 

          

1.7cm Sphere          

Center (N=9) 1.08±0.02 0.94±0.12 0.97±0.07 1.07±0.02 0.95±0.12 0.98±0.09 1.03±0.03 0.75±0.11 0.84±0.07 

Offset (N=8) 1.08±0.02 0.87±0.09 0.93±0.04 1.07±0.01 0.88±0.11 0.95±0.05 1.04±0.02 0.74±0.11 0.79±0.04 
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The mDEW method consistently performs the best when measuring the average 

activity concentration of the large background region. However, for lesion 

measurements, it fails in comparison to the Photopeak-only and traditional DEW 

methods. The Photopeak-only and DEW methods exhibit superior quantification 

accuracy for small lesion measurements. Interestingly, no significant differences in 

quantification accuracy are observed between the 1.7cm balloon and spherical lesions 

Part of the motivation of using the 1.7cm plastic spherical lesion was due to an observed 

change of shape of the balloon lesions when dismantling the phantom after each 

experiment. For all phantom setups with the balloon lesion, a noticeable depression was 

visible in the balloon when removed from the background fluid, as shown in Figure 

2.60. This depression reveals a change in the balloon volume, which may impact activity 

concentration measurements. It’s unclear from the balloon itself whether a residual air 

bubble was able to escape the lesion during scanning or if the balloon actually lost fluid. 

Alternatively, the depression may have been caused by an air bubble cooling in the 

water bath, thus reducing in volume without a fluid exchange. In an attempt to 

determine the cause of the depression, the 1.7cm balloon phantom was setup with the 

same latex balloon filled with food coloring. The balloon was suspended in the water 

background for 3 hours, and the background and lesion visually inspected afterwards. 

Unlike the phantoms used for SPECT acquisitions, no depression in the balloon was 

observed nor was the background water discolored. Both the food coloring test and 
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quantification results suggest that fluid was not exchanged during the SPECT 

acquisitions. The 1.7cm balloon results exhibit comparable accuracy to the 1.7cm plastic 

sphere results. The 1.5cm balloon results are inferior, but this may be due more to 

resolution limitations and partial volume effects than volume changes. Thus, by using 

VOIs that are smaller than the true simulated lesion size, the impact from the change in 

volume appears to be minimal. In future balloon lesion studies, the experimenter may 

want to weight the filed lesion before and after SPECT acquisitions to estimate potential 

fluid loss if a depression is noticeable.  

The TOST equivalence tests were performed for the background and lesion of 

each phantom. The p-value results for the tests are given in Tables 2.20-2.21 for a ±5% 

threshold.  

 

 

Figure 2.60: Photograph of balloon lesion after completion of all SPECT acquisitions. 

The large depression shown was not present during setup, indicating a change or 

redistribution of the volume at some point during the SPECT acquisitions. 
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Table 2.20: Results from the TOST measure of equivalence of measured activity 

concentrations to dose calibrator measurements for the background region within 

each phantom setup. A threshold of ±5% of dose calibrator measurement is used. To 

pass equivalence testing, both upper and lower p-values must be <0.05. 

 Photopeak-Only DEW mDEW 

Phantom 
Lower 

p-value 

Upper 

p-value 

Lower 

p-value 

Upper 

p-value 

Lower 

p-value 

Upper 

p-value 

Background       

1.7cm Balloon       

Center (N=9) <0.05 0.78 <0.05 0.40 <0.05 <0.05 

Offset (N=10) <0.05 0.19 <0.05 <0.05 <0.05 <0.05 

       

1.5cm Balloon       

Center (N=6) <0.05 >0.99 <0.05 0.98 <0.05 0.18 

Offset (N=8) <0.05 >0.99 <0.05 0.98 <0.05 0.25 

       

1.7cm Sphere       

Center (N=9) <0.05 >0.99 <0.05 >0.99 <0.05 <0.05 

Offset (N=8) <0.05 >0.99 <0.05 >0.99 <0.05 0.13 
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Table 2.21: Results from the TOST measure of equivalence of measured activity 

concentrations to dose calibrator measurements for the simulated lesions within each 

phantom setup. A threshold of ±5% of dose calibrator measurement is used. To pass 

equivalence testing, both upper and lower p-values must be <0.05. 

 Photopeak-Only DEW mDEW 

Phantom 
Lower 

p-value 

Upper 

p-value 

Lower 

p-value 

Upper 

p-value 

Lower 

p-value 

Upper 

p-value 

Lesion – 0.75cm VOI       

1.7cm Balloon       

Center (N=9) 0.91 <0.05 0.63 <0.05 >0.95 <0.05 

Offset (N=10) 0.23 0.08 0.10 0.18 >0.95 <0.05 

       

1.5cm Balloon       

Center (N=6) <0.05 0.75 <0.05 0.79 0.85 <0.05 

Offset (N=8) >0.95 <0.05 >0.95 <0.05 >0.95 <0.05 

       

1.7cm Sphere       

Center (N=9) 0.67 <0.05 0.49 0.09 >0.95 <0.05 

Offset (N=8) >0.95 <0.05 0.93 <0.05 >0.95 <0.05 

       

Lesion – 1.25cm VOI       

1.7cm Balloon       

Center (N=9) 0.78 <0.05 0.36 <0.05 >0.95 <0.05 

Offset (N=10) 0.83 <0.05 0.41 <0.05 >0.95 <0.05 

       

1.5cm Balloon       

Center (N=6) >0.95 <0.05 >0.95 <0.05 >0.95 <0.05 

Offset (N=8) >0.95 <0.05 >0.95 <0.05 >0.95 <0.05 

       

1.7cm Sphere       

Center (N=9) 0.25 <0.05 0.18 <0.05 >0.95 <0.05 

Offset (N=8) 0.76 <0.05 0.45 <0.05 >0.95 <0.05 
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The TOST results from Tables 2.20-2.21 reveal the difficulty in accurately 

quantifying small focal areas of radiotracer uptake. While quantification of the large 

background regions is very accurate, the lesion quantification fails for all phantom 

measurements when using a strict ±5% threshold. The failures are partly due to: 1) mean 

quantification values that fall outside of the 95-105% equivalence range, and 2) large 

variance between sequential measurements of the same lesion, as seen by the standard 

deviations reported in Table 2.19. Because the TOST criteria is dependent on the 

standard error ( �
√��  ), it’s possible that additional measurements (increasing N) would 

yield some additional passing results, assuming the reported means do not change 

significantly with additional measurements.  

The uniformity of the background regions was again measured using the change 

in the COV as the primary metric. The inclusion of a high-uptake lesion results in 

additional scatter within background, which may result in further degradation of 

uniformity compared to the uniform cylinder phantoms. Measuring the COV for 

phantoms with a simulated lesion helps to determine if the relative uniformity of the 

background after scatter correction changes with inclusion of a high-uptake lesion. The 

percent difference in COV for the background measurements are given in Figure 2.61.  
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Figure 2.61: Graph of percent change in COV of the background compared to 

Photopeak-Only results. The COV was measured across all pixels within the same 

VOIs used for quantification. An increase in COV indicates larger relative pixel-to-

pixel variability within the uniform background. 

The COV follows similar trends to the uniform phantoms, with the mDEW 

yielding images with lower pixel-to-pixel variability within the background regions. The 

traditional DEW method increases the relative variability by 8-9% relative to the 

Photopeak-only method. The mDEW, on the other hand, shows a more modest increase 

of approximately 5%.  

2.3.5.5 Summary of Quantification Results 

Tables 2.22-2.24 summarize the quantification results for each of the previously 

evaluated phantoms. Overall, data from the all phantom measurements indicates that 

the current mDEW method is capable of achieving greater quantification accuracy for 
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large, uniform background regions of the phantoms. The mDEW consistently passes 

equivalence tests for a ±10% threshold level, and indeed passes most tests at a stricter 

±5% level. The Photopeak-only and traditional DEW perform inferiorly in background 

regions, but both methods still pass most background equivalence tests at the ±10% 

level.  

With lesions, however, the Photopeak-only and traditional DEW methods are 

systematically better than the mDEW method. While none of the three tested methods 

consistently pass equivalence testing, the Photopeak-only and DEW methods do yield a 

better estimate of the true lesion activity concentration compared to the mDEW method.  

Additionally, results show that the application of either the DEW or mDEW 

methods results in increased pixel-to-pixel variability within the reconstructed images 

for a given iteration number. This increase in likely indicates a consistent contribution of 

error from the subtraction methods. Either way, the mDEW appears to contribute less 

variability to uniform regions than the traditional DEW method for a fixed iteration 

number.  

The ideal method to utilize for quantification may depend on the desired task. If 

the goal is to quantify a large region of apparent uniform uptake, the mDEW method 

appears to be a superior choice based on current results of the phantom measurements. 

However, when considering lesion detection and quantification tasks typically 

associated with cancer imaging, the Photopeak-only and DEW methods are superior. In 
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fact, when one considers the added background variability from scatter subtraction, it 

appears that the Photopeak-only method may be offer the best overall performance for 

tasks involving both background and small region quantification. The DEW method did 

perform slightly better than the Photopeak-only method in quantification studies. When 

considering the less conservative equivalence criteria (±10%, 1.25cm VOI for lesions), the 

DEW method passes with 17/21 measurements vs 16/21 for the Photopeak-Only. 

However, the observed better performance may be minimized with additional data due 

to the TOST dependence on the number of samples. When coupled with the differences 

in background variability and the additional steps required for the DEW method, the 

Photopeak-only method appears to offer the best balance of quantification accuracy and 

background uniformity for the newly rebuilt and reconfigured SPECT subsystem. 

Further studies with anthropomorphic geometries, including torso, cardiac, and hepatic 

uptake, are warranted since more complicated acquisition geometries may reveal the 

benefit of the DEW method.  
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Table 2.22: Summary of pass/fail results for TOST equivalence testing for a ±5% and ±10% threshold.  

Method 

Cylinders 
TC #1 

Inner 

TC #2 

Outer 

TC #3 Multi-

Chamber 

Outer 
5cm 7.5cm 10cm 12.5cm Inner Outer 

Threshold: 

±5% 
         

Photopeak – 

Only 
Pass Pass Fail Fail Pass Fail Pass Fail Fail 

DEW Pass Pass Fail Fail Fail Fail Fail Fail Fail 

mDEW Pass Pass Pass Pass Fail Pass Fail Fail Fail 

          

Threshold: 

±10% 
         

Photopeak – 

Only 
Pass Pass Pass Pass Pass Pass Pass Fail Pass 

DEW Pass Pass Pass Pass Pass Pass Pass Fail* Pass 

mDEW Pass Pass Pass Pass Pass Pass Pass Pass Pass 

*Indicates mean within 10%, but confidence intervals outside bounds 
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Table 2.23: Summary of pass/fail results for TOST equivalence testing for a ±5% and ±10% threshold.   

Method 

1.7cm Balloon - Center 1.5cm Balloon - Center 1.7cm Plastic Sphere - Center 

Bkg 

Lesion – 

0.75cm 

VOI 

Lesion – 

1.25cm 

VOI 

Bkg 

Lesion – 

0.75cm 

VOI 

Lesion – 

1.25cm 

VOI 

Bkg 

Lesion – 

0.75cm 

VOI 

Lesion – 

1.25cm 

VOI 

Threshold: 

±5% 
         

Photopeak – 

Only 
Fail Fail Fail Fail Fail Fail Fail Fail Fail 

DEW Fail Fail Fail Fail Fail Fail Fail Fail Fail 

mDEW Pass Fail Fail Fail Fail Fail Pass Fail Fail 

          

Threshold: 

±10% 
         

Photopeak – 

Only 
Pass Fail Fail* Fail* Fail Fail Pass Fail Pass 

DEW Pass Fail Pass Fail* Fail Fail Pass Fail Pass 

mDEW Pass Fail Fail Pass Fail Fail Pass Fail Fail 

*Indicates mean within 10%, but confidence intervals outside bounds 
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Table 2.24: Summary of pass/fail results for TOST equivalence testing for a ±5% and ±10% threshold. 

Method 

1.7cm Balloon - Offset 1.5cm Balloon - Offset 1.7cm Plastic Sphere - Offset 

Bkg 

Lesion – 

0.75cm 

VOI 

Lesion – 

1.25cm 

VOI 

Bkg 

Lesion – 

0.75cm 

VOI 

Lesion – 

1.25cm 

VOI 

Bkg 

Lesion – 

0.75cm 

VOI 

Lesion – 

1.25cm 

VOI 

Threshold: 

±5% 
         

Photopeak – 

Only 
Fail Fail Fail Fail Fail Fail Fail Fail Fail 

DEW Pass Fail Fail Fail Fail Fail Fail Fail Fail 

mDEW Pass Fail Fail Fail Fail Fail Fail Fail Fail 

          

Threshold: 

±10% 
         

Photopeak – 

Only 
Pass Pass Pass Pass Fail Fail Pass Fail Pass 

DEW Pass Pass Pass Pass Fail Fail Pass Fail Pass 

mDEW Pass Fail Fail Pass Fail Fail Pass Fail Fail 
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2.3.6 Sources of Reduced Lesion Accuracy with mDEW 

From the phantom studies, it’s clear that the mDEW results in decreased 

quantification accuracy of high-uptake regions relative to the background. This decrease 

is seen in both TC-Phantom #1 and #3 (section 2.3.5.2) as well as the smaller spherical 

lesions (section 2.3.5.4). The cause of this decrease is not obvious without further 

investigation, but it was suspected that the mDEW method performance is dependent 

on the number of detected events at each projection. To investigate this further, a non-

parametric bootstrap sampling algorithm was utilized to resample projections at lower 

and higher effective activity concentrations. Sampling to higher effective activity 

concentrations was done by sampling from multiple projection-matched listmode files, 

as described in Section 1.7. Two phantoms were processed in this way: 1) 7.5cm uniform 

cylinder, and 2) TC-Phantom #3. Each phantom listmode dataset was resampled to 

simulate configurations with 20%, 50%, 100%, 150%, and 200% of the true original 

phantom concentrations.  Ten realizations of each activity concentration were generated 

for each phantom. The resultant resampled listmode data were then processed to create 

projections for the Photopeak-Only, DEW, and mDEW methods. All datasets were then 

reconstructed (Fig. 2.62) with OSEM to 10 iterations with 8 subsets.   



  

 

1
6
7

 

  

 

Figure 2.62: Example of 30 averaged coronal slices from reconstructions (1iter, 8 subs) at each resampled activity concentration for 

the (TOP) 7.5cm diameter cylinder and (BOTTOM) TC-Phantom #3. Each reconstruction represents (LEFT to RIGHT) 20%, 50%, 

100%, 150%, and 200% relative activity concentration to the original phantom setup. Plots represent a 3-pixel wide line profile 

drawn through the center of each summed image.  
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For each phantom, the same quantification VOIs utilized in Section 2.3.5 were 

applied to each realization to determine quantification accuracy. The measured mean 

activity concentration of each region was plotted versus dose calibrator value (scaled for 

each resampled dataset) to examine the linearity of quantification measures, as shown in 

Figures 2.63-2.64. A slope of 1 is desired, indicating a 1-to-1 change in measured activity 

concentration with the dose calibrator values. Additionally, Figure 2.65 shows a similar 

plot of quantification accuracy versus dose calibrator measured activity concentration. 

In this second plot, a flat distribution indicates consistent quantification accuracy across 

a range of phantom activity concentrations.  

 

Figure 2.63: Plots of measured activity concentration vs scaled dose calibrator 

measurements for the 7.5cm diameter uniform cylinder. 
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Figure 2.64: Plots of measured activity concentration vs scaled dose calibrator 

measurements for TC-Phantom #3. (TOP) Full range of activity concentrations 

measured, including both outer and inner chambers. (BOTTOM) Zoomed in view of 

low-activity region of the top plot for more clearly viewing the outer chamber values. 
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Figure 2.65: Plots of quantification accuracy vs measured activity concentration from 

the dose calibrator. A flat distribution indicates consistent quantification accuracy 

across a range of phantom activity concentrations. “Outer” and “Inner” designations 

refer to TC-Phantom #3, while “7.5cm” data points refer to the 7.5cm diameter 

cylinder. 
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Linearity results in Figures 2.63-2.64 of the various phantom realizations reveal a 

non-ideal relationship between the mDEW results and known dose calibrator 

measurements. While the Photopeak-Only and traditional DEW methods have slopes of 

~1 for both phantoms, the mDEW data shows both 1) a slope of ~0.9, and 2) a larger y-

axis crossing value (~0.04 vs <0.01 for both the Photopeak-Only and DEW methods). The 

smaller slope indicates a systematic underestimation of high-activity regions in the 

phantoms, similar to what was seen in the experiments in Section 2.3.5. The relatively 

large y-intercept also shows that the current mDEW model cannot be used for low 

activity concentration measurements either, as the effective DC shift in measured values 

may result in significant overestimations of the mean activity concentration. This is 

especially significant given the observed average MIBI uptake in breast tissue 

(0.10µCi/mL), as discussed in Section 5.3. 

Figure 2.65 shows the same basic data, but plotted as quantification ratio versus 

activity concentration. This method of plotting more clearly illustrates the sensitivity of 

the quantification accuracy to the slope differences seen in Figures 2.63-2.64. At high 

activity concentrations (Fig. 2.65 – Top), all three methods appear fairly stable, with a 

relatively flat distribution above ~1µCi/mL. The Photopeak-Only and DEW methods 

both have quantification values near 1, while the mDEW method plateaus around 0.9. In 

the low activity range (Fig. 2.65 – Bottom), the mDEW method exhibits a significant 

slope, with quantification values inversely related to the phantom activity concentration. 
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The Photopeak-Only and DEW methods show a much flatter distiribution, although a 

slight increase in quantification ratios is seen, especially for the DEW method. However, 

despite the trends, most data points for the Photopeak-Only and DEW methods fall 

within 10% of the true activity concentration.  

The apparent superior performance of the mDEW in large background regions in 

Section 2.3.5 appears to be due to the calibration steps utilized in 2.3.2. Based on the 

linear fits, the activity concentration at which the mDEW line crosses the line of identity 

is 0.38µCi/mL. The OSEM scale factor was based on 7.5cm cylinder phantom 

measurements with an average activity concentration of 0.40µCi/mL during acquisitions 

(when averaged across all decaying sequential scans). Thus, the scale factor resulted in 

data that artificially biased the experimental phantom data due to background activity 

concentrations being comparable to the calibration activity concentrations. Note that it is 

not the absolute activity concentration that is suspected to cause this response; instead, 

the count density on the detector matters.   

2.4 Summary and Conclusions 

In conclusion, the Monte Carlo results demonstrate the change in the scatter 

incident on the gamma camera as a function of detector position. When simulating the 

pendant breast geometry, changes in the detected energy spectrum reveal the presence 

of more high energy (forward) scattered photons on the gamma camera with increasing 

detector tilt, especially at positions with direct views of the heart and liver. The scatter 
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distribution was characterized by linearly fitting the 113-139keV scatter range, which 

corresponds to scatter energies of interest for the physical SPECT subsystem when 

imaging Tc-99m labeled radiotracers. The increase in forward scatter, and thus slope of 

the fitted line, suggests a greater relative contamination of the photopeak energy 

window in the physical SPECT subsystem. The increased contamination is reflected in 

the calculated k-values for each detector position. The k-value directly correlates to the 

increased fitted slope. In simulating various SPECT trajectories, the k-values are 

relatively constant (~0.33) at all azimuthal angles for 0° and 15° polar tilts. However, as 

the detector tilt increases, the average k-value increases up to 0.40 for polar tilts of 45°, 

with k-values near 0.45 for projections with direct views of the heart and liver.  

The position dependent k-values reveal that the standard DEW method may not 

be appropriate for the non-traditional trajectories utilized with the breast SPECT 

subsystem. Initial evaluations of the impact of using a k-value calibrated for a 0° tilt 

trajectory for various tilted trajectories were performed by reconstructing projection data 

using OSEM. Both primary-only and DEW corrected reconstructions were performed. In 

addition to the fixed tilt trajectory, a variable tilt trajectory that mimics the current 

patient acquisition trajectory and minimizing views of the heart and liver was also 

evaluated. The measurements of lesion and background VOIs (mean and COV) in the 

DEW reconstructions were compared to the primary-only reconstructions. The results 

show that using a fixed k-value for all trajectories results in minor differences in 
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measurements of VOI means. The 0, 15, 30, and variable tilt trajectories exhibit <2% 

differences in background means, while the 45 tilt trajectory shows 4% change in mean 

values compared to the primary only reconstructions. Results in the 4cm lesion were 

comparable across all trajectories, with 4-5% differences observed. The relatively small 

differences in these quantification results are due to the low total scatter in the breast, 

resulting in small changes the scatter estimate with various k-values. In the 1cm lesion, 

significant variability in quantification was observed, with mean differences of -5% to 

13%. This variability is likely due to the size of the lesion and few projections utilized, 

resulting in poor quantification of very small regions. COV measurements, used as a 

measure of image uniformity in the background, generally increase with detector tilt, 

although COV results consistently reach a maximum at 30 tilt. The variable trajectory 

shows lower COV than the 30 and 45 tilt trajectories in all background measurements. 

The COV in the 4cm lesion is similar, although the 45 tilt trajectory is surprisingly lower 

than both the 30 and variable tilt trajectories. Changes in the COV are due to torso, heart, 

and liver contamination in projections. While the detected scatter distribution changes as 

a function detector angle, resulting in increased pixel-to-pixel variability, the relative 

insensitivity of the quantification results on the k-value suggests that a global k-value 

can be used for patient imaging with minimal effects on VOI measurements.  

In addition to the Monte Carlo work, a novel modified dual-energy window 

(mDEW) scatter correction method was derived and evaluated. The mDEW method 
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attempts to account for the specific response of each detector element and characterize 

the amount of low energy “tailing” present. A series of phantom studies were 

performed to compare the quantification and uniformity results of Photopeak-only, 

DEW, and mDEW reconstructions. Results from uniformly filled cylinders show 

superior quantification performance with the mDEW method, which appears to be less 

impacted by the phantom size. Similar quantification results were seen in background 

regions of the cylinders with the presence of high activity concentration lesions or other 

cylindrical chambers. However, in the high activity regions, the Photopeak-only and 

DEW method performed significantly better than the mDEW method for all phantoms. 

Both the Photopeak-only and DEW method demonstrated accurate quantification 

(within 10%) in the Two-Chamber Phantom and several of the largest lesion 

measurements. Additionally, in phantoms with cold inner chambers, the mDEW 

method again fell short compared to the DEW and Photopeak-only methods, with 

higher measured activity concentrations in known cold regions.  

These reasons for the poorer performance of the mDEW were also investigated. 

Using a bootstrap sampling algorithm, various realizations of the cylindrical and two-

chamber phantoms were generated to examine the quantification performance for a 

range of simulated activity concentrations. It was suspected that the scale factor used to 

characterize the low energy tailing was impacting the linear response of the 

quantification measurements. Results revealed that while the Photopeak-only and DEW 
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methods show an approximately 1-to-1 relationship between phantom activity 

concentration and quantification accuracy, the mDEW method does not. Plots of 

measured versus true activity concentration have a slope of ~0.9 with a larger y-

intercept, which results in poor quantification outside of the calibrate range. Because the 

background regions in the phantom studies had activity concentrations near the 

calibration cylinder values, the phantom background quantification results appeared to 

be superior for the mDEW method. However, in the same phantoms with multiple 

realizations with the bootstrap method, background measurements are significantly 

poorer with the mDEW while remaining nearly constant with the Photopeak-only and 

DEW methods. Thus, the mDEW method appears to be unreliable for accurate 

quantification across a range of activity concentrations.  
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3. Attenuation Correction in Dedicated Breast SPECT 

This chapter focuses on the application of attenuation correction within the 

OSEM reconstruction algorithm for improved breast SPECT quantification. Phantom 

studies are presented comparing the quantification accuracy of SPECT-based vs CT-

based attenuation correction, using methanol as a surrogate for lower attenuating 

adipose tissue found in breasts. The impact of image registration errors on whole breast 

quantification was also investigated using anthropomorphic breast phantoms and 

systematic shifting of CT-based attenuation maps.  

3.1 Background on Attenuation 

Attenuation is the primary effect that degrades image quality in nuclear 

medicine. While scatter and detector response also play a major role in quantification, 

attenuation has the greatest impact on the detected signal. This subsection presents some 

background on attenuation and the correction method utilized within the OSEM 

reconstruction process. 

Attenuation is a generic term used to describe the process of photons interacting 

with matter. For 140keV photons in tissue equivalent materials, the primary types of 

interaction are Compton, photoelectric, and coherent [111]. Each of these interactions 

result in the complete absorption or altered trajectory of the initial photon. Compton 

scattering has been previously discussed in Section 2.1. Photoelectric events are 

interactions that occur between a photon and a bound electron, typically in the K-shell 



  

178 

[46, 112]. The photon is completely absorbed by the electron, which is then ejected. The 

kinetic energy of the electron is equal to the difference in the photon energy and the 

binding energy, as given by the following equation: 

 

 ��������� = ������� − �������� Eq. 3.1 

 

Thus, photoelectric interactions remove emission photons completely, resulting in a 

reduction of the apparent photon flux from a radioactive source. For soft tissues, 

photoelectric is the dominant interaction for low energy photons (<30keV) [111]. The 

events contribute to the total dose deposited to a medium and, without correction, cause 

an underestimation of the true activity distribution in tomographic emission imaging.  

