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Abstract 
X-ray mammography has been the gold standard for breast imaging for 

decades, despite the significant limitations posed by the two dimensional (2D) 

image acquisitions. Difficulty in diagnosing lesions close to the chest wall and 

axilla, high amount of structural overlap and patient discomfort due to 

compression are only some of these limitations. To overcome these drawbacks, 

three dimensional (3D) breast imaging modalities have been developed 

including dual modality single photon emission computed tomography (SPECT) 

and computed tomography (CT) systems. This thesis focuses on the development 

and integration of the next generation of such a device for dedicated breast 

imaging. The goals of this dissertation work are to: [1] understand and 

characterize any effects of fully 3-D trajectories on reconstructed image scatter 

correction, absorbed dose and Hounsifeld Unit accuracy, and [2] design, develop 

and implement the fully flexible, third generation hybrid SPECT-CT system 

capable of traversing complex 3D orbits about a pendant breast volume, without 

interference from the other.  Such a system would overcome artifacts resulting 

from incompletely sampled divergent cone beam imaging schemes and allow 



  

  v

imaging closer to the chest wall, which other systems currently under research 

and development elsewhere cannot achieve.  

The dependence of x-ray scatter radiation on object shape, size, material 

composition and the CT acquisition trajectory, was investigated with a well-

established beam stop array (BSA) scatter correction method. While the 2D 

scatter to primary ratio (SPR) was the main metric used to characterize total 

system scatter, a new metric called ‘normalized scatter contribution’ was 

developed to compare the results of scatter correction on 3D reconstructed 

volumes. Scatter estimation studies were undertaken with a sinusoidal saddle 

(±15° polar tilt) orbit and a traditional circular (AZOR) orbit. Clinical studies to 

acquire data for scatter correction were used to evaluate the 2D SPR on a small 

set of patients scanned with the AZOR orbit. Clinical SPR results showed clear 

dependence of scatter on breast composition and glandular tissue distribution, 

otherwise consistent with the overall phantom-based size and density 

measurements. Additionally, SPR dependence was also observed on the 

acquisition trajectory where 2D scatter increased with an increase in the polar tilt 

angle of the system.  
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The dose delivered by any imaging system is of primary importance from 

the patient’s point of view, and therefore trajectory related differences in the dose 

distribution in a target volume were evaluated. Monte Carlo simulations as well 

as physical measurements using radiochromic film were undertaken using 

saddle and AZOR orbits. Results illustrated that both orbits deliver comparable 

dose to the target volume, and only slightly differ in distribution within the 

volume. Simulations and measurements showed similar results, and all 

measured dose values were within the standard screening mammography-

specific, 6 mGy dose limit, which is used as a benchmark for dose comparisons. 

Hounsfield Units (HU) are used clinically in differentiating tissue types in 

a reconstructed CT image, and therefore the HU accuracy of a system is very 

important, especially when using non-traditional trajectories. Uniform phantoms 

filled with various uniform density fluids were used to investigate differences in 

HU accuracy between saddle and AZOR orbits. Results illustrate the 

considerably better performance of the saddle orbit, especially close to the chest 

and nipple region of what would clinically be a pedant breast volume. The 

AZOR orbit causes shading artifacts near the nipple, due to insufficient 

sampling, rendering a major portion of the scanned phantom unusable, whereas 
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the saddle orbit performs exceptionally well and provides a tighter distribution 

of HU values in reconstructed volumes.   

Finally, the third generation, fully-suspended SPECT-CT system was 

designed in and developed in our lab.  A novel mechanical method using a linear 

motor was developed for tilting the CT system. A new x-ray source and a custom 

made 40 x 30 cm2 detector were integrated on to this system. The SPECT system 

was nested, in the center of the gantry, orthogonal to the CT source-detector pair. 