Coherent scattering is the term for an interaction between a photon and an atom, 

rather than a photon and electron as in Compton and photoelectric events [46]. Coherent 

scattering results in the photon being deflected with essentially no loss of energy. This 

lack of energy loss is due to the large mass of the atom. An analogy would be to consider 

a rubber ball bouncing against a hard surface floor. The large difference in mass results 

in the rubber ball retaining most of its energy and bouncing in a new direction. 

Similarly, a photon can undergo coherent scatter, which will alter the path of the photon 

without loss of energy. For 140keV photons emitted by Tc-99m, the probability of a 

coherent interaction is ~50x less than Compton interactions, as shown in Table 3.1.  
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Table 3.1: Mass attenuation coefficients for Compton, photoelectric, and coherent 

interactions in water for 140keV photons [111]. 

µcomp µphoto µcoherent 

0.150 cm2/g 0.001 cm2/g 0.003 cm2/g 

 

The model for attenuation given by the Beer-Lambert formulation 

 

 
��(�)

�(�)
= −� ∙ �� Eq. 3.2 

 

where I represents the scatter-free source intensity and µ is the linear attenuation 

coefficient that characterizes the material for specific photon energy. The model 

demonstrates a linear relative change in detected intensity with each differential 

distance through an attenuating medium. The resultant intensity through an attenuating 

medium of thickness x is determined by integrating Equation 3.2.  

 

 �
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 �(�) = ������ Eq. 3.4 
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It follows from Equation 3.4 that the detected source intensity can be corrected to its true 

value by multiplying the measured value by an exponential factor related to object 

attenuation characteristics and size.  

 

 �����(�) = ����(�)��� Eq. 3.5 

 

Because attenuation coefficients are material dependent, each voxel of the 

attenuation mask used for correction has a representative value depending on the 

composition of the object. For non-homogenous mediums or material mixtures, the 

effective attenuation coefficient can be determined by treating each material and 

thickness independently, resulting in an overall attenuation equation of 

 

 �(�) = ����(����������⋯�����) Eq. 3.6 

 

where �� is the attenuation coefficient for material n. Because the probability of 

interaction is dependent on the amount of material along a photon’s path, attenuation 

has a greater impact for larger objects. In tomographic imaging where the detector 

rotates around the object, this translates to a reduction in the reconstructed activity 

concentration near the center of the imaged object, creating a cupping effect.  
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 Several methods have been investigated for attenuation correction of 

reconstructed emission data [113-119]. In these studies, the built-in capability of 

attenuation correction within the OSEM reconstruction code is utilized. The OSEM 

algorithm uses ray tracing to compare the simulated emission projections from the 

reconstructed activity concentrations to the true projections after each iteration. To 

account for attenuation, an attenuation map matching the grid size of the reconstructed 

volume can be incorporated within OSEM. During the ray-tracing step of the 

reconstruction, the contribution of each voxel within the reconstruction is effectively 

reduced based on the number of attenuating voxels between the source voxel and the 

detector. Thus, the relative contribution of the each voxel is weighted based on position 

at each projection, resulting in voxels being scaled to negate the impact of attenuation. 

This yields a reconstructed image where each voxel is scaled relative to its position in 

the object and distance from each projection position. The result is a dataset that is 

compensated for attenuation, producing more uniform and quantitatively accurate 

reconstructions.  

In dedicated breast SPECT, the primary attenuating materials are skin tissue, 

glandular tissue, and adipose tissue. Each of the three tissues found in the breast have 

unique attenuation coefficients, and thus contribute independently to image 

degradation. Using the NIST XCom: Photon Cross Sections Database [111], the attenuation 

coefficient for any material of known composition can be calculated for a range of 
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energies. The molecular composition of skin, glandular, and adipose tissue have been 

analyzed both in ICRU 44 [120] and by Hammerstein, et al. [121] and the compositions 

were used with the NIST XCom program to estimate the attenuation coefficient of each 

tissue for 140keV photons. The results of the various tissues, as well as that for water, are 

given in Table 3.2. Accurate attenuation coefficients for the imaged object are necessary 

to ensure proper scaling of detected events; otherwise, regions of different materials 

may be artificially biased low or high depending on the material property differences.  

Table 3.2: Densities and attenuation coefficients for three expected breast tissues and 

water for 140keV photons [120-121]. The results show a moderate decrease in overall 

attenuation in adipose tissue as compared to glandular or water. 

Material ρ (g/cm3) µ (cm-1) 

Skin 1.09 0.1656 

Glandular 1.04 0.1585 

Adipose 0.93 0.1421 

Water 1.00 0.1545 

 

Currently, the standard practice of performing attenuation correction with the 

dedicated breast SPECT-CT system uses a SPECT-generated attenuation map. SPECT 

projections are reconstructed without any corrections using OSEM to 2 iterations with 8 

subsets to create an initial volume image. The 2-iteration image is then manually 

thresholded and all voxels above the threshold are replaced with the attenuation value 

of water (0.1545cm-1), while all other values are set to 0. The image is then used within 
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the OSEM reconstruction input to allow attenuation correction of each reconstructed 

image. The same procedure is also applied to patient data, where the assumption of 

water as a homogenous attenuating medium is also used instead of tissue-dependent 

attenuation coefficients. 

Because the breast anatomy is not homogenous, the use of material dependent 

attenuation coefficients may be necessary to maximize quantification accuracy of MIBI 

concentration measurements. Using the attenuation values given in Table 3.2, assuming 

water is the attenuating medium results in a potential overcorrection of photons that 

followed a path through adipose tissue on the way to the detector. The 

overcompensation may become significant when considering the results from Cutler, et 

al. that showed that the average uncompressed prone breast has dimensions in the range 

of 8-14cm, as shown in Table 3.3 [78]. Figure 3.1 demonstrates the potential 

overcompensation that can result from using water-only attenuation correction. 

Table 3.3: Results from measurements taken using MRI data of 103 breasts imaged in 

the prone position [78]. The measurements illustrate the large range of values for 

breast dimensions, which create unique challenges for the dedicated breast SPECT-

CT system. 

 Nipple-to-Chest Wall 

(cm) 

Medial-Lateral  

(cm) 

Superior-Inferior  

(cm) 

Mean 8.4 10.8 14.3 

Std Dev 2.7 2.4 1.6 

Min 2.9 5.5 8 

Max 19.1 16.9 17.3 
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Figure 3.1: Graph demonstrating the effects of using water-only attenuation correction 

for a variety of potential breast compositions. Relative activity is give as a measure of 

the overcompensation of true activity when using water-only attenuation correction. 

In all non-water compositions, a significant divergence compared to water is seen, 

especially for primary adipose volumes, which is expected in most patient breasts. 

The average breast sizes, especially with non-traditional trajectories used in our 

SPECT sub-system which utilizes views that may increase the relative thickness of the 

breast in the FOV, may result in a small bias in measured activity concentration for 

events originating in the center of the breast. For example, photons originating from the 

center of the breast may be subject to attenuation of ~5cm of tissue, which may be poorly 

corrected using NIST values of water depending on the tissue composition. Studies 

estimating glandular and adipose tissue composition percentages using breast CT have 

shown that most women have breasts composed predominantly of adipose tissue [122]. 

0.95

1

1.05

1.1

1.15

1.2

0 5 10 15

R
e

la
ti

ve
 A

ct
iv

it
y 

(W
at

e
r-

o
n

ly
 A

tt
e

n
u

at
io

n
)

Medium Thickness (cm)

Effects of Water-based Attenuation

Water

Adipose Only

5mm Skin +
50% Adipose +
50% Glandular

5mm Skin +
75% Adipose +
25% Glandular



  

185 

Breasts with a larger volume and percent adipose composition would be prone to 

increased relative bias compared to smaller or denser breasts when using water for 

attenuation estimation, as shown in Figure 3.1 above. Quantification errors up to ~5% 

may be expected for primarily adipose breasts when attenuation correcting using NIST 

water values.   

The experiments that follow investigate the impact of CT- vs  SPECT-based 

attenuation correction. First, a mutli-material phantom it utilized to determine the 

impact of various CT-based attenuation maps compared with a SPECT-based uniform 

attenuation map. Quantification accuracy measurements in high activity water and 

methanol regions, as well as a low activity water background are performed. 

Additionally, the impact of the mis-registration of SPECT-CT images is analyzed by 

systematically shifting a CT-based attenuation map for use in SPECT reconstructions.  

3.2 Evaluation of Quantitative Accuracy of SPECT vs CT-based 
Attenuation Correction  

In order to analyze the potential of using a CT-based attenuation masks, 

including material based attenuation coefficients, a multi-material phantom study was 

performed (Fig. 3.2) [123]. A 12.5cm diameter cylinder was filled with 1000mL of water 

and injected with 4.2µCi/mL aqueous Tc-99m pertechnetate. Four 1.9cm diameter 

syringes, 2 containing 10mL of methanol and 2 containing 10mL of water, were used to 

determine quantification accuracy of different materials. For each material, one syringe 

was filled with approximately 310µCi and the other with 160µCi, giving approximately 
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8:1 and 4:1 relative concentrations (to background) for each syringe pair, as shown in 

Table 3.4. Additionally, a 700mL breast phantom was filled with an aqueous solution of 

pertechnetate with two 2.2cm diameter (5.4mL) lesions, one methanol and one water, at 

approximately 7:1 concentration ratios. Photographs of each of the phantoms are shown 

in Figure 3.2 and Figure 3.3.  

 

Figure 3.2: Photographs of the (TOP LEFT) cylindrical and (TOP RIGHT) 

anthropomorphic breast phantom, each with methanol (light gray) and water (dark 

gray) simulated lesions. (BOTTOM) Schematic diagrams of the layout of each 

phantom showing the locations of the water-filled and methanol-filled volumes. In 

the cylinder, two syringes (solid lines) were filled at ~8:1 concentration ratios, while 

two syringes (dotted lines) were filled at ~4:1 concentration ratios.  In the breast 

phantom, both lesions were filled with a ~7:1 ratio.  
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Figure 3.3: Photograph of the cylinder phantom positioned for data acquisition. The 

phantom was suspended using two straps from the patient bed and allowed to 

stabilize before the SPECT or CT acquisitions were performed. The phantom was not 

moved during the experiments. 

First, a CT scan was performed using 240 projections over 360 degrees for each 

phantom setup. A second CT scan was performed using the beam-stop array (BSA), 

creating a series of projections used for scatter correction of the CT data [124]. Once the 

CT acquisitions were complete, SPECT acquisitions were performed with three 

trajectories: vertical axis of rotation (VAOR), tilted parallel beam (TPB) with 30° tilt, and 

projected sine wave (PROJSINE) with 15-45° tilts (Fig 1.7). 
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Table 3.4: Activity concentration of each simulated lesion for both the cylinder and 

breast phantoms. Activity measurements were performed using a dose calibrator, 

including being corrected for residual activity during filling and decay corrected to 

the same time point. 

 
Activity Concentration 

(µCi/mL) 

Signal:Background 

Concentration Ratio 

Cylinder   

Background 2.4 - 

Methanol – High 18.6 7.7:1 

Methanol – Low 9.0 3.7:1 

Water – High 17.5 7.2:1 

Water – Low 9.6 4.0:1 

   

Breast   

Background 3.9 - 

Methanol 24.9 6.4:1 

Water 25.8 6.7:1 

 

Each SPECT acquisition consisted of 128 projections over 360 degrees, with 5s 

acquisition time per projection. A single acquisition was performed for each trajectory. 

Listmode data were resampled using a non-parametric bootstrap algorithm (Section 1.7) 

to produce a total of five listmode realizations for each trajectory. The resultant listmode 

realizations for each projection were processed to obtain primary images and scatter 
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images. Primary images were created using a ±4% energy window centered on the 

photopeak (140keV), while scatter images were created from events in the 113-133keV 

energy window. Primary images were scatter corrected using the DEW method, with a 

coefficient of k=0.16, which has been previously determined in lab using a method 

outlined by Jaszczak, et al. [75, 80]. Further discussion on the DEW method can be found 

in Section 2. 

 Attenuation masks, shown in Figure 3.4, were created using the SPECT data by 

reconstructing the non-scatter corrected primary images using OSEM [125] to 2 

iterations with 8 subsets to a 150x150x150 grid (2.5mm isotropic voxels). The resultant 

images were then manually thresholded, with all values above the threshold set to 

0.1545cm-1. Care was taken to ensure that the attenuation map diameter closely matched 

the physical diameter of the phantom. The SPECT-based attenuation maps were 

generated individually for the VAOR, TPB, and PROJSINE trajectories. Known sampling 

issues exist with TPB reconstruction resulting in an inaccurate spatial distribution of 

activity, yielding “conical” images [47]; however, because any clinical scan would be 

subject to these artifacts, it’s necessary to evaluate the SPECT-based attenuation map 

from TPB reconstructions. Alternative attenuation masks were created using the CT 

data. The projections from the CT scans were scatter corrected using the BSA projections 

and reconstructed using an OSC reconstruction algorithm [60, 126] to 10 iterations with 

8 subsets. While SPECT-based images have rough edges due to the ill-defined boundary 
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of the SPECT reconstructions , the CT reconstructions offer highly accurate volume 

renderings of the phantom that provide boundaries for defining the attenuation region. 

CT images were further segmented into water and methanol regions by first 

thresholding the image to identify water and methanol voxels. Using the syringe and 

spherical lesion boundaries visible in the CT image, cylindrical and spherical VOIs were 

manually drawn in the CT image to segment the methanol region for use in material-

dependent attenuation maps. Each reconstructed image was used to create four 

variations of the attenuation masks, also shown in Figure 3.4: 1) (NIST – Water) uniform 

value of 0.1545cm-1; 2) (NIST – Seg) segmented into water and methanol VOIs, with the 

regions set to 0.1545cm-1 and 0.1234cm-1 (the narrow-beam attenuation coefficients of 

water and methanol respectively); 3) (Scaled – Water) each voxel, regardless of material, 

linearly scaled according to the shift of water from 36keV to 140keV; 4) (Scaled – Seg) 

each voxel for each material scaled according to the shift of water or methanol from 

36keV to 140keV. Linearly scaling CT-based attenuation values to 140keV based on 

water measurements has been shown to be accurate for low-Z materials (such as water, 

soft tissue, etc.), but accuracy may be reduced when using low-energy CT where 

photoelectric effects play a large role in overall attenuation [119, 127]. Thus, the above 

two scaling methods were employed, one using a single scaling value, the other a 

material-dependent scaling value. Additionally, the effectiveness of scaling relies on the 

accuracy of the reconstructed material attenuation coefficients. The CT data were 
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reconstructed to a 150x150x150 grid with 2.5mm isotropic voxels to match the grid size 

of the SPECT images.  

Representative slices from the reconstructed SPECT images are shown in Figure 

3.5. The CT attenuation masks were registered to the 2-iteration SPECT data using the 

AMIDE software package, which utilizes point-to-point rigid registration [128]. 

Registration errors were approximately 2mm (<1 voxel). The scatter corrected SPECT 

projections were then reconstructed using OSEM with 8 subsets to 20 iterations while 

applying the different attenuation masks during reconstruction. The resultant 

reconstructed images differ only in attenuation correction map applied to the data. 

There were no qualitative differences noticeable due to the different attenuation masks 

used during reconstruction. Note the conical shaping of the bottom of the cylinder seen 

in the TPB slices and slightly in the PROJSINE slices due to incomplete sampling.  
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Figure 3.4: Coronal and sagittal slices of the (TOP) cylinder and (BOTTOM) breast phantom attenuation maps, along with the 

(LEFT COLUMN) original CT reconstruction. Note the air gaps at the top of each syringe in the cylinder phantom and a small air 

bubble in the methanol lesion in the breast phantom. SPECT-based attenuation maps shown were generated from VAOR data.  
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Figure 3.5: Averaged (5 slices) coronal and sagittal slices of the reconstructed cylinder 

(LEFT columns) and breast (RIGHT columns) phantoms. Cold regions above hot 

regions in the cylinder are due to the syringe displacing the background. “Hot spots” 

on the outer edge of the phantoms are fiducial markers used for registration with CT 

data sets. (BOTTOM) Line profiles through images were generated along red dashed 

lines shown. 
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Cylindrical volumes of interest (VOIs) (Fig. 3.6) with 1.0cm diameter and 2cm 

height were manually drawn well-within the syringe boundaries in the 2-iteration 

reconstructed images, and then later used to measure the mean activity concentration of 

each material within each 20-iteration image. Background measurements were made 

with 5 cylindrical VOIs (2cm diameter) placed between the four syringes. Similarly in 

the breast phantom, spherical VOIs (1.25cm diameter) were drawn using the 2-iteration 

image within each breast lesion.  The measurements from each reconstruction were 

decay corrected and compared to the known activity concentration. The quantification 

results for both phantoms are shown in Figures 3.7-3.9.  

 

Figure 3.6: Coronal slices of the (LEFT) cylinder and (RIGHT) breast phantom 

reconstructed with OSEM to 2-iterations with 8 subsets. Illustrations of VOIs for 

measuring quantification accuracy are shown overlapping the images. 
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Figure 3.7: Quantification results from background VOI measurements in the cylinder 

and breast phantoms. Results are shown for each trajectory and attenuation map 

(SPECT and various CT-based maps) used in the experiments, as described in the text. 

Error bars represent standard deviation of measurements across 5 realizations. 
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Figure 3.8: Quantification results for the VOI measurements in the methanol and water-filled syringes in the cylinder phantom. 

Results are shown for each trajectory and attenuation mask used in the experiments. Error bars represent standard deviation of 

measurements across 5 realizations. 
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Figure 3.9: Quantification results from VOI measurements in the methanol and water 

filled spherical lesions in the breast phantom. Results are shown for each trajectory 

and attenuation mask used in the experiments. Error bars represent standard 

deviation of measurements across 5 realizations. 
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 The quantification measurements reveal several interesting results. First, for the 

VAOR data, there appears to be minimal differences in quantification accuracy of water 

regions when using a SPECT- or the various NIST valued CT-based attenuation maps. 

Quantification results are accurate (within 5%) for background measurements and the 

syringes in the cylinder phantom. In the background measurements of both phantoms, 

the SPECT and two NIST-value CT maps have comparable quantification accuracy (<1% 

difference). Measurements of the water-filled syringes in the cylinder and water-filled 

lesion in breast phantom also demonstrate comparable accuracy among the SPECT and 

NIST-valued attenuation maps (<1% difference). The methanol-filled syringe and lesion 

are where the difference due to selection of attenuation map are more apparent. In both 

the cylinder and breast methanol regions, the assumption of 100% water attenuation 

results in a higher estimate of the mean activity concentration. The segmented 

attenuation map (NIST – Seg) yields a lower mean activity concentration due to the 

smaller attenuation coefficient used for methanol (0.1234cm-1). Differences up to 6% 

between the NIST-Seg and SPECT/NIST-Wat attenuation maps are observed in the 

methanol regions. Because quantification accuracy can be impacted by many variables 

beyond attenuation (scatter, partial volume effects, detector response, etc.), determining 

the optimal attenuation map from VOI measurements alone may not be suitable. 

Instead, the quantification accuracy for each methanol region is compared to the nearly 

equivalent activity water region, where one would expect comparable quantification 
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accuracy given equivalent impact of other physical effects. To compare the water and 

methanol regions with similar activity concentrations, the differences in quantification 

ratios between three methanol-water pairs obtained with the VAOR trajectory were 

calculated: 1) in the cylinder, Methanol – High and Water – High , 2) Methanol – Low 

and Water – Low, and 3) in the breast, the Methanol and Water simulated lesions. Table 

3.5 summarizes this comparison. In comparing the methanol results to the water results, 

the SPECT-based attenuation map demonstrates the largest different in quantification 

results (up to 7%), while the NIST – Seg results in comparable precision to the NIST – 

Wat attenuation map. The comparable levels of quantification precision suggest that the 

segmentation methanol and water does not significantly impact quantification accuracy. 

However, it’s reasonable to expect that the utilization of a segmented attenuation map 

provides a better estimate of the true attenuation during the acquisition, regardless of 

any other effects that impact quantification accuracy and precision. 

Table 3.5: Differences in quantification ratio between the paired methanol and water 

regions in each phantom acquired with the VAOR trajectory. Negative results 

indicate the water region had a lower quantification ratio, while positive results 

indicate that the water region had a higher quantification ratio. 

Atten. Map 
Cylinder Breast 

Meth High – Water High Meth Low – Water Low Meth - Water 

SPECT -3% 7% 5% 

NIST - Wat -1% 5% 2% 

NIST - Seg -5% -1% -2% 
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Results for the TPB and PROJSINE trajectories show more variability with 

various attenuation maps. In the background (Fig. 3.6), the quantification accuracy 

appears high in both the cylinder and breast. Both the NIST – Wat and NIST – Seg 

demonstrate equivalent results, while the SPECT-based attenuation map differs slightly 

(<2%) from the CT-based maps. In the regional quantification measurements (Fig. 3.7 

and 3.8), though, larger differences are seen between the results for the SPECT- and CT-

based attenuation maps. As with the VAOR data, measurements of the water-filled 

syringes and lesions with the NIST – Wat and NIST – Seg attenuation maps are nearly 

identical for both the TPB and PROJSINE trajectories. However, the SPECT-based 

attenuation map results in differences for the water regions. Differences up to 9% in TPB 

data and 4% in PROJSINE data are observed in the water syringes and lesions. These 

differences are likely due to the incomplete sampling of each trajectory, resulting in 

volume differences in the attenuation maps (Fig. 3.10 and Table 3.6), especially with the 

cylinder.  The TPB trajectory produces in a conical extension of the attenuation map at 

the bottom of the cylinder, which results in an overestimate of the attenuation map 

volume.  A similar, albeit less pronounced, effect is seen in the PROJSINE cylinder 

attenuation map. The extended attenuation maps cause a larger correction to some 

regions of the cylinder, thus yielding results that differ from the CT-based attenuation 

maps.  
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Figure 3.10: Differences images created from subtracting the NIST – Wat attenuation 

map from the SPECT-based attenuation map. Dark areas represent pixels included 

only in the SPECT-based map, while white areas show pixels included in only the 

NIST – Wat map. Gray areas are matched voxel values, either 0 for air for 0.1545cm-1 

for the breast interior. 

 

Table 3.6: Measurements of total and shared volumes of the SPECT and attenuation 

maps. 

Trajectory SPECT Vol. (mL0 CT Vol. (mL) Shared Vol. (mL) 

Cylinder    

VAOR 1037 1023 935 

TPB 1448 1023 1001 

PROJSINE 1139 1023 944 

    

Breast    

VAOR 685 708 622 

TPB 626 708 567 

PROJSINE 624 708 581 
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 The methanol-filled regions in the TPB and PROJSINE data appear to be affected 

in similar ways to the VAOR data. The NIST – Seg attenuation map results in up to 6% 

difference in the quantification ratio compared to the NIST – Wat attenuation map. The 

differences in the NIST – Seg and SPECT-based attenuation maps are more significant 

due to the attenuation map differences illustrated in Figure 3.10. In the PROJSINE data, 

differences up to 10% are observed in the methanol regions between the SPECT-based 

and NIST – Seg attenuation maps. For TPB data, even larger differences, up to 17%, are 

observed. These large differences due to the poor volume rendering of the TPB SPECT 

data indicate that thresholding a SPECT image for generating attenuation maps is not 

appropriate for poorly-sampling trajectories. Table 3.7 shows the differences between 

the equivalent activity water and methanol regions, as previously calculated for VAOR 

data.  

Table 3.7: Differences in quantification ratio between the paired methanol and water 

regions in each phantom acquired with the TPB and PROJSINE trajectory. Negative 

results indicate the water region had a lower quantification ratio, while positive 

results indicate that the water region had a higher quantification ratio. 

Atten. Map 
Cylinder Breast 

Meth High – Water High Meth Low – Water Low Meth - Water 

TPB    

SPECT 13% 6% 4% 

NIST - Wat 9% 11% 4% 

NIST - Seg 5% 5% 1% 

    

PROJSINE    

SPECT 3% 5% 4% 

NIST – Wat 2% 6% 3% 

NIST - Seg 3% 1% 7% 
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Results for the matched water and methanol regions in each phantom show that 

the TPB trajectory yields highly variable results, especially with the SPECT-based 

attenuation map. Differences up to 13% in quantification accuracy are seen in the TPB 

data. Using a CT-based attenuation map with NIST values improves the differences, 

with minimal differences occurring when using the NIST - Seg attenuation map. 

Differences between methanol and water regions are much less when utilizing the 

PROJSINE trajectory, with the largest measured difference of 7%. The SPECT and NIST - 

Wat attenuation maps appear to offer comparable quantification accuracy to that of the 

NIST - Seg map for the high activity methanol-water syringe pair, but in the low activity 

syringe pair, the NIST - Seg map appears to have superior precision. These results are 

not consistent in the breast phantom, however, where the SPECT and NIST-Wat maps 

demonstrate smaller differences between the methanol and water lesions than the NIST-

Seg attenuation map. 

The attenuation maps created by scaling the CT reconstructed attenuation values 

(Scaled – Wat, Scaled – Seg) yield systematically lower quantification results to the 

uniform NIST maps (Fig. 3.7 and 3.8). The lower measured quantification ratio is due to 

the poorer estimation of the true attenuation coefficients in the reconstructed CT images. 

Figure 3.11 shows line profiles through the Scaled – Seg attenuation map. When the CT 

values are scaled relative to the attenuation values of water and methanol at 140keV, the 

resultant attenuation map has values that differ from NIST values for each material. 
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Specifically, the poor estimate for water results in an underestimation of the true 

attenuation and lower reconstructed activity concentrations. Because the accuracy of 

reconstructed attenuation coefficients with the CT subsystem varies with object radius 

(see Section 5.1), an attenuation map created from scaling of reconstructed values will 

result in a spatially varying attenuation map even within a uniform object. Instead, 

attenuation maps using NIST values of a given material should be used for attenuation 

correction.  

 

Figure 3.11: Examples of profiles through the Scaled – Seg attenuation maps for the 

(LEFT) cylinder and (RIGHT) breast. Profiles illustrate the differences in attenuation 

coefficients compared to NIST values. Two profiles were drawn at different radii in 

the breast showing the higher reconstructed attenuation coefficients for slices with 

smaller radii. Further work investigating the dependence of reconstructed CT 

attenuation coefficients with phantom radius is presented in Section 5.1. 
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 Equivalence testing was performed for each of the phantom measurements using 

the TOST criteria with a ±10% threshold. The TOST results are summarized in Tables 

3.8-3.10. Passing the TOST criteria requires a p-value of <0.05 for both the upper and 

lower bounds of the 10% threshold. 

Table 3.8: Summary of pass/fail results for equivalence testing of VAOR datasets 

using TOST criteria with ±10% threshold.  

 Cylinder - VAOR Breast - VAOR 

Atten. 

Map 
Bkg 

Meth  

– High 

Meth 

– Low 

Water 

– High 

Water 

– Low 
Bkg Meth Water 

SPECT Pass Pass Pass Pass Pass Pass Fail* Fail 

NIST – 

Wat 
Pass Pass Pass Pass Pass Pass Fail Fail 

NIST – 

Seg 
Pass Fail* Pass Pass Pass Pass Fail Fail 

Scaled – 

Wat 
Pass Fail Fail* Pass Pass Pass Fail Fail 

Scaled - 

Seg 
Pass Fail* Pass Pass Pass Pass Fail Fail 

* Indicates mean within 10%, but confidence intervals outside bounds 

Table 3.9: Summary of pass/fail results for equivalence testing of TPB datasets using 

TOST criteria with ±10% threshold. 

 Cylinder - TPB Breast - TPB 

Atten. 

Map 
Bkg 

Meth – 

High 

Meth – 

Low 

Water 

–High 

Water 

– Low 
Bkg Meth Water 

SPECT Pass Fail* Pass Pass Pass Pass Fail* Fail 

NIST – 

Wat 
Pass Pass Pass Fail Fail* Pass Fail* Fail 

NIST – 

Seg 
Pass Pass Pass Fail Fail* Pass Fail Fail 

Scaled – 

Wat 
Pass Fail* Fail Fail Fail Pass Fail Fail 

Scaled - 

Seg 
Pass Pass Pass Fail Fail Pass Fail Fail 

* Indicates mean within 10%, but confidence intervals outside bounds 
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Table 3.10: Summary of pass/fail results for equivalence testing of PROJSINE datasets 

using TOST criteria with ±10% threshold. 

 Cylinder - PROJSINE Breast - PROJSINE 

Atten. 

Map 
Bkg 

Meth – 

High 

Meth – 

Low 

Water 

–High 

Water 

– Low 
Bkg Meth Water 

SPECT Pass Pass Pass Fail* Pass Pass Fail* Pass 

NIST – 

Wat 
Pass Fail* Pass Fail* Pass Pass Fail* Pass 

NIST – 

Seg 
Pass Fail Fail* Fail* Pass Pass Fail Pass 

Scaled – 

Wat 
Fail Fail Fail Fail Fail Pass Fail Pass 

Scaled - 

Seg 
Fail Fail Fail* Fail Fail Pass Fail Pass 

* Indicates mean within 10%, but confidence intervals outside bounds 

 

In conclusion, the choice of SPECT- vs CT-based attenuation maps for regional 

quantification reveals minimal differences in quantification accuracy when using NIST 

values. Scaling of reconstructed CT images should not be used due to an 

underestimation of the true attenuation coefficients, likely due to object size as discussed 

in Section 5.2. The SPECT-based attenuation map must be generated to accurately match 

the true volume of the phantom, which is not easily done with poorly-sampling 

trajectories like TPB. The use of a uniform attenuation map of water does result in an 

increase in the measured activity concentration in methanol regions. However, due to 

the underestimation of most of the syringe and lesion measurements, absolute 

quantification may not be the best metric of determining the impact of material-specific 

attenuation coefficients. When comparing water and methanol regions with nearly 
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equivalent activity concentrations, quantification accuracy differs by <7% for SPECT and 

NIST attenuation maps with VAOR or PROJSINE acquisitions. In fact, most 

measurements show a difference <5% between matched water and methanol regions.  

The lack of large differences in quantification accuracy is likely due to several factors, 

including the majority of the phantom composition being water and the Poisson nature 

of event detection that limits quantification precision. Reasonable quantification can be 

achieved through either SPECT- or CT-based attenuation maps so long as the 

attenuation map and corresponding attenuation coefficient(s) are similar to the true 

phantom volume and material.  

While the TOST results imply that the SPECT-based attenuation map slightly 

superior to the NIST attenuation maps, these results are due to the artificial 

overcorrection of attenuation due to less accurate SPECT volumes.  The CT-based 

attenuation maps, which provide an accurate representation of the attenuating medium, 

exhibit borderline quantification accuracy within the syringes and spherical lesions. The 

lower quantification ratios of the syringes relative to the background are consistent with 

previously published data. The reduction in quantification accuracy may suggest that an 

alternate k-value for DEW scatter correction is necessary to avoid overcorrection of high 

activity regions. Indeed, this was part of the motivation for the experiments presented 

previously in Section 2.3.   
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For clinical studies, it may be more suitable to utilize a CT-generated attenuation 

map due to uncertainties in the true breast volume. Phantoms allow the experimenter to 

directly compare the resultant volume of the SPECT-based attenuation map to the true 

phantom dimensions, ensuring an accurately sized attenuation correction map. 

However, in clinical data, the true breast size is unknown and not easily measured. The 

CT reconstructions yield accurate volumetric data, which should generate realistic 

attenuation maps more consistently than a SPECT-based method, especially in low-

count SPECT imaging. While the SPECT-based method offers comparable quantification 

ability without the need for CT acquisitions or fiducial markers, the increased potential 

of a user-error from thresholding when creating attenuation maps implies that a CT-

based approach should be utilized for reliable quantification results. However, as will be 

discussed in the next section, image registration when utilizing non-traditional 

trajectories also plays a large role in attenuation correction with CT-based techniques.  

3.3 Impact of Registration Errors on Quantification with CT-
based Attenuation Maps 

In addition to attenuation coefficients, errors due to image registration when 

using CT or other alternative imaging modalities for attenuation correction are a concern 

in nuclear medicine. Inaccurate compensation for detected events can result in poor 

image quality and less meaningful quantitation of images, where deviations of up to 

35% have been seen due to 2.9cm shifts in attenuation mask alignment [129-130].  

However, these studies have focused on more complex anatomical regions, such as 
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myocardial SPECT, where material differences in the imaged region may be significant. 

In breast SPECT, with only three dominant tissue types (all soft tissue), it was 

hypothesized that the effects of minor mis-registration may be less significant, especially 

when modeling breast tissue using a single value attenuation coefficient (such as that of 

water).  

 

Figure 3.12: Flowchart outlining data acquisition and processing method used for 

determining effects of image registration on quantification. 
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 The procedure for analyzing registration errors is shown in Figure 3.12. 

To determine the effects of registration errors, a series of experiments was designed 

using a 700mL anthropomorphic breast phantom. The breast phantom was chosen due 

to the increased likelihood of registration errors with patients, who may move during 

scans. Characterization of mis-registration errors with breast-like geometries is 

important in understanding effects in patient imaging. Therefore, it was more important 

to determine the effects of attenuation mask shifts in an anthropomorphic phantom, 

which exhibits non-uniform curvature and asymmetric dimensions expected with 

patients.  

 

Figure 3.13: (LEFT) Single central slices from original SPECT and CT reconstructions. 

The SPECT dataset was reconstructed with OSEM to 2 iterations with 8 subsets. 

(CENTER) The resultant SPECT reconstruction was then smoothed with a Gaussian 

kernel due to the noisy nature of the SPECT images at low count rates. (RIGHT) Both 

SPECT and CT images were then thresholded, and the resultant image voxels 

assigned a value of 0.1545cm-1 for use in attenuation correction. 
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The breast phantom was suspended from the bed and filled with 700mL of 

water. Two phantom setups were used: 1) phantom at near clinical background activity 

levels (0.05µCi/mL) and 2) phantom with ~8x activity levels (0.39µCi/mL). Each 

phantom was scanned using a PROJSINE trajectory (Fig. 1.7) with 128 projections 

acquired at 5s per projection. Five (5) acquisitions of each phantom setup were 

performed. A CT acquisition was also performed for each phantom, with 240 equal-

angular projections acquired. Initially, SPECT data were reconstructed using OSEM to 2 

iterations with 8 subsets, and smoothed with a Gaussian filter (FWHM = 5mm) in 

coronal slices for use in both creating a SPECT-based attenuation mask and registering 

CT reconstructed images for creation of CT-based attenuation masks (Fig. 3.13). CT 

images were reconstructed using OSC to 5 iterations with 16 subsets to 2.5mm voxel size 

to match the SPECT image voxel size. As with the CT data in Section 3.2, the CT image 

was thresholded and the voxel values were replaced with value 0.1545cm-1, the 

attenuation coefficient of water at 140keV, and used in subsequent SPECT 

reconstructions as the attenuation mask.  
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Figure 3.14: (TOP) Illustration of the Anterior-Posterior (AP), Lateral, and Diagonal 

shifts used to investigate effects of registration errors. The original image is shown in 

dark gray. Each shift consisted of an integer number of shifted voxels, corresponding 

to -5, 0, 5, 10, and 15mm shifts. (BOTTOM) Overlayed attenuation maps after shifting. 

Each attenuation mask was summed to illustrate the offset in each direction. The 

black area of each image represents the common attenuating volume of all attenuation 

masks. 

Figure 3.14 illustrates the various misregistration shifts investigated in this study. 

Each attenuation mask was then used to create a compilation of shifted attenuation 

masks, with anterior-posterior (AP) and lateral, shifts of -2, 0, 2, 4, and 6 pixels 

(representing 5 to 15 mm shifts in one or more directions). Note that for AP shifts, a 

negative pixel shift corresponds to moving the attenuation mask in the posterior 

direction (towards the chest wall), while a positive pixel shift indicates moving towards 

the nipple. Diagonal shifts were performed with -2, 0, 1, 2, and 4 pixel shifts in both the 

AP and lateral directions.  
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The SPECT images were then reconstructed with OSEM to 20 iterations with 8 

subsets, including scatter and decay correction, and the average activity concentration 

within the entire breast was measured for each dataset. Additionally, two patient data 

sets, to be further discussed in Section 5.3, were processed using the same method 

outlined in Figure 3.12 as a means of comparing the trends observed in the phantom 

data set with actual breast data. Figure 3.15 illustrates the registration of the subjects’ 

SPECT and CT datasets.   

 

Figure 3.15: Superimposed SPECT and CT images illustrating intentionally applied 

registration errors used in creation of attenuation masks. In the SPECT image, dark 

orange areas represent regions of higher reconstructed activity concentration. In the 

CT image, dark gray areas represent glandular tissue, while the lighter regions are 

adipose tissue. The SPECT image shown includes cardiac and torso activity seen 

above the breast volume due to the nature of the PROJSINE trajectory. Note the 

SPECT image is summed for improved visualization in the figure. 
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Table 3.11: Absolute quantification results (measured / true) for the anthropomorphic 

breast phantom reconstructions with various shifted attenuation maps and the 

SPECT-based attenuation map. Note that the SPECT and Centered CT results are 

fixed for all shifting directions. 

AP SPECT 
AP – 

-2pix 
Cent. 

AP –  

2pix 

AP –  

4pix 

AP –  

6pix 

Phantom 

- High 
1.00±0.02 0.91±0.02 0.98±0.02 1.00±0.02 1.01±0.02 1.00±0.03 

Phantom 

- Low 
1.04±0.02 0.92±0.02 0.99±0.02 1.03±0.02 1.04±0.02 1.02±0.03 

Lateral SPECT 
Lat – 

-2pix 
Cent. 

Lat –  

2pix 

Lat –  

4pix 

Lat –  

6pix 

Phantom 

- High 
1.00±0.02 0.97±0.02 0.98±0.02 0.97±0.02 0.95±0.02 0.86±0.02 

Phantom 

- Low 
1.04±0.02 0.98±0.02 0.98±0.02 0.97±0.02 0.97±0.02 0.95±0.02 

Diagonal SPECT 
Diag – 

-2pix 
Cent. 

Diag – 

1pix 

Diag – 

2pix 

Diag – 

4pix 

Phantom 

- High 
1.00±0.02 0.91±0.02 0.98±0.02 1.00±0.02 1.00±0.02 1.00±0.02 

Phantom 

- Low 
1.04±0.02 0.91±0.02 1.02±0.02 1.01±0.02 1.02±0.02 1.02±0.03 

 

The absolute quantification results are shown in Table 3.11. Plots in Figure 3.16, 

including both phantom setups and the two patients used for realistic verification, allow 

for easy comparison for various shifts. All results in the plots are normalized to SPECT 

results for direct comparison to SPECT-based attenuation correction method, which is 

intrinsically registered. Since the true activity concentrations of the subject datasets are 

not known, normalization also allows for the comparison of the two subject datasets to 

the phantom measurements. Thus, the data in Figure 3.16 represent the ratio of the CT 

and SPECT results and not the absolute quantification ratios. Error bars for phantom 
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measurements in Figure 3.16 represent propagation of error from the ratio of both CT 

and SPECT data, as given by Equation 3.7.  
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Figure 3.16: Results of the phantom and breast quantification of mis-registered CT 

images compared to that of SPECT-based quantification. All datapoints are 

normalized to SPECT results to allow for comparison to subject data, which has an 

unknown true activity concentration. Error bars on phantom data represent 

propagated error of the ratio of CT and SPECT results. 
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Results indicate that registration errors can affect measurements of mean activity 

concentration, but that the variation appears to be less significant than the errors 

reported in literature due to smaller expected registration errors. Minor differences 

areseen between the SPECT and CT-based attenuation maps (<5%). The reason for the 

differences can be seen in Figure 3.17, which shows difference images of the SPECT and 

CT attenuation maps.  The larger volume of the SPECT-based attenuation map is due to 

the need to Gaussian smooth the noisy SPECT images. The overestimated volume with 

poorly defined edges results in additional attenuation correction in the reconstruction 

that raises the measured mean activity concentration.  

 

 

 

Figure 3.17: Difference images of the CT and SPECT-based attenuation masks for the 

breast phantom and two included subjects. Dark areas represent pixels only included 

in the SPECT-based mask, while white areas are pixels only included in the CT-based 

mask. Gray areas are matched voxel values, either 0 for air for 0.1545cm-1 for the breast 

interior. 
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The greatest observed sensitivity appears in the AP shifts (Table 3.11, top row 

and Figure 3.16, top left). Shifting the attenuation mask by -5mm (in the posterior 

direction) drops the measured activity concentration by ~7% in phantom datasets. The 

drop in mean activity concentration is due to areas of the phantom being outside of the 

attenuation mask, and thus uncorrected in the reconstruction. Shifts in the anterior 

direction, however, appear to have less of an impact (<5%) on the measured activity 

concentration, with a slight increase in the measured values observed. The slight 

increase results from additional areas of the attenuation map being present outside of 

the phantom, which causes an overcorrection in projections at large detector tilts in the 

PROJSINE trajectory.  

Lateral shifts demonstrate less sensitivity in the measurements (Table 3.11, 

middle row, and Figure 3.16, top right). Shifts of 5mm of the CT attenuation mask 

results in insignificant changes in the measured activity concentration. In fact, shifts of 

15mm are required before the measured activity concentration changes by >10%. The 

reduced sensitivity is due to the circular nature of the SPECT acquisition. Regions of the 

breast outside of the attenuation mask are under-corrected in some projections, while 

over-corrected in others depending on the azimuthal projection angle relative to the 

lateral shift. Thus, lateral shifts in registration have much less of an impact than AP 

shifts.  
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Results from the diagonal shifts (Table 3.11, bottom row, and Figure 3.16, 

bottom) are due to the component contributions of the AP and Lateral shifts. The effects 

observed in the AP and Lateral shifts combine, and the sensitivity of shifts in the AP 

direction results in comparable trends in the diagonal results. The slight increase in 

measured activity concentration seen in anterior shifts counters the slight decrease 

observed in lateral shifts, yielding a relatively flat distribution. However, a similar large 

reduction in the activity concentration is observed for the posteriorly shifted data, again 

illustrating the sensitivity of posteriorly-shifted misregistration.  

The patient data trends generally match those of the anthropomorphic breast 

phantom in the lateral direction, but demonstrates even greater sensitivity in the 

anterior direction (and thus diagonal as well). The reason for this is the constrained 

PROJSINE trajectory (Fig. 5.12) utilized in patient studies. Unlike the PROJSINE 

trajectory used for the breast phantom, the constrained PROJSINE trajectory results in 

one or more of the 45-degree trajectory lobes to be constrained to shallower detector tilts 

(typically <30 degrees). The shallower detector tilts are less affected by the anterior 

shifts, which artificially increased attenuation correction at large tilts. Instead, the 

regions of the breast that become excluded from the attenuation mask have a larger 

impact in the measured activity concentration. Lateral shifts, however, are comparable 

between the phantom and subject measurements. Differences <10% in the measured 

activity concentration are seen for shifts up to 15mm. Thus, as with the phantom data, 
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accurate registration is necessary for minimizing errors in quantification measurements, 

especially in the AP direction when utilizing a non-traditional SPECT acquisition 

trajectory.  

3.4 Summary and Conclusions 

In conclusion, the use of CT-based attenuation masks with NIST values offer 

comparable quantification accuracy to previously investigated SPECT-based methods. 

Minor differences are observed when utilizing material-specific vs water attenuation 

coefficients for quantification. These differences may be important when attempting to 

quantify breast data where the composition can vary greatly within the volume. The CT-

based methods produce accurate volumetric images for creating attenuation maps, 

which may be important in clinical imaging where the true breast size is not known. 

However, the SPECT-based attenuation maps are intrinsically registered, which 

minimizes errors related to image registration. Additionally, SPECT-based attenuation 

maps remove the need for hot fiducial markers and, in phantom studies, an extra CT 

acquisition. Thus for phantom studies, as long as the user takes great care in 

thresholding SPECT images, SPECT-based attenuation maps provide a simple method 

of attenuation correction without the risk of misregistration. However, for clinical 

studies, CT-based attenuation maps should be utilized when possible to ensure an 

accurately sized attenuation map for quantitative imaging when the breast size and 

spatial distribution are difficult to determine accurately. In addition, having the 
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volumetric CT map can help in diagnostic work-up of each patient, with only a trivial 

amount of added dose (~4mGy) to the patient relative to the SPECT scan. When possible, 

tissue-specific attenuation corrections should also be utilized to minimize potential 

overcorrections of adipose tissue uptake.  
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4. Resolution Recovery for Dedicated Breast SPECT 

This chapter focuses on the application of collimator detector response function 

(CDRF) modeling within the OSEM reconstruction of SPECT data. CDRF modeling 

attempts to account for the imperfect collimation of incident photons, resulting in a 

finite acceptance angel that is dependent on the geometry of the collimator. The 

application of resolution recovery methods, such as CDRF, may improve contrast and 

absolute quantification in dedicated breast SPECT. The impact on contrast, background 

uniformity, and quantification accuracy were determined through various phantom 

experiments.  

4.1 Background of Resolution Compensation for SPECT in 
OSEM 

Image reconstruction of SPECT projections collected with a parallel-hole 

collimator relies on the assumption that detected events originate along a line 

perpendicular to the camera face. While this yields reasonable results, this assumption is 

simplistic; for example, due to the finite length of a parallel-hole collimator, events may 

have truly originated from any point within a cone of acceptance defined by the 

collimator length and hole diameter. Figure 4.1 illustrates the geometry that results in 

image blurring and incorrect localization of events. Events that originate off-axis 

contribute to image blurring and inaccuracies in quantification of activity concentrations 

within localized areas of uptake.  
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Figure 4.1: Diagram illustrating the (LEFT) assumed detected event geometry, where 

each event originates along a line perpendicular to the detector and (RIGHT) actual 

detected event geometry, where events may have originated anywhere within a 

conical region that is dependent on the collimator dimensions. This difference in the 

assumption versus reality results in improperly localized event origins and may 

contribute to image blurring and poor quantification. 

By accounting for the 3D conical acceptance of the collimator hole, improved 

resolution and quantification may be achievable. This process is referred to as modeling 

the collimator detector response function (CDRF), and can be implemented a number of 

ways depending on the reconstruction model used. In this lab, a ray-driven Ordered 

Subset Expectation Maximization (OSEM) reconstruction algorithm [131], developed by 

Dr. James Bowsher, is utilized for processing SPECT data [125]. “Ray-driven” refers to 

the method of integrating lines through the estimated image and comparing the 

contribution from the activity in pixels along each ray to a given projection bin.  

The basic equation for computing intensity or activity values in reconstructed 

images using EM algorithms, first proposed by Shepp and Vardi [59] in a paper 

detailing Maximum Likelihood Expectation Maximization (MLEM), is given by 

Equations 4.1 and 4.2: 



  

223 

 �� = � ��,���

�

 Eq. 4.1 

 ��
��� =

��
�

∑ ��,��
× � ��,�

��

∑ ��,���
�

��

 Eq. 4.2 

 

where ai is the activity in pixel i, Mi,j is the probability matrix defining the probability 

that an emission from the ith pixel will be detected in the jth projection bin. Finally, pj is 

the measured projection data in the jth projection bin. Given a sufficient number of 

iterations, the MLEM reconstruction method will converge to a single solution. OSEM 

uses the same principles of MLEM, but achieves a considerable increase in speed by 

dividing the projection data into groups called “subsets” and applying the iterative 

methods described above on the individual subsets. Using fewer projections, 

reconstruction calculations are faster and comparable to MLEM results [131]. While 

OSEM technically does not have guaranteed convergence, the image quality of OSEM 

matches well to MLEM, and the expected quality of OSEM reconstructions can be 

compared to MLEM by a simple relationship:  

 

 �������������� ≈ �������� × �������������� Eq. 4.3 

 

In other words, the near equivalent of a 50 iteration MLEM reconstruction, in terms of 

image quality, can be achieved using 5 iterations of OSEM with 10 subsets.  
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The ray-driven approach utilizes forward projections along a given ray, 

including pixels whose center falls nearest the ray line, for generating the comparison 

projections used in OSEM. Methods for CDRF modeling have been reported extensively 

in literature [132-139]. In the OSEM algorithm used in this work, implementation of a 

CDRF model for resolution recovery is accomplished by including additional rays, such 

as those illustrated in Figure 4.2, in the ray-tracing algorithm. For parallel-hole 

collimators, this results in a conical volume (Fig. 4.3), which is then subsampled for 

estimating the contributions from off-axis events.  

 

Figure 4.2: Illustration of how the collimator dimensions result in a conical acceptance 

region for emitted photons. The length and diameter of the collimator holes define 

the acceptance angle for incoming photons and are used in CDRF modeling. 
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In this work, the amount of subsampling of the conical volume is given the term 

“Level.” The model for the CDRF used in the OSEM reconstruction, described in 

literature [138-139], is shown in Figure 4.3. The number of sub-sample rays, N, used for 

each CDRF level, L, is given by: 

 �(� > 0) = 1 +  �(2���)

�

���

 Eq. 4.4 

 

The weight, w, for each of the additional sampled rays based on the collimator 

hole length, l, and hole diameter, d, is given by Equation 4.5 [138-139]. Note that c is a 

normalization factor.  

 �(�) = � ∙ (2 cos�� �
�∙��� �

�
� − �

�∙��� �
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For simplicity, the various levels of CDRF modeling will be referred to by 

CDRFx, where “x” is the level corresponding to Figure 4.3.  

Using CDRF techniques have been shown to positively affect image quality 

through improved resolution and better activity recovery with lower measured variance 

[132-133, 140-141]. CDRF modeling helps to reduce the impact of partial volume effects 

that degrade contrast and quantification. 
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Figure 4.3: Collimator Detector Response Function levels available for use within the 

OSEM algorithm. Each dot represents a ray used in determining possible voxel 

contribution for each pixel in the projection images. The upper-left image illustrates 

the standard model, which does not account for off-axis events (single parallel ray). 

The other models, referred to by a “level” designation, attempt to model these off-axis 

events by using additional rays for computing contribution from each voxel. Higher 

levels refer to finer sampling of the conical acceptance region (determined from the 

collimator geometry); since the conical region is collimator dependent, the total 

volume of the conical region remains constant for a given reconstruction. 

However, CDRF modeling has drawbacks. For one, a significant increase in 

computation time occurs due to the tracing of additional rays during the 

reconstructions. For example, reconstructions of breast SPECT data on a 6 core Intel 

Xeon processor (2.6 GHz) requires approximately 2 hours for reconstruction of 128 

projections to 20 iterations with 8 subsets. When implementing CDRF models, the 

required reconstruction time increases by 9X, 25X, and 57X for each increasing level of 

Standard Model: No CDRF CDRF: Level 1 

CDRF: Level 2 CDRF: Level 3 
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CDRF modeling.  Additionally, implementing CDRF modeling has been shown to 

enhance edge artifacts. While edge artifacts are commonly seen in EM-based 

reconstructions [142], CDRF methods often result in enhanced edge artifacts that 

resemble Gibbs ringing [84, 141, 143]. The cause of the edge artifacts is not well 

understood, but they are believed to be due to the unrecoverable signal loss due to 

resolution limits of the SPECT system. When the resolution recovery model attempts to 

restore the signal, some of the high frequency components that were lost during 

acquisition are irrecoverable, resulting in Gibbs ringing near edges. These artifacts may 

significantly affect contrast and quantification, especially in objects near and below the 

resolution limit of the SPECT system. 

The section investigates the application of CDRF modeling for dedicated breast 

SPECT using the CZT gamma camera SPECT system described in earlier sections of this 

thesis. The impact of CDRF modeling on breast imaging with a compact dedicated 

gamma cameras has not been evaluated. The relatively small imaging FOV may result in 

minimal improvements due to a smaller orbit radius. The small volume of the typical 

breast, relative to torso SPECT imaging, means fewer total voxels off-axis voxels may 

contribute to a detector element . Edge artifacts may also significantly impact lesion 

contrast and quantification measurements.  
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4.2 Impact of the Application of CDRF Modeling to Breast SPECT 

This section describes the experiments performed to analyze the impact of CDRF 

modeling in breast SPECT. The goal was to o determine the effects of CDRF modeling 

on contrast and quantification accuracy. It was hypothesized that improved contrast 

expected from utilizing CDRF would also improve overall quantification of small objects 

with negligible impact on the background measurements. A series of phantoms were 

scanned, including those with high-activity and zero-activity regions. Resultant images 

were evaluated based on contrast, quantification accuracy, and uniformity to evaluate 

the impact of CDRF within the OSEM reconstruction. Note that this section contains 

mixed data from before and after the rebuild and reconfiguration of the SPECT-CT 

system.  

4.2.1 Two-Chamber Cylindrical Phantom 

First, the three setup configurations of the Two-Chamber Phantom (TC-

Phantom) described in Section 2.3 (Figure 2.24 and Table 2.14) were utilized to 

determine the impact of CDRF modeling on both hot and cold regions. TC-Phantom #1 

gives the simple case of a hot cylinder in a cold background, where one would expect 

CDRF modeling to perform well in the absence of compounding signals. The second 

case, TC-Phantom #2, is used to determine the ability of CDRF modeling to remove 

unwanted counts from known cold regions within a hot background. Finally, TC-
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Phantom #3 examines the impact in a more realistic setup, with a hot inner chamber in a 

hot background (~10:1 concentration ratio).  

Each phantom was scanned five times using a VAOR trajectory (10s per 

projection). Projections were reconstructed using photopeak-only projections and DEW 

correction methods. The mDEW method was not explored due to the known 

performance issues discussed in Section 2.3.6.  Projections were reconstructed using 

OSEM to 10 iterations (8 subsets) with and without CDRF1 modeling. All datasets were 

attenuation corrected using a SPECT-based attenuation map. Note that cold regions in 

TC-Phantom #1 and #2 were also included as attenuating material in the attenuation 

map. Activity concentrations were decay corrected for measuring quantification 

accuracy. Figures 4.4-4.6 show summed slices of the reconstructed projections at 

different iteration points. 

Figures 4.7-4.9 show the results of quantification measurements for each of the 

TC-Phantom configurations. The quantitative accuracy of the inner and outer chambers 

of each phantom was determined by measuring the mean activity concentration with the 

same cylindrical and annular VOIs utilized previously in Section 2.3.5.  The mean 

activity concentration of each hot chamber measurement was compared to the known 

concentration from phantom setup and plotted versus iterations using OSEM. Cold 

chamber measurements are plotted as raw activity concentration rather than the 
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quantification ratio due to the true concentration being zero. Results are compared to 

activity concentrations made without CDRF modeling.  

 

 

Figure 4.4: Reconstructed transaxial images of TC-Phantom #1 with corresponding 

line profile through center (black = normal, gray = CDRF1). Each image represents 20 

summed slices at different iteration points. 
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Figure 4.5: Reconstructed transaxial images of TC-Phantom #2 with corresponding 

line profile through the center (black = normal, gray = CDRF1). Each image represents 

20 summed slices at different iteration points. 
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Figure 4.6: Reconstructed transaxial images of TC-Phantom #3 with corresponding 

line profile through center (black = normal, gray = CDRF1). Each image represents 20 

summed slices at different iteration points. 



  

233 

 

Figure 4.7: Plots of quantification accuracy versus iteration number for the TC – 

Phantom #1 (outer = cold, inner = hot). Results are shown for OSEM using normal 

modeling (filled markers) and CDRF1 modeling (open markers). 

 

First, quantification results for TC-Phantom #1 demonstrate improved 

performance in the cold outer chamber. The measured activity concentration in the outer 

chamber is noticeably lower (~15%), indicating an improvement compared to the known 
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zero activity concentration. However, these differences are insignificant for clinical 

tasks, since the apparent activity in the cold region is ~50x lower than clinical uptake of 

MIBI in breast tissue, and thus unlikely to interfere with diagnosis or quantification.  

In the hot inner chamber, the slower convergence when utilizing CDRF modeling 

is apparent. While the results for the normal reconstruction quickly plateau, the CDRF 

results systematically decrease with each iteration, reaching values comparable to the 

normal reconstruction around 10 iterations. While the reconstructions were stopped at 

10 iterations due to reconstruction time considerations (~9 hours per dataset), it is 

expected that additional iterations would yield quantification results similar to the 

normal reconstruction. Both the normal and CDRF results demonstrate highly accurate 

quantification, with values near 1 for the quantification ratio. The lack of significant 

difference in the mean concentration, after sufficient iterations, implies minimal changes 

with CDRF modeling in this simple phantom configuration.  

Results for the TC-Phantom #2 configuration (Fig. 4.8) show similar results in the 

cold region. Measurements in the hot outer chamber again demonstrate slower 

convergence when utilizing CDRF modeling, but comparable quantification results after 

10 iterations. Differences <1% are observed in the quantification ratio of the background. 

Measurements of the cold inner chamber are much slower to reach minimum than the 

cold outer chamber of TC-Phantom #1. After 10 iterations, the CDRF results again show 

a ~15% reduction in the apparent activity concentration of the cold region. The raw 
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values of the inner chamber are higher than seen in TC-Phantom #1 due to partial 

volume effects and scatter from the surround hot outer chamber, so reductions of 15% in 

the true cold region may have clinical significance.  

 

Figure 4.8: Plots of quantification accuracy versus iteration number for the TC – 

Phantom #2 (outer = hot, inner = cold). Results are shown for OSEM using normal 

modeling (filled markers) and CDRF1 modeling (open markers). 
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Finally, results for the TC-Phantom #3 configuration (Fig. 4.9) demonstrate the 

combined effects of CDRF modeling in phantom simulating a localized high uptake 

region in a hot background. Quantification results in the outer chamber (background) 

are comparable between the normal and CDRF reconstructions. Similar convergence 

rates and differences <1% are seen in the quantification ratio for the outer chamber. The 

inner chamber results show significantly slower convergence for CDRF reconstructions 

compared to normal reconstructions. However, the quantification results with CDRF 

modeling appear to be converging to comparable levels near 10 iterations. As with the 

TC-Phantom #1, it is believed that additional iterations would yield quantification 

results similar to the normal reconstructions. Similar values of the inner chamber are 

expected after sufficient iterations, indicating that the partial volume effects that CDRF 

is intended to compensate for do not significantly impact VOI measurements in regions 

as large as the 1.9cm diameter inner chamber.  
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Figure 4.9: Plots of quantification accuracy versus iteration number for the TC – 

Phantom #3 (outer = hot, inner = hot). Results are shown for OSEM using normal 

modeling (filled markers) and CDRF1 modeling (open markers). 

. Because of the small differences in quantification accuracy in TC-Phantom #3, 

it’s unclear if CDRF modeling results in improved quantification strictly from the 

absolute quantification results in the individual chambers. Results with CDRF show a 

slight improvement in the quantification ratio in the outer chamber (values closer to 1.0), 
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but appear slightly worse in the inner chamber. A better method for establishing 

quantification accuracy may be to compare the quantification accuracy of each chamber 

simultaneously. Figure 4.10 plots the quantification ratio of the inner chamber vs the 

outer chamber of TC-Phantom #3. This plot is similar to measuring the accuracy of 

contrast recovery within the phantom. Results that lie along the line of identity are 

desired since it suggests comparable quantification accuracy with both chambers, but 

with a scalar offset.  As seen in Figure 4.10, the normal reconstruction results all lie 

below the line of identity. The application of CDRF moves the initial data above the line, 

and then trend downward with increasing iterations. The DEW results appear to lie 

directly on the line after 10 iterations with CDRF modeling, but further convergence is 

expected. However, the CDRF results are systematically closer to the line of identity, 

suggesting minor improvements in quantification exist. Small adjustments to the scale 

factor used in reconstructions may be necessary when implementing CDRF modeling.  

In addition to quantification accuracy, background uniformity was measured in 

the outer chamber for TC-Phantom #2 and #3. Uniformity was assessed using two 

metrics. First, the relative pixel variation in the background compared using the COV in 

a large VOI (Fig. 4.11– Left). Secondly, the uniformity index (Section 1.6) within the 

background was determined by computing the standard deviation of a set of VOIs 

throughout the background volume (Fig. 4.11 – Right).  
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Figure 4.10: Parametric plot of inner chamber vs outer chamber quantification 

accuracy. Values that lie along the line of identity (dashed line) indicate accurate 

contrast recovery independent of any scale factor used for absolute quantification. 

 

Figure 4.11: Illustrations of VOIs used for background uniformity measurements in 

the outer chambers of TC – Phantom #2 and #3.   

Figure 4.12 shows plots of the COV versus quantification accuracy of the 

background VOIs of TC-Phantom #2 and #3 at each iteration. For both cases, a 

quantification ratio (x-axis) of 1 is desired. The COV gives a measure of the total pixel 

variability in each region of the background for comparison between reconstructions 
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with and without CDRF modeling across multiple realizations.  Lower variability for a 

given quantification accuracy is desired to minimize the “noisy” appearance of images. 

The results show that the COV and quantification ratio change more slowly with CDRF 

modeling than without it. For example, in TC-Phantom #3, comparable quantification 

results are seen with 10 iterations of CDRF modeling to that of 5 iterations with the 

normal reconstruction. Similar COV measurements are seen between these two iteration 

points as well, indicating that ~10 iterations were necessary with CDRF modeling 

enabled to achieve the same effective result as 5 iterations with the normal model. The 

nearly identical trends observed in the background suggests that the slower 

convergence with CDRF has minimal effect on the pixel variability within the 

background for a given convergence point. Comparable quantification and COV 

measurements are achieved with normal reconstructions with fewer iterations.  
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Figure 4.12: Parametric plots of COV versus quantification ratio in the hot outer 

chambers of TC – Phantom #2 and #3. 

Figure 4.13 gives the results of the uniformity index of the background regions 

from measurements made using multiple VOIS (shown previously in Figure 4.11). The 

standard deviation of the means of several 1cm diameter VOIs was computed for each 

dataset as a measure of relative uniformity of the background. The uniformity index, 

previously defined in Section 1.6, is given by: 
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 ���������� ����� =  1 −
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 Eq. 4.6 

 

where � and � are the mean and standard deviation of the multiple background VOIs. 

The results are plotted against contrast measurements for the same VOIs. Contrast 

provides a straightforward method to evaluate the relative redistribution of counts 

between two different activity concentration regions in a manner independent of any 

scale factors. In TC-Phantom #2, where relative contrast should be 1 due to the cold 

inner chamber, results show improvement in contrast using CDRF modeling. Similar 

trends are observed in the uniformity measurement, although for a given iteration point 

the uniformity is lower when using CDRF. However, as discussed previously, this 

difference is due primarily to the slower convergence when implementing CDRF 

modeling. When comparing points that appear to be on similar areas of the convergence 

curve, uniformity values are similar between the normal and CDRF methods. In TC-

Phantom #3, more dramatic differences are observed. Contrast is initially significantly 

higher when implementing CDRF modeling, but the values slowly converge to towards 

those in the normal reconstructions. Unlike TC-Phantom #2, uniformity measurements 

in TC-Phantom #3 show inferior values when using CDRF for every iteration point. The 

reason for this difference in trend is unclear, but it appears that additional complexity 
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added by the high-activity inner chamber in the phantom results in increased spatial 

variability throughout the background for a given iteration point.  

 

Figure 4.13: Plots of the background uniformity, measured by the standard deviation 

between a large group of radially spaced VOIs, versus contrast in each phantom 

setup. A uniformity value of 1 implies a highly uniform outer chamber region in the 

reconstructed images. The dashed lines indicate true contrast values for each 

phantom: TC-Phantom #2 with the cold inner chamber has a true contrast value of 1, 

while TC-Phantom #3 has a true contrast value of 7.93.  
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Finally, Figure 4.14 shows line profiles through the center of TC-Phantom #3 at 

various iteration points. The profiles illustrate how the shape of the inner chamber 

distribution changes with iterations and CDRF modeling. Signal is seen to redistribute 

from the tails/edges of the inner chamber, creating steeper edges. Because the true 

profiles are approximately rect functions, measurements of resolution using a fitted 

Gaussian function are not appropriate. Additionally, edge artifacts encountered at 

higher iterations make function fitting difficult. Instead, to quantify changes in profile 

shapes, the absolute value of the gradient of each profile was calculated to locate the 

steepest point along each edge, as shown in Figure 4.15. The average of the max 

amplitude at each edge of the inner chamber was used as a metric for edge recovery 

(steepness) and resolution. The results quantitatively illustrate observed change in 

profile shape when implementing CDRF modeling. CDRF modeling improves edge 

recovery by ~25% at 10 iterations. Additionally, the distance between the max amplitude 

peaks matches well with the true inner chamber diameter. For all 5 reconstructions with 

and without CDRF modeling, the measured separation between gradient peaks ranges 

between 1.75cm and 2.0cm, which is in agreement with the known 1.9cm diameter of the 

inner chamber. However, it’s important to note that the presence of edge artifacts is also 

contributing to the edge enhancement, which influences the gradient calculations.   

The results from the TC-Phantom demonstrate that CDRF1 modeling can impact 

image contrast and quantification. In the hot outer chambers of TC-Phantom #2 and #3, 
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the mean activity concentration was largely unchanged (Figures 4.8-4.9). Convergence 

rates were comparable, although slightly slower in TC-Phantom #2 when implementing 

CDRF1 modeling. Cold regions also showed comparable convergence rates, although 

again slightly slower in TC-Phantom #2. The measured activity concentration in the cold 

regions was improved in all cases with CDRF1 modeling, with values closer to true zero. 

Measurements in the hot inner chambers of TC-Phantom #1 and #3 show much slower 

convergence with CDRF1 modeling. The measured activity concentration rises quickly 

after 2 iterations, and then tapers slowly down to values lightly above those of the 

normal reconstructions. Values appear to be nearing convergence at 10 iterations, but 

further iterations would be necessary to verify the plateauing of the values. Overall, 

quantification accuracy appeared nearly indistinguishable from the normal 

reconstructions in TC-Phantom #1 and #2 after 10 iterations. 

 

Figure 4.14: Plots of 1-pixel wide line profiles through the center of TC-Phantom #3 

after normal and CDRF reconstructions. Profiles were created from 20-slice average 

coronal slices. 
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Figure 4.15: (TOP) Example gradient calculation (absolute values) for the TC-Phantom 

#3. The peak gradient amplitudes indicate the steepness of each edge of the inner 

chamber. The average of the two peaks is used as a metric for comparing edge 

recovery in reconstructions. (BOTTOM) The average maximum gradient is plotted 

versus iteration as a metric for edge recovery and resolution. Higher gradients 

indicate steeper edges in the corresponding line profiles. 

The assessment of quantification accuracy in TC-Phantom #3 was performed 

using the parametric plot of the quantification ratio of the inner and out chamber (Fig. 

4.10).  The results indicate that the normal reconstructions systematically underestimate 
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the hot inner chamber activity concentration relative to the outer chamber. Using CDRF 

modeling improves this, and in fact, the DEW method with CDRF modeling shows 

excellent results at 10 iterations. As shown in Figure 4.10, all CDRF results appear closer 

to the line of identity than their normal reconstruction counterpart, which consistently 

shift away from the line with increasing iterations. However, further convergence of the 

CDRF results is expected, which may yield final results comparable to the normal 

reconstructions.  

Uniformity measurements using the COV and previously defined uniformity 

index were also performed. Only minor differences in the COV were seen when 

comparing normal and CDRF reconstructions at similar points along the convergence 

curve. This result is expected due to the matched projection data of each reconstruction 

and the slower convergence of CDRF modeling, resulting in 10 iterations having similar 

pixel variability to a 5 iteration normal reconstruction. Measurements of the uniformity 

index versus contrast also indicate minor differences between normal and CDRF 

reconstructions.  The slower convergence of TC-Phantom #2 makes it difficult to 

compare the uniformity index directly, but the similar observed trends (albeit with more 

iterations) seem to indicate comparable uniformity, when values of the 10th iteration 

again nearly matching those of the 5th iteration normal reconstruction. In TC-Phantom 

#3, the uniformity appears systematically lower than the normal reconstructions at each 

iteration. However, these differences are relatively minor (<0.02 index values). Contrast, 
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however, is higher in both phantoms when implementing CDRF techniques. TC-

Phantom #2 shows significant improvement due to the lower measured activity 

concentration in the cold inner chamber. Contrast measurements in TC-Phantom #3 

appear more sensitive to iteration number. This sensitivity is likely due to the large 

impact of minor changes in the background activity concentration (due to the 

background measurement being in the denominator of the contrast calculation), and the 

impact of Gibbs ringing in the inner chamber measurements. The Gibbs artifact causes 

high intensity edges and lower intensity center of the inner chamber, which appears to 

increase in magnitude with iterations. A VOI within the inner chamber would be subject 

to this artifact depending on its diameter and location within the chamber.  

Lastly, in measurements of edge recovery, the CDRF reconstructions show 

superior ability to reconstruct well-defined edges. Using the gradient as the primary 

metric, CDRF reconstructions exhibit 25% larger gradients at the edges of the inner 

chamber compared to the normal reconstructions (Fig. 4.15). The improvement implies 

superior resolution and local contrast due to the reduction of tailing from partial volume 

effects into the background. While these effects are of less importance in such large, high 

activity objects like this phantom, improvements in edge recovery may significantly 

impact the detection of smaller lesions (<1cm diameter). However, as previously 

mentioned, the presence of edges artifacts, such as Gibbs ringing, may be the primary 

cause of the enhanced edges rather than the CDRF modeling correction. 
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4.2.2 Multi-Material Cylindrical Phantom  

For the second phantom configuration, the four-syringe phantom previously 

described in Section 3.2 was utilized . The phantom consisted of a cylinder with four (4) 

10mL syringes, two filled with water and two filled with methanol (Figure 3.2). One of 

each of the water and methanol syringes was filled with Tc-99m at a ~8:1 activity 

concentration ratio and the others filled at a ~4:1 ratio relative to background. The 

cylinder was imaged using VAOR, TPB, and PROJSINE orbits with 128 projections and 

5s per projection. The data were scatter corrected using the traditional DEW method, 

attenuation corrected using SPECT-based masks, and decay corrected. All 

reconstructions were performed using OSEM to 20 iterations with 8 subsets, with every 

5th iteration written to file (Fig. 4.16). To test for the improvements with CDRF, four 

reconstructions were performed for each phantom setup: standard model and CDRF 

Levels 1-3 (CDRF1, CDRF2, CDRF3). Unlike the data presented in Section 3.2, only one 

realization was reconstructed using CDRF methods due to the time requirement for 

CDRF reconstructions, especially with higher levels (up to 114 hours).  
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Figure 4.16: (TOP) Averaged (8 slices) coronal slices of reconstructed data (20 iter.) 

with and without CDRF modeling for each acquisition trajectory. (BOTTOM) Line 

profile through VAOR data at the indicated location (red tickmarks) showing the 

impact of the CDRF modeling on the activity distribution in the background and 

water syringes. 
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Because of the single dataset utilized, quantification accuracy was not 

investigated directly. Instead, contrast measurements were compared to reconstructions 

without CDRF modeling to determine the impact of various levels of CDRF modeling on 

different acquisition trajectories (Figs. 4.17-4.19). The VOIs utilized in Section 3.2 were 

utilized to measure mean activity concentration within the syringes and background. 

Contrast was calculated for each syringe at each iteration point.  

 

Figure 4.17: Plots of contrast versus iteration number with and without CDRF 

modeling for the VAOR acquisition. The dashed lines indicate true syringe-

background contrast for each filled syringe. 
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Figure 4.18: Plots of contrast versus iteration number with and without CDRF 

modeling for the TPB acquisition. The dashed lines indicate true syringe-background 

contrast for each filled syringe. 

 

The contrast results inconsistent results between the syringes and acquisition 

trajectories. In the VAOR data, measured contrast is higher when implementing CDRF 

modeling in three of the syringes, but lower in the Water-Low syringe. With the TPB 

acquisition, measured contrast is higher in all four syringes when including resolution 

modeling. 
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Figure 4.19: Plots of contrast versus iteration number with and without CDRF 

modeling for the PROJSINE acquisition. The dashed lines indicate true syringe-

background contrast for each filled syringe. 

The PROJSINE trajectory exhibits mixed results; measurements of the Water-

High syringe shows higher contrast, while the Water-Low contrast is reduced compared 

to the normal reconstruction after 10 iterations. The two methanol syringes in PROJSINE 

data shows even more variable results, with some levels of CDRF modeling resulting in 

higher contrast, and other lower contrast, compared to then normal reconstruction. In 

general, the normal reconstruction contrast measurements are relatively flat with 

increasing iterations of OSEM. The CDRF measurements show larger variations, with 
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some plots revealing an increase in contrast, while others show a significant decrease in 

contrast with iterations. 

Interestingly, for almost all contrast measurements, the normal reconstruction 

more nearly reproduces the true syringe-background contrast compared to the CDRF 

results. In fact, the normal reconstruction demonstrates superior contrast accuracy 

syringes except the Methanol – High syringe in the VAOR and PROJSINE data. These 

results of measured versus true contrast indicate that while contrast is generally higher 

in measurements with CDRF modeling the contrast is artificially inflated.  

The reason for the larger variations in contrast is due to the slower convergence 

with CDRF modeling, which causes large fluctuations within the reconstructed syringes. 

Figure 4.20 shows example profiles through the two water syringes for all three 

trajectories. Plots on the left show line profiles created with a normal reconstruction at 5, 

10, 15, and 20 iterations. On the right are plots of the same line profile and iteration 

points for reconstructions with CDRF1 modeling. The figure shows that the profile 

shapes are continuing to change shape, even at 20 iterations, when utilizing CDRF 

modeling, while the normal reconstruction is largely unchanged from 5 iterations in 

both syringes. With CDRF modeling, the activity concentration is seen to decrease in 

several of the syringes, which may be due to slower convergence or the emerging of 

enhanced edge artifacts. These changes in activity distribution directly impact VOI 
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measurements, resulting in the unstable and inaccurate contrast measurements seen 

previously in Figures 4.17-4.19.  

 

 

Figure 4.20: Line profiles through the two water syringes from normal and CDRF1 

reconstructions averaged over 8 coronal slices. Profiles drawn at the locations 

previous indicated in Figure 4.16. Profiles at 5, 10, 15, and 20 iterations are plotted to 

demonstrate changes in profile shapes with iterations present in the CDRF 

reconstructions. 
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In summary, the application of CDRF modeling in the four syringe phantom 

results in changes in measured contrast of each syringe. These changes in contrast are 

due to the redistribution of activity within the syringes when modeling the collimator 

resolution. In most measurements, the result in an increase in the measured contrast 

with CDRF modeling. The various levels of modeling appear to have minimal impact on 

contrast measurements; increasing the number of sampling rays does not consistently 

increase or decrease contrast relative to CDRF1. Some measurements demonstrate 

contrast reduction with increasing iterations, even at times below the normal 

reconstruction measurements. Additionally, in almost every measurement, the normal 

reconstruction more accurately reproduces the true syringe-background contrast in the 

phantom. The variation in contrast with increasing iterations is due primarily to the 

slower convergence. The slower convergence yields changes in the mean activity 

concentration with increasing iterations within each VOI, thus altering contrast 

measurements. Gibbs artifacts, which are known to be present in reconstructions with 

resolution modeling, may also play a role by reducing the mean activity concentration 

near the center of each syringe while enhancing the edges, as seen in the VAOR data in 

Fig. 4.20. The reduction in the center of the syringe reduces the mean activity 

concentration of VOI measurements, and thus concurrently contrast measurements. 

Thus, contrast measurements appear more sensitive to the VOI location than in normal 

reconstructions.  
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Besides changes in contrast, no significant effect is seen in profile shape for 

VAOR and PROJSINE profiles in Figure 4.20. However, in the TPB data, the profile 

shape of the high activity water syringe is slightly improved. In the normal 

reconstruction, the high activity syringe appears to be centrally spiked, regardless of 

iteration, which does not reflect the ideal flat activity distribution within the syringe. 

However, when implementing CDRF modeling, the profile flattens near the peak and 

more closely resembles the expected shape. Thus, while the TPB trajectory has known 

sampling problems that make it non-ideal for breast imaging, CDRF modeling may have 

a more substantial impact on its reconstructions than in more complete sampling 

trajectories.  

4.2.3 Phantoms with Spherical Lesions 

In addition to the cylindrical phantoms presented previously, other cylindrical 

and anthropomorphic breast phantoms were setup with spherical lesions to determine 

the impact of CDRF on small high-uptake regions. Small objects are where contrast 

improvements would be most useful in count-limited nuclear medicine imaging. 

However, accurate quantification of small objects is significantly more difficult due to 

resolution limitations. Typically, objects need to be at least 3X larger than the system 

resolution for full signal recovery in the reconstructed object [46]. Applying CDRF may 

significantly improve contrast and quantification in small, high uptake regions.  
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4.2.3.1 Cylindrical Phantoms with Spherical Lesion 

The data from the cylindrical phantom with 1.8cm balloon lesion, previously 

described in Section 2.3.5.4, was used to investigate the effects of CDRF modeling on 

small lesions. The experiment is summarized again here for the reader’s convenience. A 

10cm diameter cylinder was filled with 1200mL of water and suspended from the 

patient bed to simulate a prone breast position. A 1.7cm latex balloon lesion was 

attached to a luer and support rod and suspended in the cylinder at two positions: 

center and ~2cm from the edge of the phantom. First, a single SPECT acquisition of the 

lesion  in cold water was acquired. Then, the background was filled with a solution of 

Tc-99m pertechnetate to create ~10:1 lesion-to-background activity concentration ratio. 

Each phantom configuration was scanned multiple times with a VAOR trajectory with 

128 projections (10s/prj). Listmode data were processed to create photopeak and scatter 

window projections. Datasets were reconstructed with OSEM using the previously 

described Photopeak-only and DEW scatter compensation methods (Section 2.3) with 

attenuation and decay correction. In total, the first five datasets from each phantom 

acquisition were reconstructed with and without CDRF1 modeling (Level I only) to 

determine the impact on quantification, background uniformity, and lesion-to-

background contrast. Only CDRF1 was chosen due to the increased time required for 

reconstructions (9X) and minimal differences between levels observed in Section 4.2.2. 
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Figures 4.21-4.24 show example slices from reconstructed images of each phantom 

configuration. 

 

 

Figure 4.21: Reconstructed coronal slices of 10cm diameter cylinder with centered 

1.7cm balloon lesion in a cold background. Plots below illustrate line profiles (black = 

normal, gray = CDRF1) through the lesion. Red tickmarks indicate location of the 

profiles shown. 
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Figure 4.22: Reconstructed coronal slices of 10cm diameter cylinder with centered 

1.7cm balloon lesion in a hot background. Plots below illustrate line profiles (black = 

normal, gray = CDRF1) through the lesion. Red tickmarks indicate location of the 

profiles shown. 
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Figure 4.23: Reconstructed coronal images of 10cm diameter cylinder with offset 1.7cm 

balloon lesion in a cold background. Plots below illustrate line profiles (black= 

normal, gray = CDRF1) through the lesion. Red tickmarks indicate location of the 

profiles shown. 
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Figure 4.24: Reconstructed coronal images of 10cm diameter cylinder with offset 1.7cm 

balloon lesion in a hot background. Plots below illustrate line profiles (black= 

normal, gray = CDRF1) through the lesion. Red tickmarks indicate location of the 

profiles shown. 

Quantification accuracy measurements were performed using the methods 

demonstrated in Section 2.3.5.4 which utilized two spherical VOIs of diameters of 

0.75cm and 1.25cm. The results are shown in Figures 4.25-4.26. Both spherical VOIs fit 

well within the physical dimensions of the lesion. As seen previously, VOI 

measurements are sensitive to location and size. Because of the enhance edge artifacts 

commonly seen with CDRF modeling, utilizing two VOIs offers insight into the 

sensitivity of VOI choice on quantification in normal and CDRF reconstructions.  
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Figure 4.25: Plots of quantification accuracy versus iteration for reconstructions of the 

centered 1.8cm balloon lesion. Results are given for reconstructions with and without 

CDRF modeling. Two VOI sizes with 0.75cm and 1.25cm diameters were used to 

demonstrate sensitivity of quantification measurements with VOI choice. 
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Figure 4.26: Plots of quantification accuracy versus iteration for reconstructions of the 

offset 1.8cm balloon lesion. Results are given for reconstructions with and without 

CDRF modeling. Two VOI sizes with 0.75cm and 1.25cm diameters were used to 

demonstrate sensitivity of quantification measurements with VOI choice. 
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 Quantification results in Figures 4.25-4.26 demonstrate a strong dependence on 

VOI choice when implementing CDRD modeling. With the normal reconstructions, 

quantification accuracy is comparable between the 0.75cm and 1.25cm diameter VOIs. In 

both phantoms, the normal quantification results are within 10% for all VOI 

measurements. Both measurements in the phantom with a centered lesion show 

quantification ratios around 95%, with minimal differences beyond 5 iterations. The 

offset phantom shows similar results, with the 0.75cm lesion ratio near 100% and the 

larger 1.25cm diameter VOI at 93%. However, these differences are far less than those 

observed with CDRF modeling. Results from the CDRF reconstructions illustrate the 

slow convergence of the activity distribution within the lesion. The quantification ratio is 

seen to peak at ~2 iterations and decreases with each additional iteration. The 1.25cm 

VOI measurements show a gradual decline from the peak value to values near the 

normal reconstruction results. Photopeak-only results are within 3% at 10 iterations in 

both phantoms. The DEW results show similar trends, although with greater differences 

between the normal and CDRF reconstructions at 10 iterations (6-14%).Results appear to 

be near convergence at 10 iterations as the ratio begins to plateau.  

 With the 0.75cm diameter VOI, convergence appears to require significantly 

more iterations. Measurements in both phantom configurations show a rapid decrease in 

the quantification ratio with increasing iteration, with no signs of nearing convergence. 

The quantification ratio drops considerably, from beginning higher than the normal 
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reconstruction to well below at 10 iterations. The cause for this drop is related to the 

enhanced edge artifacts present in CDRF reconstructions. As seen in the profiles of 

Figures 4.22 and 4.24, increasing iterations results in a considerable change in the profile 

shape. The edges are seen as sharp peaks, while the center of the lesion monotonically 

decreases in reconstructed activity concentration. The reduced activity in the center of 

the reconstructed image significantly effects the smaller 0.75cm VOI, which when 

centered shows a consistent decrease in the quantification ratio. The larger 1.25cm VOI is 

less affected by this artifact due to inclusion of the high-intensity edges, which 

compensates the measurement of the mean activity concentration. Thus, the choice of 

VOI size when implementing CDRF models has a significant impact on quantification 

measurements. Post reconstruction smoothing or other filtering may be required to 

minimize these effects, but at the expense of degrading the potentially gained resolution.  

 As with the experiments in Section 4.2.1, the absolute value of the gradient of line 

profiles through each lesion was calculated, and the maximum amplitude points were 

used to characterize the edge recovery. Figure 4.27 shows a plot of the gradient 

measurements versus iteration for each phantom configuration. Additionally, the 

distance between the two points of maximum gradient amplitude were used to estimate 

the resolution of the reconstructed lesions. In all measurements, regardless of 

reconstruction or scatter method utilized, the average lesion diameter was measured to 

be 1.75cm (7 pixels), which matches well with the known lesion diameter of 1.7cm.  
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Figure 4.27: Plots of average peak gradient of each edge of the 1.8cm lesion. Larger 

gradient measurements indicate sharper edges at the boundary between the lesion 

and background. 

As with the TC-Phantom, implementing CDRF modeling results in greater edge 

recovery (sharper edges) than normal reconstructions for both the Photopeak-Only and 

DEW methods. The DEW method with CDRF modeling shows the greatest change, with 

a 50% increase in the average peak gradient values compared to the normal 

reconstruction. The Photopeak-Only method exhibits ~25% change in the edge gradients. 
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Thus, CDRF modeling again demonstrates the ability to sharpen edge boundaries 

between areas of different activity concentration. However, it’s important to note that 

the increased sharpness of the edges may be due in part to enhanced edge artifacts, 

which negatively affect quantification measurements. Understanding the tradeoff 

between sharper edges and the effect of VOI quantification measurements is important 

when deciding whether to implement CDRF modeling.  

4.2.3.2 Anthropomorphic Breast Phantom with 4 Small Balloon Lesions 

In addition to imaging cylindrical phantoms, a phantom study was performed to 

evaluate the effects of CDRF modeling on very small lesions (<2mL). A 700mL 

anthropomorphic breast phantom was filled with a solution of Tc-99m with an activity 

concentration of 3.5µCi/mL. Within the breast, four latex balloon lesions (Fig. 4.28) were 

placed using a square support constructed of plastic drinking straws. The lesions had 

effective diameters of 1.4cm, 0.9cm, 0.7cm, and 0.6cm. A photograph of the phantom 

setup and diagram of lesion locations is shown in Figure 2.49.  
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Figure 4.28: Photograph of various balloon lesions used to investigate CDRF 

modeling. The luers and rods used to support the lesions are shown at the bottom of 

the photograph. Note that unlike the studies presented in Section 2, the luers were not 

trimmed prior to the phantom setup. Additionally, the leurs shown are nylon which 

preferentially binds to Tc-99m pertechnetate, making absolute quantification 

unreliable in this study. 

 

Figure 4.29: (LEFT) Photograph of the anthropomorphic breast phantom with 4 

balloon lesions and (RIGHT) diagram of the initial lesion locations.  
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The lesions were filled with an activity concentration of 28µCi/mL, creating an 

8:1 lesion-to-background ratio. The breast phantom was scanned using only the VAOR 

and PROJSINE trajectories. Three acquisitions were performed with each trajectory. 

Listmode data were processed to generate photopeak and scatter window projections, 

and the traditional DEW method was used for scatter correction. All datasets were 

reconstructed with OSEM from 5-20 iterations with scatter and attenuation correction. 

As with the four syringe phantom, three levels of CDRF modeling were utilized in 

addition to the standard reconstruction method. The resultant reconstructed datasets 

were then analyzed to determine the effects of CDRF modeling on contrast for small 

lesions. Quantification accuracy was not assessed due to a) the balloons shifted 

sometime during the data acquisition due to the support system moving, which may 

compromise VOI measurements if the shift occurred during an acquisition, b) unlike 

experiments in Section 2, the luers were not pre-trimmed to minimize the occupied 

volume, which would create cold regions, and c) without realizing it at the time, the 

luers used for mounting and suspending the balloons were nylon, which binds to 

pertechnetate and may result in artificially high activity. However, because investigation 

of CDRF modeling is done using matched projection data, change in contrast is still a 

viable measure of CDRF impact.  
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Figure 4.30: MIP images generated for each reconstructed dataset with and without 

varying levels of CDRF modeling. Images were generated from the datasets 

reconstructed to 5 iterations with OSEM. 

Figure 4.30 shows example maximum intensity projection (MIP) images from the 

VAOR and PROJSINE acquisitions with and without CDRF modeling. The MIP images 

are shown due to the four lesions being located on different planes within the 

reconstructed image.  

In the PROJSINE data, all four lesions can be located within the reconstructed 

datasets. However, in the VAOR data, the smallest lesion appears undetectable. The 

smallest lesion is near the detectable limit of the system [144]. The contoured nature of 

the PROJSINE trajectory provides greater proximity to the breast by tilting and 

positioning the detector underneath the phantom, which may have impacted resolution 

of the smallest lesion. Additionally, because the VAOR data were acquired after the 
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PROJSINE data, radioactive decay resulted in reduced total counts from each region, 

increasing projection noise and potentially leading to poorer detection of the small 

lesion in the presence of a hot background. It’s also possible that the balloon-luer seal 

was broken when the lesion support shifted, causing activity to leak into the background 

and reduce the smallest lesion contrast. For these reasons, all of the results presented in 

this section ignore the smallest lesion in the VAOR datasets.  

  

 

Figure 4.31: Plots of line profiles through each of the three visible balloon lesions in 

the VAOR datasets. Plots show the impact of CDRF modeling in pixel intensity 

within each lesion and the pixel-to-pixel variability in surrounding background. 
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Figure 4.32: Plots of line profiles through each of the four balloon lesions in the 

PROJSINE datasets. Plots show the impact of CDRF modeling in pixel intensity 

within each lesion and the pixel-to-pixel variability in surrounding background 

A direct comparison of the impact of CDRF modeling can be seen from line 

profiles drawn through each of the four lesions. Figures 4.31-4.32 show plots of line 

profiles through each lesion for reconstructions with and without CDRF modeling at 20 

iterations. Similar trends in changing signal intensity were observed in lower iteration 

reconstructions as well.  

The profiles shown in Figures 4.31-4.32 illustrate the improved lesion intensity in 

the reconstructed images with CDRF modeling. The intensity of lesions of all sizes 

increase in intensity after applying CDRF modeling, although there are minimal gains 

evident in the 0.6cm lesion. Additionally, no significant differences in signal intensity 



  

274 

from the line profiles are observed between the various levels of CDRF modeling. This 

lack of differences is consistent with the results seen in previous sections.  

Contrast was calculated using spherical VOIs smaller than the true lesion 

volume. The lesion contrast was measured for each reconstruction method and plotted 

in Figures 4.33-4.34. Because of the difficulty in placing VOIs within such small lesions 

and the inability of the CT subsystem to visualize the balloons, the process was 

performed automatically using the following algorithm. VOIs were given an initial seed 

position based on user input and allowed to move in all directions by 4 voxels. The 

mean activity concentration within each spherical VOI was measured in an attempt to 

locate the highest mean value. The final VOI locations for each lesion were chosen by 

locating the maximum mean activity concentration for each trajectory within the 

allowed bounds of VOI movement. This method of VOI location inherently biases the 

result to the maximum observed contrast for a given VOI size.  

As shown in Figures 4.33-4.34, application of CDRF modeling increases the 

measured lesion contrast more than the normal reconstruction for lesions down to 0.7cm 

in diameter. For those lesions, contrast measurements are relatively flat for the normal 

reconstruction, indicating minimal changes in the activity distribution with increasing 

iterations of OSEM. For the CDRF results, contrast slowly increases with iterations, 

especially for the smaller lesions. The changes in contrast match with the profile 

differences seen in Figures 4.31-4.32 previously. However, in the smallest lesion, no 
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significant differences are seen between the normal and CDRF reconstructions. Both the 

normal and CDRF reconstruction results slowly increase in contrast. The lack of 

differences is likely due to both a) the slow convergence in small lesions, resulting in 

neither reconstruction reaching a stable activity distribution within the smallest balloon, 

and b) the lesion being near the detectability limit of the system.  

 

Figure 4.33: Plots of contrast versus iteration for each of the reconstruction methods 

for the VAOR datasets. The results are for the 3 localized lesions within the VAOR 

images; the smallest (0.6cm) lesion was not visible in the reconstructed images. 
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Figure 4.34: Plots of contrast versus iteration for each of the reconstruction methods 

for the PROJSINE datasets. 

As with the four syringe phantom discussed previously in Section 4.2.3.1, no 

significant differences in contrast are seen with the different levels of CDRF modeling. 

The results suggest that one additional ring of rays (Fig. 4.3) is sufficient to achieve 

contrast enhancement in small lesions.  The lack of difference is important due to the 

CPU time required for reconstructions. As previously mentioned in Section 4.1, CDRF 

modeling significantly increases reconstruction time. Reconstruction times increase by 

factors of 9X, 25X, and 57X for CDRF1, CDRF2, and CDRF3 respectively. Thus, substantial 

computing power is necessary for any reasonable implementation of CDRF modeling. 
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The lack of differences in contrast measurements with each level of CDRF should allow 

for only CDRF1 to be utilized for improving contrast, cutting back on reconstruction 

time. For clinical applications, a balance of the benefits of contrast enhancement in 

detection or characterization must be balanced with computational and work-flow 

requirements due to increased reconstruction time. 

4.3 Summary and Conclusions 

As seen with the experiments in this chapter, CDRF can significantly impact 

contrast and quantification measurements in simulated lesions. While the application of 

CDRF modeling does not affect background measurements, contrast is seen to generally 

increase in smaller high uptake regions. Contrast measurements in normal 

reconstructions are typically flat beyond 5 or 10 iterations. However, increasing 

iterations, in general, results in increasingly higher contrast with CDRF reconstructions. 

This continued change in contrast is partly due to the slower convergence of CDRF 

reconstructions. While 5-10 iteration with a normal reconstructions appears to be 

sufficient for convergence of most objects of interest, more iterations are necessary with 

CDRF reconstructions. Changes in quantification measurements are directly related to 

contrast measurements, although the accuracy depends on various other correction 

factors (scatter, attenuation, scale-factor, etc.) beyond the resolution model. 

As discussed in literature, CDRF is not without its disadvantages. While contrast 

generally improves, edge artifacts play a large role in all measurements of contrast and 
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quantification. The attempted recovery of lost high frequency information results in 

artificially high edges and continually decreasing center regions of lesions. As shown in 

this section, measurements of contrast and quantification are extremely sensitive to VOI 

choice and location when implementing CDRF modeling. So while detection of small 

lesions should improve with CDRF modeling due to enhanced edges, quantification 

accuracy appears more unstable and prone to measurement errors than normal 

reconstructions. When combined with the substantial increase in reconstruction time, it 

appears that CDRF modeling does not offer enough benefits to warrant its routine use 

for quantification. Instead, it appears that the utility of CDRF modeling with the 

dedicated breast SPECT system utilizing in this work is limited to potentially improved 

lesion detection. However, due to the enhancement of edges and minimal impact on 

quantification in large uniform regions, it is worth investigating the impact of CDRF 

modeling on clinical breast quantification when using segmented tissue VOIs. Further 

discussion of the application of CDRF modeling on clinical quantification can be found 

in Section 5.3. 
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5. Quantification of Tc-99m Sestamibi in Healthy Breast 
Tissue 

  This chapter focuses on the application of some of the previously presented 

quantification methods for measuring MIBI uptake in healthy breast tissue. First, a study 

on the effects of object size and material composition on reconstructed CT attenuation 

coefficients is presented. The results from that study influenced the development a 

breast tissue segmentation method for separating adipose and glandular tissue. Finally, 

the details of a pilot study to image healthy breast tissue are discussed. Quantification 

measurements of the SPECT data were performed, including measurements using CT 

attenuation correction and CDRF modeling previously explored. Tissue composition 

estimates were generated from the CT data. Average uptake of MIBI was measured from 

the SPECT data for both whole breast quantification and tissue-specific quantification.  

5.1 Effects of Object Size and Material Composition on CT 
Reconstructed Attenuation Values 

The dual-modality nature of our SPECT-CT system offers benefits that 

complement each subsystem. Such benefits include attenuation correction of SPECT 

data, as well as localization and segmentation of different materials within the object for 

establishing VOI boundaries. However, for each of these capabilities, accurately 

reconstructed attenuation coefficients play a large role. Under- or over-estimation of 

attenuation coefficients may result in inaccurate attenuation masks for SPECT 

quantification or poor segmentation of materials. In the case of segmentation 
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procedures, consistency of reconstructed attenuation values is most important, 

assuming ample contrast between materials. Previous studies have shown the capability 

of the CT subsystem to reconstruct attenuation coefficients to within 8% of true values in 

a multi-material rod phantom when using beam-stop array scatter correction [90]. 

However, in that study, the materials were fixed within a cylinder of constant radius, 

and so the reconstruction dependence on object size was not evaluated. 

 In order to determine the accuracy and precision of reconstructed attenuation 

coefficients using the CT subsystem, a series of phantom measurements were made. 

These phantoms were originally scanned as part of a project to measure Scatter-to-

Primary ratios in breast CT [145]. Two phantoms were used in the experiment: a 

cylinder and cone. The cylinder was chosen due to its fixed radius of 6.4cm, while the 

cone, with a linearly varying radius of 1.5-10cm, allows the examination of the effects of 

object size on reconstructed attenuation values. Each phantom was filled with 700mL of 

various mixtures of methanol and water to simulate glandular and adipose tissue within 

the breasts, as given in Table 5.1.  



  

281 

Table 5.1: Relative volume percentages of water and methanol used for filling the 

cone and cylinder phantoms. Water and methanol were chosen since they are miscible 

and due to their similar attenuation coefficients to glandular and adipose tissue, 

which water most closely mimicking glandular tissue and methanol mimicking 

adipose tissue. The NIST XCOM database was used for calculating attenuation 

coefficients at 35.6keV (the mean energy for the Ce-filtered CT system) [146]. 

Simulated Tissues 
Water        

(H2O) 

Methanol 

(CH3OH) 

Density 

(g/cm3) 

Atten. Coeff.    

(cm-1) 

Glandular 100% 0% 1.000 0.3016 

 67% 33% 0.931 0.2740 

 50% 50% 0.896 0.2598 

 33% 67% 0.861 0.2456 

Adipose 0% 100% 0.792 0.2180 

 

The data collection for both phantoms was performed by Jainil Shah, a PhD student in 

the lab, for a separate study, but the acquisition method is outlined here. The phantoms 

were suspended from the bed in the CT FOV, as shown in Figure 5.1, and allowed to 

stabilize before data acquisition. A total of 360 projections at 1° angular increments were 

acquired, as well as 360 beam-stop array (BSA) projections which were used for scatter 

correction of the primary projections [124, 145]. The scatter corrected images were then 

reconstructed using an OSC iterative algorithm to 5 iterations with 16 subsets on a 

350x350x400 grid, with 0.508mm isotropic voxels.  
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Figure 5.1: Photographs of the setup for the (LEFT) cylinder and (RIGHT) cone 

phantoms used in this study. Each phantom was filled with 700mL of several mixtures 

of water and methanol to simulate the attenuation characteristics of different tissue 

types, and to determine the effect of object size on reconstructed attenuation values.  

The reconstructed scatter-corrected images are shown in Figure 5.2. The data 

were analyzed by first removing the outer boundary of the phantom using an edge 

detection and removal algorithm further discussed in Section 5.2. The outer phantom 

boundary, especially with the cone phantom, may skew the histograms due to the 

differing attenuation coefficients from the filled materials. After removal of the phantom 

edges, histograms of individual coronal slices (along the axis of each phantom) were 

generated, shown in Figure 5.3. The plots show that the attenuation values have an 

approximate Gaussian distribution for both the cylinder and cone phantoms. In the 

cylinder for a given material, the mean and FWHM of the distribution appears largely 

unaffected by the location of the slice in the volume. However, for the cylinder phantom, 

a clear shift in the centroid of the distribution is observed for each material, with higher 

average attenuation values in the smaller radii slices of the cone.  
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Figure 5.2: Representative (TOP) sagittal and (BOTTOM) coronal slices of the cylinder 

and cone phantoms. The cylinder has a fixed radius, while the cone varies linearly, 

simulating the tapering of a breast and allowing for analysis as a function of object 

size. Note that the bottom of the cone was not included in the analysis due to the 

apparent image artifact.   

To determine the relationship between this observed radius-dependent shift in 

average attenuation coefficients as a function of material type, each slice for each 

phantom setup was histogrammed and fit with a Gaussian function. The centroids of the 

Gaussian fit in each slice for each material were then plotted separately: the cylinder 

centroids versus slice number, and the cone centroids versus cone radius at that slice. 

The plots of the centroids are shown in Figure 5.4. As indicated previously, slice 140 in 

both the cylinder and cone have approximately the same radius.  
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Figure 5.3: Histograms of individual coronal slices of the cylinder and cone phantoms 

for 100% methanol and 100% water filled phantoms. The plots show that for the 

cylinder, the mean attenuation value is unchanged regardless of slice location for 

both materials. However, for the cone, there is a clear negative correlation between 

decreasing radius and increasing attenuation coefficient, suggesting a residual object 

size dependence on the accuracy of reconstructed attenuation coefficients after scatter 

correction. 
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Figure 5.4: Plots of the centroids of the slice-by-slice Gaussian fits for the cylinder and 

cone phantoms. Tick marks along the y-axis indicate true attenuation coefficients 

from Table 5.1. (TOP) Results show minimal material dependence on attenuation 

coefficient consistency, with all mixtures showing approximately flat distributions of 

average attenuation coefficients regardless of slice location. (BOTTOM) In the cone, 

though, a clear relationship is observed between slice radius and reconstructed 

attenuation values. The general equation from a least-squares linear fit to the data is 

shown on the plot, with each material having the same slope, 0.0005mm-1/cm, but a 

different y-intercept, b, that is material dependent. 
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The plots in Figure 5.4 show a strong dependence on object size at the location of 

the slice, suggesting that quantification ability of the CT subsystem is dependent on the 

object geometry. In the cylinder, phantom, the attenuation coefficient of each slice within 

the cylinder is fairly constant for each material. The mean of each material in the 

cylinder is given in Table 5.2. For all materials, the standard deviation across all slices is 

<0.3%. Despite the differences in the intersection of the phantom with the cone beam, no 

significant differences are seen with slice locations. The measured attenuation 

coefficients for the cylinder are within 5% for all materials.  

In the cone phantom, the average attenuation coefficient of each slice is inversely 

proportional to the slice radius. Smaller radii slices have a higher mean attenuation 

coefficient than the larger slices. Table 5.3 gives the extremes for each material and the 

percent difference from NIST values. The minimum and maximum attenuation values 

given correspond to the largest and smallest radius slices. Based on the cylinder 

phantom results, this effect appears to be independent of the relationship of the slice to 

the intersection of the cone beam. Each material distribution also demonstrates 

equivalent slopes when linearly fit. The lack of differences in slopes suggests that the 

observed shifts are independent of materials for the range of attenuation and density 

values evaluated. These shifts are seen despite the use of BSA scatter correction, 

indicating a residual cupping artifact present after scatter correction that is object size 

dependent. 
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Table 5.2: Measured attenuation coefficients in the cylinder phantom compared to the 

true NIST values. Results show that, for the fixed 6.3cm radius, the average measured 

attenuation coefficients are within 5% of the NIST values. Note that for all materials, 

the standard deviation of the measured values are <0.3%. 

Mixture 
Measured 

Atten. (mm-1) 

NIST Atten. 

(mm-1) 
Percent Diff. 

100% Water 0.0298 0.0302 -1.3% 

33% Meth – 67% Water 0.0280 0.0274 2.2% 

50% Meth – 50% Water 0.0269 0.0260 3.5% 

67% Meth – 33% Water 0.0258 0.0246 4.9% 

100% Methanol 0.0224  0.0218 2.8% 

 

Table 5.3: Measured attenuation coefficients in the cone phantom compared to the 

true NIST values. Results are given for the min and max measured values, showing 

the range of attenuation coefficients in the cone for each material. The percent 

difference of each min and max value are also given relative to the NIST value. 

Mixture 
Min Atten. 

(mm-1) 

Max 

Atten. 

(mm-1) 

NIST 

Atten. 

(mm-1) 

Percent Diff. vs NIST 

Min Max 

100% Water 0.0297 0.0318 0.0302 -1.7% 5.3% 

33% Meth – 67% Water 0.0279 0.0298 0.0274 1.8% 8.8% 

50% Meth – 50% Water 0.0268 0.0287 0.0260 3.1% 10.4% 

67% Meth – 33% Water 0.0257 0.0274 0.0246 4.5% 11.4% 

100% Methanol 0.0223 0.0241 0.0218 2.3% 10.6% 

 

The CT results reveal that the local object size, characterized here by slice radius, 

has an impact on the measured CT attenuation coefficients. Because of these shifts, care 

must be taken when using CT reconstructions to derive volume information of complex 

shape materials, especially between similar materials. In the case of breast tissue, both 

adipose and glandular tissue would be expected to demonstrate similar shifts with 



  

288 

changing breast radius. Additionally, it should be noted that the reconstructed 

attenuation values do not converge to the “true” values for 36keV with decreasing 

radius. In fact, more accurate values are obtained for larger radius slices, such as the 

cylinder (r=6.3cm) and larger slices of the cone, which was unexpected. The attenuation 

coefficients for the largest slices of the cone, with radii comparable to the cylinder, show 

the minimum percent difference from the NIST values (Table 5.3) and agree well with 

the cylinder data. At this time, the reason for this is trend is unknown; it’s possible that 

the smaller-radius regions are being poorly-corrected with the scatter correction 

algorithm, or perhaps some change in beam quality due to the oxidation of the Ce filter 

used in this experiment resulted in a shift in mean energy that was unknown at the time 

of data collection. Slight beam hardening that varies with the changing radius of the 

cone may also be impacting the reconstruction accuracy. Regardless, the clear 

dependence of the object radius on the reconstructed attenuation coefficients is 

important due to its potential impact on segmentation methods. Threshold segmentation 

methods depend on a reliable separation of materials that is independent of location. 

Thus, for the threshold segmentation method developed in the following subsection, the 

algorithm utilized a slice-dependent threshold for estimating tissue regions. 
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5.2 Breast Segmentation Method: Estimating Glandular and 
Adipose VOIs 

Breast CT removes the problems of overlapping tissues seen in traditional 

mammography by providing fully 3D volumetric reconstructions. As such, the various 

tissues within the breast are easily discerned. Typically, breast tissue is assumed to be a 

combination of three tissue types: skin, glandular, and adipose tissue. Glandular tissue 

consists of the milk lobules and ducts which are important for breastfeeding [147]. 

Adipose tissue consists of a mixture of fat and connective tissues, e.g. Coopers 

ligaments, that provide structure and support for the glandular tissue. Research 

suggests that breast density is a risk factor for the development of breast cancer [22]. 

Thus, the ability to accurately segment breast tissue into adipose and glandular tissue 

may provide additional information about the individualized risk factors for a patient. 

With a dedicated breast SPECT-CT system, breast tissue segmentation is desired for use 

in VOI creation for the complementary SPECT data. Dividing a breast CT dataset into 

adipose and glandular tissue allows for the study of radiotracer uptake as a function of 

tissue type. SPECT measurements for glandular and fatty tissue are discussed further in 

Section 5.3. 

Several research groups have explored breast segmentation for a variety of 

imaging modalities, including mammography, breast CT, and MRI [148-152]. These 

methods range from simple threshold methods to more complex region growing 

algorithms. For this study, a simple dual-Gaussian threshold approach is used for 
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estimating regions of glandular and adipose tissue. Threshold methods are easy to 

implement and provide a first-pass estimate of tissue types within the reconstructed 

image. Because the motivation of the segmentation method was for regional SPECT 

quantification, which has much poorer resolution, a threshold segmentation method was 

utilized to estimate the glandular and adipose regions within the corresponding breast 

CT.  

After analysis of the dependence on radius of the object’s reconstructed 

attenuation coefficients, it was decided that a slice-by-slice segmentation approach 

would be preferred to a global segmentation algorithm until successful methods could 

be employed to correct the shifting observed. The CT images for four subjects imaged 

with the SPECT-CT system are shown in Figure 5.5. The glandular tissue, shown as the 

lighter gray areas, is fibrous in appearance, making user-outlined segmentation or VOI 

creation difficult. Instead, a histogram analysis is used to separate the tissues in each 

slice.  Figure 5.6 shows a series of histograms from patient datasets, with both global 

volume histograms and single-slice histograms. The figure demonstrates the utility of a 

slice-by-slice algorithm. Because of the observed shift, the individual peaks, especially 

for glandular tissue, can be obscured in a global histogram. Either correction for the 

shifting observed in Section 5.1 or a slice-by-slice histogram analysis is necessary for 

accurate segmentation.  
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Figure 5.5: (TOP) Coronal and (BOTTOM) sagittal slices of four subjects who underwent SPECT-CT scans as part of a 

quantification study outlined in Section 5.3. Within the images, glandular (darker) and adipose (lighter) tissue can be 

distinguished, and the skin boundary well defined for 3 of the 4 subjects; the data from subject 9057919 has some non-uniformity 

artifacts that blur the skin boundary. Data were acquired with 240 projections and scatter corrected using 6 BSA projections. 
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Figure 5.6: (TOP) Whole breast and (BOTTOM) single slice histograms of four subjects who were scanned with the SPECT-CT 

system. The two dominant distribution peaks seen in the histograms are adipose (lower atten. coeff.) and glandular (higher atten. 

coeff.) tissue. In the whole breast histograms, the two peaks are difficult to distinguish in 3 of the 4 subject datasets due to the 

lower relative glandular tissue volume and observed shifting of attenuation coefficients. However, in the single slice histograms, 

the peaks are more easily distinguished, which allow for improved segmentation. 
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As shown in Figure 5.6, when a single slice is analyzed, the peaks are much more 

easily distinguished than with a global histogram. For the segmentation algorithm 

described here, a slice-by-slice approach was utilized instead of attempting to correct the 

radial-dependent shifts. The slice-by-slice method was chosen due to the asymmetry 

seen in breasts shapes, which do not demonstrate a constant radius within a slice, which 

may make explicitly correcting the shifts more difficult.  

The segmentation algorithm is implemented through several steps. First, the 

fiducial markers were manually removed within ImageJ. Next, the skin was removed 

from each slice by utilizing an edge detection algorithm within MATLAB and removing 

the outer ~1.8mm of tissue using a 7-pixel radius circle at each of the edge points to set 

the data to zero values (Appendix B). It is necessary to remove the skin due to the 

similar attenuation coefficients of skin and glandular tissue, which if not removed 

would create artificially large and spatially distributed VOIs. A thickness of 1.8mm was 

chosen for skin removal from estimations of the thickness within the data, which 

compares reasonably well to reported average breast skin thickness of 1.5±0.3mm [153]. 

Figure 5.7 shows a coronal slice of a breast and the corresponding result of the edge 

detection algorithm. The edge detection algorithm works by first mapping the intrinsic 

CT reconstruction values to a grayscale image with value between 0 and 1.  The Roberts 

approximation for the first derivative was then used for edge detection [154]. The 

Roberts approximate uses the following kernels to estimate the first derivative: 
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These kernels are then convolved with the original image to produce a measure of the 

diagonal derivatives in the image. With these derivatives, the magnitude of the gradient 

can be computed using Equation 5.2. 

 

 |∇�| =  �(ℎ� ∗ �)� + (ℎ� ∗ �)� Eq. 5.2 

 

Evaluation of the Roberts approximation for edge detection has shown its ability to 

successfully find large-gradient edges, but lacks the robust capability to locate fine edges 

within images [155], which exist between lower contrast materials or are hidden by 

noisy images. The characteristics of detecting large gradients while ignoring fine edges 

are preferred for breast edge detection. The boundary of the skin and air creates a large 

difference across pixels, which the Roberts methods is capable of locating; however, the 

less dominant edges between adipose and glandular tissue are less likely to be detected 

by the algorithm, making this method adequate for skin detection and removal. Once 

the skin mask was defined, all pixels within 1.8mm of each edge pixel is set to zero, 

effectively removing the inner 1.8mm of tissue the edge boundary. Additionally, this 

method is less sensitive to the small gaps in the edge boundary mask since the 

neighboring edge pixels also help to remove the unwanted tissue. 
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Figure 5.7: (LEFT) Single coronal slice of a subject’s breast and (RIGHT) result of edge 

detection algorithm on the same slice. The images show that the edge detection 

algorithm successfully locates the majority of the breast edge, without falsely 

identifying internal edges of adipose and glandular tissue. By deleting a circular 

region of a fixed radius at each point specified by the edge detection algorithm, the 

skin can be mostly eliminated from the dataset. 

 To separate the adipose and glandular tissue within each slice, a dual-Gaussian 

function, given in Equation 5.3, was fit to the data using a least-squares method in 

MATLAB (Appendix C).  

 

 � =  ������((������) ����)⁄ �
+  ��������((��������) ������)⁄ �

 Eq. 5.3 

 

Here, A represents the peak magnitude of the component tissue distribution, x is 

the attenuation coefficient of each histogram bin, B gives the centroid location for each 

tissue, and C defines the spread of the distribution. The centroids of the Gaussian 
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components were restricted to regions around the observed tissue peaks (~0.23-0.33cm-1) 

to force convergence around the expected peak locations; this was especially important 

in histograms with minimal glandular tissue to ensure the fitting algorithm didn’t place 

the glandular distribution well outside the histogram range. The data used in the fitting 

algorithm was limited to the range of attenuation coefficients with the majority of the 

voxels. Including bins with zero total voxels may bias the fit convergence by artificially 

improving the R2 values. Overall, the vast majority of R2 values were >0.9. Figure 5.8 

shows representative single-slice fits of histograms using the described method. 

Figure 5.9 shows an example of the threshold methods used for segmentation. To 

segment each image slice, three simple threshold-based methods were utilized for each 

histogram of that slice. First, the minimum point between the two fitted Gaussian peaks 

was used as a hard threshold for segmenting the adipose and glandular tissue. The 

second method used the point of equal contribution (crossing point) of each Gaussian 

function as a hard threshold for segmenting adipose and glandular tissue. Values above 

the crossing point are assumed to be >50% glandular, while values below at or below the 

crossing point are assumed to be >50% adipose. The third method was based on integral 

measurements of each Gaussian fit. The 95% threshold intervals were calculated for each 

histogram such that 95% of the voxels below the lower threshold were considered 

adipose tissue by the Gaussian fit, and 95% of the voxels above the upper threshold 

were considered glandular tissue. This method used fewer overall voxel elements 
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because it only considered the upper 95% of the events in each segmented category. In 

the situation where a 95% solution did not exist, the maximum percentage threshold 

achievable was used. An example slice of segmented adipose and glandular tissues with 

each segmentation method is shown in Figure 5.10.  

 

Figure 5.8: Representative single-slice images and corresponding histograms of two 

different subjects, one with a large glandular tissue region, and the other with a 

mostly adipose composition. The red and green lines show the result of the dual-

Gaussian fit algorithm, each with an R2>0.9. The algorithm performs well for both 

breast compositions, including those with minimal glandular tissue, which can allow 

for segmentation based on the fitted distribution. Note that the skin was removed 

prior to the creation of the histograms and distribution fitting. 
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Figure 5.9: Dual-Gaussian fit of a single-slice histogram with the various adipose and glandular thresholds shown. (LEFT) 

Minimum point and (CENTER) crossing point of two Gaussian functions were used as hard thresholds for segmentation. 

(RIGHT) Two thresholds were chosen based on integral area of each curve so that 95% of the voxels below the lower threshold 

are assumed to be adipose tissue, while 95% of voxels above the upper threshold are assumed to be glandular. Voxels in the gap 

between the two thresholds are ignored. 
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Figure 5.10: Example of original and segmented slices using each of the three 

segmentation methods. Note that the skin seen in the original CT image was removed 

prior to segmentation. 
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Figure 5.11: Volumetric images of adipose and glandular tissue after applying the 

segmentation procedure described earlier. The segmentation appears to successfully 

separate the majority of each tissue type, including preserving some of the fibrous 

appearance of the glandular tissue. These volumes can then be used for density 

estimation or SPECT VOI creation. 

The results from each fit were then stacked to create contiguous volumetric 

images considered to be mostly adipose or glandular tissue, such as the example shown 

in Figure 5.11. These regions were then used to estimate the density of the breast, as well 

as used for VOIs for measuring average MIBI uptake in the breast SPECT images as a 

function of tissue type. More details on the SPECT measurements are given in Section 

5.3.  

The presented segmentation procedure allows for a simple separation of adipose 

and glandular tissue based on a series of slice-by-slice dual-Gaussian function fits and 

thresholds. However, some potential issues exist with the current segmentation method. 

The simplistic nature of a threshold method results in ignoring information regarding 
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connectivity of tissue, which may yield more realistic distributions. The slice by slice 

method for segmentation was chosen due to the shift in attenuation values, which helps 

to improve threshold estimations. Because of the residual cupping artifact within the 

individual slices, the tissue peaks are broadened, which results in additional uncertainty 

in setting threshold values. This may result in volumes being under- or over-estimated 

in their tissue composition due to the cupping artifact placing voxels in incorrect 

locations within the histogram.   More advanced segmentation methods may improve 

anatomical accuracy. However, it’s not expected that improved segmentation will 

greatly affect the SPECT quantification measurements presented in Section 5.3. 

5.3 Pilot Study: Average MIBI uptake in normal, healthy breast 
tissue 

As discussed in Section 1.3, Tc-99m Sestamibi (MIBI) is a common radio tracer 

first developed for cardiac imaging but now utilized for breast cancer detection in 

nuclear medicine systems, with an average uptake-to-background ratio of ~6:1 in breast 

cancer tissue [29]. With the improvements in dedicated breast imaging using nuclear 

medicine modalities, the detection capability of breast cancer when using MIBI has 

improved [41-43]. Currently, as discussed in Section 1, most applications of nuclear 

medicine modalities for breast imaging are planar in nature and unable to accurately 

quantify absolute MIBI uptake within the breast, relying instead on relative uptake 

ratios [108, 156-157]. An estimate of expected levels of tracer uptake in healthy breast 

tissue may allow for improved detection of lesions due to understanding the image 
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differences and characteristics of malignant uptake compared to healthy tissue. 

Additionally, to date no studies have been performed to determine if breast composition 

plays a significant role in MIBI uptake characteristics. Information about the differences 

in expected uptake as a function of tissue type may impact physician decisions 

regarding diagnosis of a suspected lesion, especially if the contrast for the lesion is 

compromised by tissue-dependent background activity. The ability to accurately 

quantify MIBI tracer uptake may be the next step for maximizing image information for 

physicians. Quantification of MIBI may also be used as a staging method after early 

detection or for monitoring and determining the efficacy of breast cancer treatments 

through during the course of therapy.  

 The aim of this pilot study is to lay the foundation for establishing SPECT based 

in vivo quantification of MIBI uptake values in healthy breast tissue, both for the whole 

breast and as a function of tissue type, with the goal that a global baseline threshold may 

be established for use in diagnosis or biopsy decisions for suspicious uptake regions 

[104]. This study also attempts to determine correlation of uptake with other factors, 

such as breast size, density, and patient age.  

5.3.1 Patient Imaging and Quantification Results 

For this study, subjects were recruited from a cohort of patients undergoing pre-

surgical diagnostic parathyroid studies as part of an IRB approved protocol (IRB 

Pro000026702). This group of subjects was chosen as an ideal recruiting group due to the 
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patients being injected with 25mCi of MIBI as part of their parathyroid imaging studies, 

which eliminates the need to inject individuals with MIBI with no medical benefit to the 

subject. A literature search revealed no known link between hyperparathyroidism (one 

of the most common reasons for parathyroid studies at Duke) and breast cancer, with 

incident rates of hyperparathyroidism similar to those in the healthy population [158]. 

Subjects were screened to exclude any individuals with a history or suspicion of breast 

cancer, body weight > 160kg, and those who tested positive on a pregnancy test. All 

subjects were imaged between their routine scintigraphy (10 minutes post injection) and 

diagnostic SPECT (2 hours post injection) parathyroid scans. A total of 8 subjects were 

scanned thus far under this protocol. . The injection and scan times for each patient are 

given in Table 5.4. On average each patient was scanned on our SPECT system 65±11 

minutes post-injection.  

Table 5.4: Post-injection scan times for each subject. Times given represent lapsed 

time from injection to the breast CT and SPECT scans.   

Subject 
Post-injection Scan Time (min) 

CT SPECT 

8147237 70 51 

9057919 80 61 

3876505 92 74 

2882993 45 73 

7805203 62 80 

7923296 34 58 

3771860 43 53 

5606780 49 71 

 



  

304 

A random number generator was used to create an ID number for each subject, 

and the even-odd designation of the number was used to determine which breast (even 

= right, odd = left) would be imaged with the SPECT-CT system. Fiducial markers, 

consisting of nylon beads soaked in ~500µCi of MIBI for 1 hour, were attached in a spiral 

pattern onto the chosen breast of each subject.  Subjects then underwent the CT and 

SPECT scans separately.  

The CT scans were acquired with 240 primary projections (1.5° angular 

increments) and 6 BSA projections (30° angular increments) for later scatter correction.  

The SPECT scans were acquired using a 128 projections in a constrained PROJSINE 

(ConstPROJS) trajectory, with 5s acquisition time per projection.  A ConstPROJS 

trajectory is a modified PROJSINE trajectory, such as the one shown in Figure 5.12, 

where some polar angles are constrained to eliminate direct views of the heart or liver.  
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Figure 5.12: Polar plot showing the differences between the PROJSINE (solid line) and 

ConstPROJS (dashed line) [75]. The radius represents the gamma camera tilt angle. The 

standard PROJSINE trajectory has three equal-angular lobes, while the ConstPROJS 

limits the polar tilt at angles (shown here as 60°) with a direct view of the heart and liver. 

However, while phantom studies have shown the utility of the ConstPROJS 

trajectory [75, 97], the implementation the trajectory for clinical scans has been non-

trivial. Figure 5.13 shows the various trajectories used for these 8 subjects. The trajectory 

was adjusted individually for each specific subject to attempt to minimize projections 

containing the heart and liver. Due to the time constraints of the study to image between 

parathyroid scans, as well difficulties in patient positioning, the constrained orbit varied 

greatly between patients and did not completely eliminate signal contribution from the 

heart and liver. Patient motion was also a problem when setting up acquisition 

trajectories and during the scans. 
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Figure 5.13: Polar plots of the SPECT acquisition trajectories used for each subject. The radius represents the gamma camera tilt 

angle.  
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Figure 5.14: Flowchart of CT and SPECT quantification procedure used for 

quantification of MIBI in breast tissue. 

An outline of the data processing method used is shown in Figure 5.14. The CT 

data were scatter corrected using the 6 BSA projections and the resulting primary-only 

data were reconstructed using OSC to 5 iterations with 16 subsets on a 350x350x400 grid 

(N=7) or 700x700x700grid (N=1) [124]. The larger grid size was necessary for the subject 

560678 who was scanned with the new, larger CT flatpanel detector [159]. The listmode 

data from the SPECT acquisitions were processed to create projections from the 

photopeak and scatter energy windows. Initially, all SPECT datasets were reconstructed 

to 2 iterations with 8 subsets for registration. CT datasets were registered to the SPECT 
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datasets using the fiducial markers within AMIDE registration software.  For subjects 

who had non-truncated CT images (n=6), CT-based attenuation maps were used. The 

data from the remaining subjects (n=2) utilized SPECT-based attenuation correction. 

SPECT datasets were reconstructed with attenuation and DEW scatter correction using 

OSEM to 20 iterations with 8 subsets (Fig. 5.15). The choice of 20 iterations was due to a 

previous study indicating that 20 iterations were necessary for convergence with 

PROJSINE trajectories [75], but results presented throughout this work suggests 10 

iterations would be sufficient. One subject (2882993) did not have visible fiducial 

markers in the SPECT reconstructions. The cause of this is unknown; it is suspected that 

non-nylon fidicual markers were used, which would fail to bind to the Tc-99m 

pertechnetate. The subject had a high-quality CT dataset, so the CT was manually 

aligned with the SPECT reconstruction for use in attenuation correction. Another subject 

(3771860) moved significantly at approximately projection 66; thus, only half of the 

SPECT projections (180°) were utilized reconstruction.   
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Figure 5.15: Average of summed sagittal slices through each breast SPECT reconstruction. All images are set to the same 

window/level, but the number of summed slices differs due to breast size. Bright spots seen within the breast indicate fiducial 

markers.   
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Using the segmentation procedures described in Section 5.2, the CT datasets 

were used to create whole breast, adipose-only, and glandular-only images. Figure 5.16 

shows examples of each segmentation method after skin removal, while Table 5.5 gives 

an estimate of the percentage glandular and adipose tissue of each breast from the 

segmentation methods. The 95% threshold results in voxels being excluded around 

perceived glandular-adipose boundaries. In some cases, however, the result is large 

areas of excluded pixels, giving the VOI a broken appearance. Few qualitative 

differences are seen between the crossing-point and minimum threshold methods, but 

differences are seen in estimated composition percentages. The minimum threshold 

method appears to designate larger fraction of voxels as adipose tissue compared to the 

crossing point method.  Note that in subject 9057919, a motion artifact near the edge of 

the breast resulted in erratic segmentation, especially towards the nipple.  

Of the 8 subjects scanned, only 4 of the subjects had CT images of sufficient 

quality for segmentation. The CT datasets from the other 4 subjects had significant 

artifacts due to truncation or patient motion. Examples of these corrupted CT datasets 

are shown in Figure 5.17. 

 



  

311 

 

Figure 5.16: Example coronal and sagittal slices through the four segmented breasts 

using the three segmentation methods described previously. Dark regions represent 

glandular tissue, while gray regions represent adipose tissue. Lighter areas in the 95% 

threshold images are regions that are ignored by the segmentation due to having 

values between the two thresholds. 

 

Table 5.5: Estimates of breast density given as percent composition of adipose and 

glandular tissue using each segmentation method. 

Subject 
Total Volume 

(cm3) 

%Adipose / %Glandular 

Min Cross 95% Thresh 

2882993 380 52 / 48 49 / 51 48 / 52 

3771860 423 81 / 19 72 / 28 67 / 33 

7923296 146 83 / 17 77 / 23 75 / 25 

9057919 658 79 / 21 67 / 33 53 / 47 
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Figure 5.17: Example slices from CT reconstructions of subjects with significant 

artifacts. (TOP ROW) Motion artifacts resulted in spatially varying reconstructed 

attenuation coefficients, which prevents segmentation using the method described in 

Section 5.2. (BOTTOM ROW) Two subjects had breast sizes that exceeded the FOV of 

the CT system, resulting in truncation artifacts that obscure tissue detail and prevent 

registration to SPECT data. 

In addition to the standard SPECT quantification procedure, additional 

quantification methods were utilized for the 4 subjects with quality CT datasets. For 

each of those subjects, additional SPECT reconstructions were performed utilizing 

tissue-specific attenuation maps and CDRF modeling (Level I). Figure  5.18 shows the 

tissue-specific attenuation maps. CT images were constructed to a 150x150x150 grid with 

2.5mm voxels and then segmented into adipose and glandular tissue. The segmented 

images were assigned the appropriate attenuation coefficient for 140keV (Table 3.2), and 

recombined to produce a single attenuation map for use in SPECT reconstructions. Note 

that for these attenuation maps, skin was treated the same as glandular tissue to 
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facilitate easier segmentation for attenuation correction which is also why in some cases 

skin is not easily apparent in the sagittal views of the breasts. 

CDRF1 modeling for SPECT was also implemented to potentially improve tissue-

specific measurements. CDRF modeling was shown in Section 4 to improve contrast and 

edge recovery between regions of different activity concentrations. Because of the 

minimum impact on uniform background measurements, CDRF was not utilized for 

SPECT datasets that were omitted from segmentation.  

 

 

Figure 5.18: Example coronal and sagittal slices through the tissue-specific attenuation 

maps. The black areas indicate skin and glandular tissue (0.1585cm-1), while the gray 

areas indicate adipose tissue (0.1421cm-1). Note that these are at 2.5mm voxelization 

for use in the SPECT attenuation correction. 
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For each subject, the average MIBI uptake in the SPECT images was measured 

using each whole breast and tissue-specific CT dataset as the VOI. The results were then 

decay corrected back to the time of injection to allow for comparison between the breast 

volumes. For the subjects with truncated CT projections, the CT reconstruction was 

manually aligned within the breast SPECT images and used as a VOI for whole breast 

quantification. The results for the mean whole breast measurements, as well as the 

tissue-specific measurements using each of the three segmentation methods, are given in 

Table 5.6. The average MIBI uptake and standard error across all subjects are also 

reported as an estimate of average breast uptake. As mentioned in Section 1.6, the 

standard error gives an indication of the precision of the measured mean uptake across 

all breast images. Additionally, Table 5.7 compares the results for the segmented breasts 

with the reconstructions utilizing tissue-specific attenuation maps and CDRF modeling. 
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Table 5.6: Quantification results from 8 subjects using a uniform attenuation mask. All results decay corrected to time of 

injection for comparison. Only 4 of the 8 subjects had CT data of sufficient quality to segment into adipose and glandular 

regions. (§) Utilized a SPECT-based attenuation map due to truncated CT. (€) Only utilized 64 SPECT emission projections due to 

patient motion.  (¥) Scanned after the SPECT-CT rebuild and reconfiguration 

  95% Thresholds Crossing Point Slice Minimum 

Subject 
Whole Breast 

(µCi/mL) 

Adipose 

(µCi/mL) 

Glandular 

(µCi/mL) 

Adipose 

(µCi/mL) 

Glandular 

(µCi/mL) 

Adipose 

(µCi/mL) 

Glandular 

(µCi/mL) 

2882993 0.16 0.14 0.18 0.14 0.18 0.14 0.18 

3771860 (€) 0.04 0.04 0.04 0.04 0.04 0.05 0.04 

7923296 0.17 0.17 0.14 0.17 0.15 0.17 0.15 

9057919 0.06 0.06 0.07 0.06 0.07 0.06 0.07 

3876505  0.10 * * * * * * 

7805203 (§) 0.04 * * * * * * 

8147237 (§) 0.06 * * * * * * 

5606780 (¥) 0.18 * * * * * * 

Average ± StdEr 0.10±0.02 0.10±0.03 0.11±0.03 0.10±0.06 0.11±0.03 0.10±0.03 0.11±0.03 

Average w/o (¥) 0.09±0.02       



  

316 

Table 5.7: Quantification results from four subjects comparing: 1) Uniform 

attenuation map, 2) Dual-Tissue attenuation map (Fig. 5.18), and 3) Dual-Tissue 

attenuation map with CDRF modeling. 

 95% Thresholds Crossing Point Slice Minimum 

Subject 
Adipose 

(µCi/mL) 

Glandular 

(µCi/mL) 

Adipose 

(µCi/mL) 

Glandular 

(µCi/mL) 

Adipose 

(µCi/mL) 

Glandular 

(µCi/mL) 

2882993 0.14 0.18 0.14 0.18 0.14 0.18 

Dual 

Atten 
0.14 0.18 0.14 0.18 0.14 0.18 

Dual 

Atten w/ 

CDRF 

0.14 0.18 0.14 0.18 0.14 0.18 

       

3771860 0.04 0.04 0.04 0.04 0.05 0.04 

Dual 

Atten 
0.04 0.04 0.04 0.04 0.04 0.04 

Dual 

Atten w/ 

CDRF 

0.04 0.04 0.04 0.04 0.04 0.04 

       

7923296 0.17 0.14 0.17 0.15 0.17 0.15 

Dual 

Atten 
0.16 0.14 0.16 0.14 0.16 0.14 

Dual 

Atten w/ 

CDRF 

0.17 0.13 0.17 0.14 0.17 0.13 

       

9057919 0.06 0.07 0.06 0.07 0.06 0.07 

Dual 

Atten 
0.06 0.07 0.06 0.07 0.06 0.07 

Dual 

Atten w/ 

CDRF 

0.06 0.08 0.05 0.07 0.06 0.07 
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Results from the quantification measurements show an average whole breast 

uptake of 0.10µCi/mL when using a uniform attenuation mask of 0.1545cm-1. In the four 

subjects with segmentable breasts, no significant differences are observed between 

adipose and glandular tissue uptake. Additionally, the application of the dual-tissue 

attenuation maps and CDRF modeling have no significant impact on quantification 

results. Most measurements show no change in the mean activity concentration in each 

region. Even with the differences in attenuation coefficients for majority adipose breasts, 

the impact of using tissue-specific attenuation coefficients on quantification 

measurements is minimal. The uniform CDRF results are expected, given the fairly 

uniform distribution of activity between adipose and glandular tissue.  

A large range of uptake values (0.04-0.18 µCi/mL) are observed within the 8 

subjects. Measured uptake may depend on factors such as radiotracer washout, subject 

age, and overall breast density. Correlation coefficients were computed to estimate the 

relationship (if any) between these factors and radiotracer uptake. Results show no 

significant correlation between scan time (� = 0.20) or subject age (� = 0.22) on tracer 

uptake.  

The average uptake of MIBI has been measured in 8 subjects. The average whole 

breast uptake was measured to be 0.10µCi/mL. Four patients had quality CT acquisitions 

that allowed for breast segmentation. No differences in MIBI uptake were found 

between adipose and glandular tissue. Understanding of the expected healthy breast 
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tissue uptake may provide complementary information for analysis of high-uptake foci 

or staging of disease. The lack of differences in uptake suggests that it may be possible to 

determine a range of expected healthy breast tissue uptake of MIBI, regardless of breast 

composition. However, the results reported are limited by the small sample size. It is 

difficult to draw meaningful conclusions on tissue-specific uptake from only 4 subjects. 

Estimates of required sample size indicate that 30 subjects are necessary to measure the 

average whole breast MIBI uptake to within ±0.02µCi/mL with 95% confidence. Thus, 

continued study and subject recruitment is required to accurately characterize MIBI 

uptake in healthy breast tissue.  

5.4 Summary and Conclusions 

In conclusion, the effect of object size and simulated soft tissue densities on the 

accuracy of reconstructed attenuation coefficients has been investigated. A cylinder and 

cone phantom were filled with various mixtures of water and methanol to simulate 

adipose and glandular tissue. All data were scatter corrected using the beam-stop array 

method. Results show that, for a range of methanol and water mixtures that span the 

expected densities of breast tissue, the accuracy of reconstructed attenuation coefficients 

depends primarily on object size. In a cylinder phantom, no differences in mean 

attenuation coefficient were observed with varying slice location. The lack of 

dependence on slice location indicates that the relationship between the slice and the 

location within the cone beam has no impact on the attenuation coefficient accuracy. In a 
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cone phantom, all materials show a linear relationship between the average attenuation 

coefficient and slice radius within the phantom. After linearly fitting the distributions, 

each material exhibits approximately the same slope, suggesting no dependence on 

material in the observed shifts. Instead, the slice object radius at the point of 

measurement has a significant impact on the measured attenuation coefficient. This 

residual cupping artifact must be accounted for when implementing segmentation 

algorithms for breast tissue due to the tapering geometry of the pendant breast.  

The phantom study results influenced the development of a breast segmentation 

algorithm. A slice-by-slice method, rather than a correction method, was chosen for 

segmentation due to the asymmetric geometry of the pendant breast. The skin boundary 

was first determined using a gradient-based edge detection method. From the boundary, 

the inner 1.8mm of tissue was removed to eliminate the skin. Each slice was fit with a 

dual-Gaussian function and multiple threshold methods were utilized for investigating 

the sensitivity of the threshold choice. The segmented slices were then combined to 

generate volumetric images of adipose and glandular tissue.  

A pilot study was initiated to determine the average uptake of MIBI in healthy 

breast tissue. A total of 8 subjects were consented and scanned with the SPECT-CT 

system. CT images were scatter corrected using the BSA method and segmented with 

the previously described algorithm into adipose and glandular regions. SPECT data 

were attenuation and scatter corrected, and finally decay corrected to the injection time 



  

320 

for comparison. Segmented CT images were utilized as VOIs to measure average MIBI 

uptake in the adipose and glandular tissue independently. Measurements indicate an 

average MIBI uptake of 0.10µCi/mL, with no significant differences in adipose or 

glandular tissue regions. No differences are observed with the various thresholds used 

for segmentation or with the application of CDRF modeling.  

The pilot study was significantly limited by the number of subjects. Of the 8 total 

subjects, only 4 had CT data of sufficient quality for segmentation. The other four 

subjects had significant truncation or nonuniformity artifacts. As such, it’s difficult to 

draw conclusions yet on the differences in adipose and glandular uptake values. Going 

forward, implementation of a CT motion correction algorithm may be beneficial to 

eliminate some of the artifacts due to patient motion. The rebuilt CT system has a much 

faster acquisition time (3 minutes vs 6 minutes), but the scan time is still long enough to 

allow for substantial patient motion. Quantification results of adipose and glandular 

radiotracer uptake are also affected by patient motion during the SPECT acquisition. A 

typical patient SPECT scan is ~12-15 minutes, allowing for motion from patient 

breathing and potential movement of the patient during the scan. Motion has less of an 

obvious impact on the SPECT measurements due to the inherently poorer resolution 

than the CT system, but may affect regional tissue measurements. Thus, in future work, 

the focus may be better shifted to correlating average whole breast uptake to estimates 

of breast density to determine tissue-specific differences. 
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6. Concluding Remarks 

This work has focused on the evaluation of various SPECT correction methods 

for accurate, absolute quantification in dedicated 3D breast imaging. Methods for scatter 

compensation were investigated, including a modified dual-energy window subtraction 

method to account for low-energy tailing in CZT detectors. A comparison between 

SPECT- and CT-based attenuation maps was conducted, including examining the 

impact of material specific attenuation coefficients and SPECT-CT registration errors. 

Resolution recovery within OSEM reconstruction was investigated for improved 

contrast and quantification in simulated lesions. The investigated corrections were then 

applied to a patient study to measure average uptake of Tc-99m Sestamibi in healthy 

breast tissue.  

Previous work has evaluated the SPECT absolute quantification accuracy when 

utilizing the traditional DEW scatter correction method. However, before the research 

and investigation in this dissertation, no experiments had been performed to compare 

absolute quantification accuracy without scatter subtraction to the DEW method in 

dedicated breast SPECT imaging. Additionally, the traditional DEW method does not 

account for changes in the scatter distribution or effects of incomplete charge collection 

in CZT detectors.  

Several experiments were conducted to further investigate scatter and scatter 

compensation in breast SPECT. First, a Monte Carlo study was performed to analyze the 
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detected scatter distribution in non-traditional trajectories (Section 2.2). A simulated 

breast, torso, heart, and liver were modeled for prone breast imaging along with an ideal 

gamma camera. The camera was placed at various azimuthal and tilted positions around 

the breast to mimic the acquisition trajectories possible with the physical breast SPECT 

subsystem. Energy spectra were generated at each detector position, and the scatter 

region most relevant to SPECT imaging of T-99m (113-139keV) was linearly fit to 

characterize changes in scatter distribution. Slope measurements show that increasing 

detector tilt results in an increase in detected forward scatter, which is more likely to 

contribute to the photopeak energy window. The increase in forward scatter is reflected 

in k-value calculations. The k-value characterizes the ratio of scatter within the 

photopeak (134-146keV) and scatter (113-133keV) energy window in the physical 

system. However, in sample reconstructions of simulated projection data, minimal 

differences (<5%) in quantification are observed for all trajectories, including a variable 

tilt trajectory that mimics the constrained PROJSINE used for patient imaging. The 

minimal differences demonstrate the relative insensitivity of the DEW method to the 

chosen k-value. The insensitivity is due to the relatively low scatter present in breast 

images, with an average of 11% of the photopeak window being composed of scatter.  

Thus, a global k-value should be sufficient for scatter correction with the DEW method 

in clinical breast imaging with nontraditional trajectories. However, this work was 

limited to the prone breast imaging geometry. As such, the results, including relative 
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insensitivity of quantification to the k-value, may not be true for larger, more complex 

imaging tasks, such as imaging the torso. 

Three scatter compensation methods were evaluated for their impact on 

measured quantification accuracy: 1) a narrow ±4% photopeak energy window 

minimizing scatter in the photopeak, 2) the traditional DEW correction method 

previously evaluated in the lab, and 3) a modified DEW method which attempts to 

compensate for the presence of low-energy “tailed” primary events in the scatter energy 

window (Section 2.3). Quantification accuracy was evaluated for uniformly filled 

cylindrical phantoms, multi-chamber concentric cylinder phantoms, and cylindrical 

phantoms with spherical lesions using a non-tiled VAOR trajectory only. Initial results 

showed that the mDEW method had superior quantification performance in large, 

uniform regions across a range of cylinder diameters. However, in smaller, high activity 

concentration measurements, the Photopeak-only and DEW methods provided superior 

estimate of the true activity concentration. The mDEW method systematically 

underestimated the activity concentration in high-activity regions. Similarly, in 

phantoms with cold inner chambers, the Photopeak-only and DEW methods performed 

better with a lower reconstructed mean activity concentration in the known cold regions 

of the phantom. The mDEW overestimated the cold region activity concentration 

relative to the other scatter compensation methods. The reasons for the poor 

performance of the mDEW method were investigated by resampling listmode data to a 
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range of activity concentrations. The measured reconstructed activity concentration in 

the resampled phantoms was compared to the resampled values using all three 

compensation methods. The results showed that the Photopeak-only and DEW exhibit a 

slope of 1, while the mDEW method yielded a lower slope (0.9) and higher y-intercept. 

The fitted results suggest that the mDEW method accuracy is dependent on the count 

density in the projections. For relatively low activity phantoms, the mDEW method will 

overestimate the true concentration, as seen in the cold regions. However, in hot regions, 

such as the phantom lesions, the mDEW underestimates the true activity concentration. 

Therefore, the mDEW does not appear to be a reliable method for scatter correction.  

In addition, the Photopeak-only method performed similarly to the DEW 

method in quantification accuracy. As seen in the Monte Carlo studies, the similarity is 

likely due to the relatively low scatter detected in breast SPECT. The simulation results 

indicated scatter accounts for only ~11% of the photopeak window signal in an ideal 

detector with activity outside of the FOV (torso, liver, heart). This value is likely smaller 

for simple cylindrical phantoms in these experiments, thus reducing the impact of 

scatter correction for quantification studies. Further investigation of the Photopeak-only 

and DEW methods should be performed to investigate the necessity of scatter correction 

in geometries with activity outside the primary FOV. It’s important to weigh the benefits 

of any improvements in quantification with the DEW method to the increased spatial 

noise from the scatter correction method. Since scatter is a low frequency phenomenon 
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in projections, smoothing the scatter projection images may also help to reduce the noisy 

texture of reconstructed images.  

It should be noted that the mDEW method only attempted to account for the 

presence of tailed events in the scatter energy window. No effort was made to rebin the 

counts into the photopeak window. Development of a method for correcting the tailed 

events, rather than characterizing their impact on the DEW method, may improve 

overall sensitivity of the system. Because so many events are lost due to incomplete 

charge collection, correction of these events may lead to improved count statistics and 

better image quality. One potential method would be a deconvolution of the energy 

spectra in each detector pixel based on the pixel’s tailing characteristics. One research 

group has previously investigated an energy spectra deconvolution method for NaI 

detectors, demonstrating the ability to accurately recovery the true count distribution in 

phantom data [160]. A similar approach, utilizing an exponential or otherwise “tailed” 

detector response (instead of a Gaussian, as typically assumed for energy resolution 

models) could be investigated as a alternative correction for tailed events.  

Attenuation studies were performed to investigate SPECT- and CT-based 

attenuation corrections and their impact on absolute quantification (Section 3.2).  Two 

phantoms were evaluated: 1) a cylinder phantom with water and methanol syringes, 

and 2) an anthropomorphic breast phantom with water and methanol spherical lesions. 

Each phantom was scanned with both the SPECT and CT subsystems. SPECT 
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acquisitions were performed with VAOR, TPB, and PROJSINE trajectories. SPECT-based 

attenuation maps were generated by thresholding a reconstructed (2 iterations) SPECT 

image. CT-based attenuation maps were similarly generated from reconstructed CT 

images that were registered with fiducial markers to the SPECT reconstructions. Four 

CT-based attenuation maps were investigated: 1) uniform map using NIST value of 

water, 2) segmented map using NIST values of water and methanol, 3) scaling 

reconstructed CT image by ratio of attenuation coefficient of water at 140keV and 36keV, 

and 4) scaling reconstructed CT image by ratios of both water and methanol attenuation 

coefficients at 140keV and 36keV. Results show minor differences in the measurements 

of water-filled syringes and background between the SPECT and CT NIST-based 

attenuation maps in VAOR datasets, but greater differences are seen in the TPB and 

PROJSINE results. The differences in quantification measurements with those 

trajectories are due to size differences in the attenuation map volume, where a slight 

conical shape is seen at the bottom of the cylinder. Measurements of methanol are 

consistently lower when using the material-specific attenuation map, revealing that 

proper attenuation coefficients in small regions can still impact quantification results. 

Scaling the CT reconstruction appears less accurate than the NIST values in the cylinder 

data, with reduced measured mean activity concentration in both water and methanol 

regions.  
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While the results indicate the SPECT and CT-based attenuation maps offer 

comparable accuracy for VAOR trajectories, CT-based attenuation maps should 

definitely be utilized for non-traditional trajectories due to conical artifacts in the SPECT 

attenuation maps. Additionally, if a SPECT-based attenuation map is used, care must be 

taken by the user to ensure the SPECT volume closely matches the phantom volume to 

avoid over- or under-corrections. With CT attenuation maps, accurate registration is 

important. The impact of registration errors was also evaluated for CT-based attenuation 

maps (Section 3.3), and results indicated that shifts of 1.5cm can result in quantification 

differences up to 14% in whole breast measurements. In principle, material-specific 

attenuation coefficients should be used in mixed phantoms and clinical imaging for 

more accurate attenuation correction. However, results from clinical studies indicate 

that attenuation maps that are segmented into adipose and glandular tissue have no 

significant effect on the measured MIBI uptake, so water-based attenuation maps may 

be sufficient for breast SPECT quantification.  

Results from the application of CDRF modeling show mixed results across 

multiple phantom configurations (Section 4). Overall, no significant effects on 

quantification accuracy are seen in large, uniform background regions of various 

phantoms. Some small decreases in the measured activity concentration are observed 

due to the redistribution of counts into higher uptake regions. In large, high uptake 

volumes, such as the central chamber in the TC-Phantom, quantification results are 
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similar to normal reconstructions (<5% difference at 10 iterations). While convergence is 

much slower, resulting in an initial overestimation of activity concentrations, the mean 

approaches the values of the normal reconstruction near 10 iterations (8 subsets).  

In balloon lesion measurements, however, CDRF modeling significantly impacts 

quantification. Results show that the choice of VOI size has a significant impact on the 

quantification accuracy with CDRF modeling. Small differences are seen between 

0.75cm and 1.25cm spherical VOIs in the normal reconstruction (<6%), with stable results 

after ~6 iterations. However, with the same VOIs in the CDRF data, the mean activity 

concentration varies drastically with both VOI size and iteration number. The 

quantification ratio monotonically decreases with increasing iterations (after 2 iterations) 

due to the slower convergence. Measurements with the 1.25cm VOI appear to converge 

towards the normal reconstruction values, while the 0.75cm VOIs yield measurements 

significantly below the normal reconstructions, and indeed well below the true mean 

activity concentration. This suggests that the enhanced edge artifacts with CDRF 

modeling results in quantification measurements that are significantly more sensitive to 

VOI choice.  

CDRF modeling may have applications in improving lesion detection, however. 

As seen in the smallest lesions in Section 4.2.3.2, contrast is significantly enhances in 

lesions as small as 0.7cm. These results were biased to measure maximum contrast near 

each lesion location, but the results are still promising for using CDRF to enhance lesion 
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detection. Further investigation through observer studies may be warranted to better 

determine the utility of CDRF modeling for lesion detection, and to weigh those benefits 

versus the substantially increased reconstruction time required (i.e. multiple CPU days 

for reconstructions). CDRF modeling, as investigated in this work, does not appear to be 

a useful tool for absolute quantification measurements in breast SPECT, but it may be 

useful for improving lesion detection.   

The various quantification corrections investigated in this thesis were also 

applied to a patient imaging study for measuring average MIBI uptake in healthy breast 

tissue. Subjects undergoing diagnostic parathyroid studies at Duke were consented and 

scanned with the breast SPECT-CT system. A segmentation method was developed 

segment the CT reconstructions into adipose and glandular tissue. SPECT quantification 

methods, including DEW scatter correction, CT attenuation correction, CDRF modeling, 

and decay correction were applied to SPECT reconstructions. The average measured 

uptake of MIBI was found to be 0.10±0.02µCi/mL, with no significant differences seen in 

adipose and glandular tissue regions. Additionally, the application of CDRF modeling 

or a segmented attenuation map did not significantly alter the quantification results.  

Beyond the quantification results, a significant amount was learned about using 

the SPECT-CT system for patient imaging. The first 3 subjects were scanned with the 

SPECT subsystem first, followed by the CT subsystem. This was done to minimize 

radioactive decay and radiotracer washout for maximizing the detected counts in the 
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gamma camera. However, the time required for the SPECT acquisition resulted in 

patients becoming restless and uncomfortable. Creating a contoured constrained 

PROJSINE trajectory required a significant amount of setup time (average of 18±5 

minutes), which was followed by the 12-15 minute SPECT acquisition. Patients were 

noticeably uncomfortable after the scan, resulting in patients moving significantly 

during the CT acquisition. Two of the three initial patients had CT reconstructions of 

insufficient quality for segmentation, while the third has noticeable non-uniformity 

artifacts near the skin boundary. Due to this, the order of the SPECT and CT acquisitions 

was flipped to minimize motion during the CT scan by performing it first when the 

patient was still relatively comfortable on the bed. This change in order helped to 

minimize motion artifacts, with 3 of the 5 subjects scanned in this order having quality 

CT images. In the other two datasets, one had truncation artifacts while the other had 

significant breathing motion that created non-uniformity artifacts throughout the breast 

volume.  

The long setup times required for the contoured SPECT trajectory were 

problematic for this imaging protocol. Because the consented subjects were on a strict 

schedule for their diagnostic parathyroid studies, they were typically in the lab for <1 

hour. After familiarizing the patient with the system and having them change into a 

hospital gown, this left minimal time for patient setup and data acquisition. 

Investigation into methods to reduce setup and scan time without compromising image 
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quality is necessary. Previous work has shown the utility of automatic radius of rotation 

sensors for minimizing the time required for implementing a contoured SPECT 

trajectory [78]. However, the sensors have demonstrated erratic behavior in phantom 

measurements and practice SPECT acquisitions, which lead to the decision not to utilize 

them during patient imaging. Additionally, a new motion controller was integrated into 

the system during the 9 month rebuild, which has fewer input terminals and a different 

interface, rendering the previous sensors incompatible. Future work to modify the 

previous sensors to reliably work with the new motion controller would significantly 

reduce setup time for future SPECT acquisitions.  

Due to the relatively high activity of the fiducial markers in clinical imaging, the 

signal from the markers is fairly strong in reconstructed images. This may cause 

additional scattered events within the breast and causes any SPECT-based attenuation 

map to include the markers. An investigation into the use of alternate fiducial makers 

with a lower emission energy (preferably <113keV) would allow for image registration 

with the CT data without contributing to the energy range utilized for SPECT 

reconstructions and scatter correction. The markers would also be eliminated from 

SPECT-based attenuation maps in situations where the CT data is inadequate.  

Lastly, improvements to the CT subsystem during the rebuild should improve 

scan times as well. The new CT acquisition code has been optimized for step-and-shoot 

acquisitions by timing the various components of the acquisition process and calibrating 
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the CT motors to minimize the scan time. A full 240 projection CT scan has been reduced 

from ~6 minutes to 3 minutes with the new configuration. The extra three minutes may 

provide an extra buffer for potential delays in patient setup or imaging, or may be 

utilized to increase SPECT scan time from 5s per projection to nearly 7s per projection. 

With the additional saved time from radius of rotation sensors, the SPECT acquisition 

time may be further increased to produce significantly better quality SPECT images. 

However, the 3 minute scan time still allows for significant patient motion during the 

CT acquisition. Development of a faster, continuous CT scan protocol may be necessary 

for optimal CT image quality, especially if more accurate segmentation is desired.  

In closing, this thesis has demonstrated and characterized the impact of scatter, 

attenuation, and resolution corrections on absolute quantification measurements and 

contrast. The results were applied to a clinical pilot study and used to quantify MIBI 

uptake in healthy breast tissue. Future work should include the application of these 

techniques to clinical imaging of subjects with suspected tumors to determine the 

relationship between measured activity concentration with the SPECT-CT system and 

biopsy-confirmed malignancy status.  
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Appendix A: MCNP Example 1cm Lesion Input Deck 

 Example MCNP input deck for breast with 1cm lesion. Note that many variations 

and extensions to this input deck are required for a full simulation; this is merely an 

example of some of the code necessary for MCNP5. Items marked with “c” indicate 

comment lines, while text after “$” indicates comments following a line of code. 

c      

c This block of code defines the simulation geometry 

c using the various components defined in the next 

c block of code 

c      Room above bed:  

c                                                                    

1      204 -0.001225 -1 #14 #15 #16 & 

       #17 #18 #19 #141 imp:p=0 trcl=3 

c 

c      Room below bed: 

c 

121     204 -0.001225 -11 #4 #8 #14 #15 & 

       #19 #31 #141 #191 imp:p=1 trcl=3 

c 

c      Void 

c 

111     0 1 11 trcl=3 imp:p=0 

c  

c      Collimator Block 

c                                                            

31     252 -11.35 -62 #4 #8 imp:p=0 $Top Section of case u=9 

4      252 -11.35 -2 fill=3 imp:p=1 $u=9 $Fill collimator with septa and air 

5      252 -11.35 -3 fill=4 u=3 lat=2 imp:p=1 $Collimator lattice 

51     0 #5 u=3 imp:p=1 

6      252 -11.35 -3 4 u=4 imp:p=1 $Collimator septa 

7      204 -0.001225 -4 u=4 imp:p=1 $Air in collimator hole 

71     0 #6 #7 u=4 imp:p=1 $Void 

8      5 -5.78 -5  imp:p=0 fill=5  $u=9 $Fill detector with pixels 

9      5 -5.78 -51 fill=6 u=5 lat=1 imp:p=1 $Lattice of detector pixels 

10     5 -5.78 -51 u=6 imp:p=1 $Single detector pixel 



  

334 

11     204 -0.001225 #10 u=6 imp:p=1 

c 12     204 -0.001225 #31 #8 #4 u=9 imp:p=1 $Not used 

c 13     204 -0.001225 -63 fill=9 imp:p=1 $Not used 

c 

c      Bed 

c 

14      296 -7.86 -7 8  trcl=3 imp:p=1 

15      204 -0.001225 -8 #16 #17 #18 #19 & 

        #141 imp:p=2 trcl=3 $Hole in bed  

141     252 -11.35 -71 8 trcl=3 imp:p=1 

c      Void Outside ROom 

c 

c      Breast 

c 

19      3 -1.02 -9 #16 #17 #18 #191 trcl=3 imp:p=3 

191     3 -1.02 -103 trcl=3 imp:p=1 $1cm Lesion 

c 

c      Torso 

c 

16     4 -1.0 -10 #14 #141 #17 #18 trcl=3 imp:p=1 $Torso 

17     4 -1.0 -101 #14 #141 trcl=3 imp:p=1 $Heart  

18     4 -1.0 -102 #14 #141 trcl=3 imp:p=1 $Liver   

 

c This block of code represents geometry definitions used to 

c assemble simulation geometry above. Consult the MCNP 

c manual for more information on parameters. 

1       rpp -60 60 15 45 -70 70  $Room above bed 

11      rpp -60 60 -20 15 -70 70   $Room below bed 

2       rpp -10 10 -3 13 -12.24 -9.7  $Outer case of collimator 

3       rhp -10 -3 -12.24 0 0 2.54 0 0.071 0  $Collimator unit 

4       rhp -10 -3 -12.24 0 0 2.54 0 0.061 0  $Collimator hole 

5       rpp -10 10 -3 13 -12.74 -12.24  $Ideal detector volume 

c 51      rpp -10 0 -3 0 -12.74 -12.24 $Detector Unit 

51      rpp -10 -9.75 -3 -2.75 -12.74 -12.24 $Detector Unit 

c       6       rpp -10 10 -8 8 -1.3 1.27  $Outer Case of Detector 

6       rpp -11 11 -14 14 -13.27 -9.7  $Outer Case of Detector 

c 61      rpp -11 11 -14 -4 -13.27 -9.7  $Bottom Half of Case 

62      rpp -11 11 -4 14 -13.27 -9.7   $Top Half of Case 

c 63      rpp -11 11 -14 14 -41.7 -9.7 $Complete Detector Unit 

7       rpp -35 35 15 15.304 -70 35  $Bed 
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71      rpp -35 35 15.304 15.422 -70 35 $Lead lining 

8       rcc 0 15 0 0 0.422 0 9 $Hole in the bed 

9       ell 0 15.211 0 0 10 0 -6 $Breast ellipsoid 

10      rec 6 27.422 -16 0 0 31 22.86 0 0 0 11.43 0 $Torso 

101     rcc 14 19.422 -5 -3.5355 0 3.5355 4 $Heart = Volume = 335cm^3 

102     rcc -9 23.422 -11 20 0 0 4.5 $Liver 

103     sph 0 10 0 0.5 $0.5cm radius spherical lesion 

 

c This block of code identifies materials, particle types, 

c coordinate transformations, tally types, histories, etc.  

c for running simulation. 

c 

c Mode designation for simulation (p = photons) 

c 

mode  p 

c     Tissue materials come from MCNPMaterials PDF 

c 

c     Breast Tissue Material Definition 

c 

m3    1000 -0.106 6000 -0.332 7000 -0.03 8000 -0.527 

      11000 -0.001 15000 -0.001 16000 -0.002  

      17000 -0.001 

c 

c     Generic Tissue Equivalent for Torso/Heart/Liver 

c 

m4    1000 -0.081192 6000 -0.583442 7000 -0.017798 

      8000 -0.186381 12000 -0.130287 17000 -0.0009  

c 

c     CZT 

c 

m5    48000 0.9 30000 0.1 52000 1 

c 

c     Air 

c 

m204  7014      -0.755636  $MAT204 

      8016      -0.231475 18000     -0.012889  

c 

c     Lead 

c 

m252  82206     -0.242902  $MAT252 



  

336 

      82207     -0.223827 82208      -0.53327 

c 

c     Stainless Steel 

c 

m296  6000 -0.00075 7014 -0.00125 14000 -0.005 

      15000 -0.0003 16000 -0.00015 24000 -0.18 

      25000 -0.0875 26000 -0.67505 28000 -0.05  

c 

c Coordinate transformation matrix (shift and rotate) 

c 

tr3      0.0000 0.0000 -2.7000  

      1.0000 0.0000 0.0000  

      0.0000 1.0000 0.0000  

      0.0000 0.0000 1.0000  

c 

c      Emission Source (in this case, the breast). See Manual. 

c 

sdef    CEL 19 ERG=0.1406 PAR=2 AXS=0.0000 1.0000 0.0000  

       POS 0.0000 15.2110 -2.7000 RAD d1 EXT d2  

SI1    0 6.4  

SI2    -10.5 4.5  

c 

c Tally definition for pixelated camera. The shown tally represents 

c one column (64 pixels) of the simulated detector with perfect energy 

c resolution (F1 tally). See Manual. 

c 

F1:P     (2.6<9[0 0 0]) 

       (2.6<9[0 1 0])(2.6<9[0 2 0])(2.6<9[0 3 0]) 

       (2.6<9[0 4 0])(2.6<9[0 5 0])(2.6<9[0 6 0]) 

       (2.6<9[0 7 0])(2.6<9[0 8 0])(2.6<9[0 9 0]) 

       (2.6<9[0 10 0])(2.6<9[0 11 0])(2.6<9[0 12 0]) 

       (2.6<9[0 13 0])(2.6<9[0 14 0])(2.6<9[0 15 0]) 

       (2.6<9[0 16 0])(2.6<9[0 17 0])(2.6<9[0 18 0]) 

       (2.6<9[0 19 0])(2.6<9[0 20 0])(2.6<9[0 21 0]) 

       (2.6<9[0 22 0])(2.6<9[0 23 0])(2.6<9[0 24 0]) 

       (2.6<9[0 25 0])(2.6<9[0 26 0])(2.6<9[0 27 0]) 

       (2.6<9[0 28 0])(2.6<9[0 29 0])(2.6<9[0 30 0]) 

       (2.6<9[0 31 0])(2.6<9[0 32 0])(2.6<9[0 33 0]) 

       (2.6<9[0 34 0])(2.6<9[0 35 0])(2.6<9[0 36 0]) 

       (2.6<9[0 37 0])(2.6<9[0 38 0])(2.6<9[0 39 0]) 
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       (2.6<9[0 40 0])(2.6<9[0 41 0])(2.6<9[0 42 0]) 

       (2.6<9[0 43 0])(2.6<9[0 44 0])(2.6<9[0 45 0]) 

       (2.6<9[0 46 0])(2.6<9[0 47 0])(2.6<9[0 48 0]) 

       (2.6<9[0 49 0])(2.6<9[0 50 0])(2.6<9[0 51 0]) 

       (2.6<9[0 52 0])(2.6<9[0 53 0])(2.6<9[0 54 0]) 

       (2.6<9[0 55 0])(2.6<9[0 56 0])(2.6<9[0 57 0]) 

       (2.6<9[0 58 0])(2.6<9[0 59 0])(2.6<9[0 60 0]) 

       (2.6<9[0 61 0])(2.6<9[0 62 0])(2.6<9[0 63 0]) 

<User must repeat this F1 tally (above) within the input deck for each column of detector 

elements and adjust the indices accordingly> 

 c 

c Energy card that defines energy bins for detector. This defines 1keV 

c energy bins from 60 to 141keV for the F1 tally. 

c 

E1   0.06 80i 0.141 

<User must repeat the E card (above) to match each F1 tally used (E1 => F1, E11 => F11, etc.)> 

 c  

c  

c NPS = number of particle histories to run 

nps    800000000  

c 

c Sets random number generator with user defined seed and stride. 

c 

RAND GEN=2 SEED =2441150868767 STRIDE = 17132 HIST=1 
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Appendix B: MATLAB Skin Removal Script 

MATLAB script to remove skin in breast CT images, as discussed in Section 5.2. 

%Code to remove the skin from breast images. 

 

filename = input('Filename: ','s'); 

[pathstr,name,ext] = fileparts(filename); 

disp(name) 

fid = fopen(filename,'r'); 

clear A; 

A = fread(fid,inf,'float32', 'b'); %Set to Big Endian for the NoSkin files 

fclose(fid); 

sizem = 350; 

sizen = 350; 

sizeo = 400; 

close all; 

Image = reshape(A(1:(sizem*sizen*sizeo)), sizem,sizen,sizeo); 

 

i=200; 

figure(1) 

imagesc(Image(:,:,i)) 

 

clear A 

    Slice = zeros(350,350,400); 

    AdjSlice = zeros(350,350); 

for i = 1:400 %Removed to generate image from one slice 4/29/13 

    Slice(:,:,i) = Image(:,:,i); 

    %Edge = edge(Slice(:,:,i), 'sobel', 0.0042); %Works well, but sometimes 

    %"finds" the glandular/fatty boundaries. 

    %Edge = edge(Slice(:,:,i), 'prewitt', 0.008); %Doesn't work very well 

    %thus far, but haven't tested below 0.008 threshold. 

    AdjSlice = imadjust(Slice(:,:,i)); 

    Edge = edge(AdjSlice, 'roberts', 0.165); %Works pretty well with 0.165. 

    %May need fine tuning for each breast by the user. 

 

    figure(2) 

    imagesc(Edge(:,:)) 

 

%  Removes 7 pixels around each point of the detected edge, effectively 

%  removing the skin when the threshold is well chosen. 

    [row, col] = find(Edge); 

    if max(size(row)) >= 2 

        for j= 1:max(size(row)) 

                for k = (row(j)-7):(row(j)+7) 

                    for l = (col(j)-7):(col(j)+7) 
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                        if ((k-row(j))^2 + (l - col(j))^2 <= 49) 

                            Slice(k,l,i)=0; 

                        end 

                    end 

                end 

        end 

    end 

    fprintf('Finished Skin Removal of Slice %d \n',i); 

end 

 

 

fid2 = fopen([name '_RemovedSkin.raw'],'w', 'b'); 

fwrite(fid2,Slice,'float32'); 

fclose(fid2); 
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Appendix C: MATLAB Script for Breast CT Segmentation 

MATLAB script for segmenting breast CT images into adipose and glandular 

tissue regions, as discussed in Section 5.2.  

filename = input('Filename: ','s'); %Read in filename of CT datat to be 

%segmented 

[pathstr,name,ext] = fileparts(filename); 

disp(name) 

fid = fopen(filename,'r'); 

clear A; 

A = fread(fid,inf,'float32', 'b'); %Set to Big Endian for the NoSkin files 

fclose(fid); 

sizem = 350; %Sizes of reconstructed image 

sizen = 350; 

sizeo = 400; 

close all; 

Image = reshape(A(1:(sizem*sizen*sizeo)), sizem,sizen,sizeo); %Reshapes to 

%sizem x sizen x sizeo array 

mkdir(['C:\Users\Steve\Documents\MATLAB\BreastHistogram\Output\' name ... 

    '_Adipose']); %Make directory for storing files 

mkdir(['C:\Users\Steve\Documents\MATLAB\BreastHistogram\Output\' name ... 

    '_Glandular']); 

 

    options = fitoptions('Method','NonlinearLeastSquares'); 

    options.Robust = 'LAR'; 

    %options.Lower = [0 0.020 0]; 

    options.Lower = [1 0.022 0.0001 1 0.027 0.0001]; %Lower bounds of dual- 

    %Gaussian fitting. User should adjust these as necessary, especially 

    %entries 2 and 5. 

    %options.Upper = [Inf 0.032 Inf]; 

 

    options.Upper = [Inf 0.026 0.003 Inf 0.034 0.003]; %Upper bounds of 

    %dual-Gaussian fitting. User should adjust these as necessary, 

    %especially entries 2 and 5. 

 

    options.MaxFunEvals = 5000; 

    options.MaxIter = 5000; 

    options.StartPoint = [300 0.024 1 300 0.03 1]; %Start point to help 

    %function reach acceptable solution. 

 

xin = 0:0.0001:0.05; 

k=1; 

loop = 100:1:230; %Slices to segment. Change for each breast file 
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    Output = zeros(max(size(xin)),2,6); 

for i=loop %Loop through each slice for segmentation 

        j = int2str(i); 

        TempImage = zeros(350,350); 

        AdiImage = zeros(350,350); %Adipose slice image 

        GlandImage = zeros(350,350); %Glandular slie image 

        Input = A(((i-1)*350*350+1):(i*350*350)); 

        Output1 = zeros(max(size(xin)),2); 

        [Output1(:,2),Output1(:,1)] = hist(Input,xin); %Histogram 

        %individual slice 

        Output(:,:,k) = Output1(:,:); 

        % eval(['XValues_' j '= Output1(:,1)']); 

        % eval(['YValues_' j '= Output1(150:end,2)']); 

        %dlmwrite(['C:\Users\Steve\Documents\MATLAB\BreastHistogram\Output\ 

        %' name '_Slice-' j '_Histogram.txt'], Output); 

        xlswrite([name '_SlicebySliceHistogram_IWDM.xls'],Output(:,:,k),... 

            ['Slice_' j], 'A5'); %Write out histogram values to spreadsheet 

        fprintf('Finished Histogram of Slice %d \n',i); 

 

        [cfun, gof] = fit(Output1(150:end,1), Output1(150:end,2),... 

            'gauss2',  options); %Fit histogram with dual-gaussian 

        %function, returning fit parameters and metrics 

        fprintf('Finished Curve-Fit of Slice %d \n', i); 

 

        %Write out function parameters to equation variables for sovling 

        Eq3 = sprintf('%f*exp(-(((x-%f)/%f)^2))-%f*exp(-(((x-%f)/%f)^2))'... 

            ,cfun.a1,cfun.b1,cfun.c1,cfun.a2,cfun.b2,cfun.c2); 

        Eq = sprintf('%f*exp(-(((x-%f)/%f)^2))+%f*exp(-(((x-%f)/%f)^2))'... 

            ,cfun.a1,cfun.b1,cfun.c1,cfun.a2,cfun.b2,cfun.c2); 

        Eq1 = sprintf('%f*exp(-(((x-%f)/%f)^2))',cfun.a1, cfun.b1, cfun.c1); 

        Eq2 = sprintf('%f*exp(-(((x-%f)/%f)^2))',cfun.a2, cfun.b2, cfun.c2); 

        min = fminbnd(Eq, double(cfun.b1), double(cfun.b2)); %Finds ... 

        %minimum point between centroids of each Gaussian 

 

        fprintf('Found minimum: %f \n', min); 

 

        Solution = max(double(solve(Eq3,'x'))); %Finds crossing point ... 

        %by solving for zeros in difference of Gaussian functions 

        Cross_index = find((Solution >= double(cfun.b1) && Solution... 

            <= double(cfun.b2))); %Finds zero solution between two centroids 

        Cross = Solution(Cross_index); 

 

        fprintf('Found cross: %f \n', Cross); 

 

        %Next section calculates 95% threshold intervals 

        p=0; 

        q=0; 

        b = cfun.b2; %Sets initial threshold to glandular peak value 
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        count = 1; 

        c=0; 

        while p == 0 

            Int1 = int(sym(Eq1), sym('x'), 0, b); %Integrates adipose 

            %curve from 0 to b 

            Int2 = int(sym(Eq2), sym('x'), 0, b); %Integrates glandular 

            %curve from 0 to b 

            Perc = Int1/(Int1 + Int2); %Determines % adipose tissue 

            if Perc < 0.95 %Checks to see if percent is >= 95%; if not, 

                %proceed with this subloop 

                if (b >= 0.022 && Perc >= c) %Loop to move threshold, so 

                    %long as the calculated percent is higher than previous 

                    %iteration. Can be adjusted to force threshold to be 

                    %between peaks 

                    c = Perc; 

                    b = b - 0.0001; 

                elseif b < 0.022 %If threshold gets too low, segmentation 

                    %has deemed to fail; something else is going on. 

                    q = 1; 

                    p = 1; 

                    fprintf('Segmentation of Slice %d failed! \n', i); 

                end 

            else 

                p = 1; 

            end 

            count = count + 1; 

            fprintf('Count: %d \n', count); 

        end 

        Thresh1 = b; 

        fprintf('First Threshold Found: %f \n', Thresh1); 

 

p=0; 

b = cfun.b1; 

count1 = 1; 

c=0; 

if q == 0 

        while p == 0 

            Int1 = int(sym(Eq1), sym('x'), b, 0.045); %Integrates adipose 

            %curve from b to 0.045 

            Int2 = int(sym(Eq2), sym('x'), b, 0.045); %Integrates glandular 

            %curve from b to 0.045 

            Perc = Int2 / (Int1 + Int2); %Determines % glandular tissue 

            if Perc < 0.95 

                if (b <= 0.035 && Perc>=c) 

                    c= Perc; 

                    b = b + 0.0001; 

                elseif b > 0.0035 

                    p = 1; 

                    q = 1; 

                    fprintf('Segmentation of Slice %d failed! \n', i); 
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                end 

            else 

                p = 1; 

            end 

            count1 = count1 + 1; 

            fprintf('Count: %d \n', count1); 

        end 

end 

 

    if q == 0 

        Thresh2 = b; 

        fprintf('Second Threshold Found: %f \n', Thresh2); 

 

 

        %Generates various segmented images 

        TempImage(:,:) = Image(:,:,i); 

 

        AdiposeLoc = find(TempImage(:,:) < min); 

        GlandularLoc = find(TempImage(:,:) > min); 

        AdiImage(AdiposeLoc) = TempImage(AdiposeLoc); 

        GlandImage(GlandularLoc) = TempImage(GlandularLoc); 

 

        fid1 = fopen(['Output\' name '_Adipose\' ... 

            'Test_Min_Adipose_Slice__' j '.raw'],'w', 'b'); 

        fwrite(fid1,AdiImage,'float32'); 

        fclose(fid1); 

 

        fid2 = fopen(['Output\' name '_Glandular\' name ... 

            '_Min_Glandular_Slice_' j '.raw'],'w', 'b'); 

        fwrite(fid2,GlandImage,'float32'); 

        fclose(fid2); 

 

        clear AdiImage; 

        clear GlandImage; 

        clear AdiposeLoc; 

        clear GlandularLoc; 

 

        AdiposeLoc = find(TempImage(:,:) < Thresh1); 

        GlandularLoc = find(TempImage(:,:) > Thresh2); 

        AdiImage(AdiposeLoc) = TempImage(AdiposeLoc); 

        GlandImage(GlandularLoc) = TempImage(GlandularLoc); 

 

        fid3 = fopen(['Output\' name '_95_Adipose_Slice__' j '.raw'],... 

            'w', 'b'); 

        fwrite(fid3,AdiImage,'float32'); 

        fclose(fid3); 

 

        fid4 = fopen(['Output\' name '_95_Glandular_Slice_' j '.raw'],... 

            'w', 'b'); 

        fwrite(fid4,GlandImage,'float32'); 
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        fclose(fid4); 

 

        clear AdiImage; 

        clear GlandImage; 

        clear AdiposeLoc; 

        clear GlandularLoc; 

 

        AdiposeLoc = find(TempImage(:,:) < Cross); 

        GlandularLoc = find(TempImage(:,:) > Cross); 

        AdiImage(AdiposeLoc) = TempImage(AdiposeLoc); 

        GlandImage(GlandularLoc) = TempImage(GlandularLoc); 

 

        fid5 = fopen(['Output\' name '_Cross_Adipose_Slice__' j '.raw'],... 

            'w', 'b'); 

        fwrite(fid5,AdiImage,'float32'); 

        fclose(fid5); 

 

        fid6 = fopen(['Output\' name '_Cross_Glandular_Slice_' j '.raw'],... 

            'w', 'b'); 

        fwrite(fid6,GlandImage,'float32'); 

        fclose(fid6); 

 

        %Writes fit results to Excel 

        xlswrite([name '_SlicebySliceHistogram_IWDM.xls'],... 

            {'a1*exp(-((x-b1)/c1)^2) + a2*exp(-((x-b2)/c2)^2)'},... 

            ['Slice_' j], 'D4'); 

        xlswrite([name '_SlicebySliceHistogram_IWDM.xls'],... 

            {'a1=';'b1=';'c1=';'a2=';'b2=';'c2='},['Slice_' j], 'D5'); 

        xlswrite([name '_SlicebySliceHistogram_IWDM.xls'],... 

            {cfun.a1;cfun.b1;cfun.c1;cfun.a2;cfun.b2;cfun.c2;gof},... 

            ['Slice_' j], 'E5'); 

        xlswrite([name '_SlicebySliceHistogram_IWDM.xls'],... 

            {'SSE=';'R-Squared=';'DFE=';'Adj. R Squared=';'RMSE='},... 

            ['Slice_' j], 'D15'); 

        xlswrite([name '_SlicebySliceHistogram_IWDM.xls'],... 

            {gof.sse;gof.rsquare;gof.dfe;gof.adjrsquare;gof.rmse},... 

            ['Slice_' j], 'E15'); 

        xlswrite([name '_SlicebySliceHistogram_IWDM.xls'],... 

            {'Min='},['Slice_' j], 'D21'); 

        xlswrite([name '_SlicebySliceHistogram_IWDM.xls'],... 

            {min},['Slice_' j], 'E21'); 

        xlswrite([name '_SlicebySliceHistogram_IWDM.xls'],... 

            {'Thresh1='},['Slice_' j], 'D22'); 

        xlswrite([name '_SlicebySliceHistogram_IWDM.xls'],... 

            {Thresh1},['Slice_' j], 'E22'); 

        xlswrite([name '_SlicebySliceHistogram_IWDM.xls'],... 

            {'Thresh2='},['Slice_' j], 'D23'); 

        xlswrite([name '_SlicebySliceHistogram_IWDM.xls'],... 

            {Thresh2},['Slice_' j], 'E23'); 

        xlswrite([name '_SlicebySliceHistogram_IWDM.xls'],... 
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            {'Cross='},['Slice_' j], 'D24'); 

        xlswrite([name '_SlicebySliceHistogram_IWDM.xls'],... 

            {Cross},['Slice_' j], 'D24'); 

        k=k+1; 

    elseif q == 1 

        xlswrite([name '_SlicebySliceHistogram_IWDM.xls'],... 

            {'a1*exp(-((x-b1)/c1)^2) + a2*exp(-((x-b2)/c2)^2)'},... 

            ['Slice_' j], 'D4'); 

        xlswrite([name '_SlicebySliceHistogram_IWDM.xls'],... 

            {'a1=';'b1=';'c1=';'a2=';'b2=';'c2='},['Slice_' j], 'D5'); 

        xlswrite([name '_SlicebySliceHistogram_IWDM.xls'],... 

            {cfun.a1;cfun.b1;cfun.c1;cfun.a2;cfun.b2;cfun.c2;gof},... 

            ['Slice_' j], 'E5'); 

        xlswrite([name '_SlicebySliceHistogram_IWDM.xls'],... 

            {'SSE=';'R-Squared=';'DFE=';'Adj. R Squared=';'RMSE='},... 

            ['Slice_' j], 'D15'); 

        xlswrite([name '_SlicebySliceHistogram_IWDM.xls'],... 

            {gof.sse;gof.rsquare;gof.dfe;gof.adjrsquare;gof.rmse},... 

            ['Slice_' j], 'E15'); 

        xlswrite([name '_SlicebySliceHistogram_IWDM.xls'], ... 

            {'SEGMENTATION FAILED!'},['Slice_' j], 'D21'); 

    end 

end 
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