The SPECT system tilts on a goniometer, and the newly developed CT tilting 

mechanism allows ±15° maximum polar tilting of the CT system. The entire 

gantry is mounted on a rotation stage, allowing complex arbitrary trajectories for 

each system, without interference from the other, while having a common field 

of view. This hybrid system shows potential to be used clinically as a diagnostic 

tool for dedicated breast imaging. 
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bound HU values, as compared to the AZOR. Note that the abscissa is wider (-500 - 500 
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1 Introduction & Theory 

1.1 Clinical Significance  

Breast cancer is the most commonly diagnosed form of cancer among women 

worldwide regardless of race or ethnicity. It is the second most common cause of death 

due to cancer[1] in the United States, exceeded only by lung cancer. Breast cancer 

represents 14% of all new cancer cases diagnosed in the U.S.[2] The latest reported 

numbers from the year 2011 indicated that ~220,000 women and ~2,000 men in the 

United States were diagnosed with breast cancer whereas 40,931 women and 443 men 

actually died from the disease [1]. Estimates for the year 2015 indicate that there will be 

~230,000 new cases of breast cancer diagnosed and ~40,000 total deaths [2]. Additionally, 

based on the most recent data, approximately 1 in 8 (12.5%) of all women will be 

diagnosed with breast cancer during their lifetime[2].  

There are several risk factors associated with breast cancer occurrence. The 

American Cancer Society (ACS) reported that breast cancer is most frequently diagnosed 

among women aged 55-64 with the median age being 61, and the risk of cancer 

increasing with age[3]. It is well accepted that the risk of cancer increases with higher 

mammographic density of the breast[4]. Approximately 15 – 20% of all cancers occur due 

to genetic predisposition, specifically mutations in the BRCA1 and BRCA2 genes[3, 5]. 

Molecular tests are commercially available to identify some of the BRCA mutations; 
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however, the interpretation of results and treatment decisions remain complicated[6]. 

After increasing for more than two decades, female breast cancer incidence rates began 

decreasing in 2000, then dropped by about 7% from 2002 to 2003 [3]. This sudden and 

large decrease was thought to be due to the decline in use of hormone therapy after 

menopause that occurred after the results of the Women's Health Initiative were 

published in 2002 [7]. This study linked the use of hormone therapy to an increased risk 

of breast cancer and heart diseases. Studies have also been performed to evaluate the 

impact of diet, lifestyle, alcohol, tobacco, oral contraceptive use, radiation, and 

environmental pollutants on the risk of breast cancer occurrence; results have indicated 

that these factors also have a significant role to play and may increase the risk of breast 

cancer occurrence by 10 – 30 % [3]. Some of the major risk factors listed above cannot be 

controlled; it could also be argued that controlling lifestyle and diet related risk factors, 

is helpful. Although controlling lifestyle factors reduces the risk of cancer occurrence, it 

does not completely eliminate it. 

Overall, in the last 15 years, the breast cancer mortality rate has reduced by 30-

50% [8]. This declining trend is believed to be due to a combination of decline in the use 

of hormone therapy, increasing awareness, regular screening, and earlier detection due 

to better breast imaging technology. A recent study showed significant improvement in 

the life expectancy of women undergoing regular screening and who had early 

diagnoses[9]. Statistics compiled by the National Cancer Institute (NCI) between 2003 – 
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2009 show that the 5 year survival rate for women with a localized tumor is 98.6% but 

starts dropping as the cancer becomes more aggressive. When the cancer spreads to 

regional lymph nodes, the 5 year survival rate drops to 84% and if the cancer spreads 

away from the breast, the survival rate drops down to 24% [3]. 

Therefore, early detection of a primary cancer is of paramount importance since 

there is less chance of metastasis, possible breast conservation in case of surgery, which 

can help minimize pain, suffering, and drastically increase the chances of patient 

survival.  

1.2 Current Imaging Techniques 

X-ray mammography (XRM) has been the ‘silver’ standard for breast cancer 

screening and has been proven successful for many years[10-18]. XRM is a two dimensional 

(2D) imaging technique performed with the patient in an upright position; the breast is 

compressed between a compression paddle and the detector, and static x-ray (15 – 30 

keV) projection images are acquired. In routine breast screening exams, two views of 

each breast are acquired – cranio-caudal (CC) and mediolateral-oblique (MLO). An 

example of the CC view is shown in Figure 1-1. Additional magnification views are 

sometimes also acquired when performing diagnostic mammography for suspicious 

cases[19].  
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One of the key flaws of XRM is that projecting a three dimensional (3D) volume 

onto a 2D image results in obscuring subtle, diffused cancers occluded by 

radiographically similar tissue[18, 20]. Breast compression reduces patient motion and the 

breast thickness, which reduces the path length of the x-rays travelling through the 

breast volume, and thereby minimizes the possibility of scatter. However, while breast 

compression spreads out the tissue in the imaging plane, it results in a large amount of 

structural overlap due to superposition of normal anatomic structure (parenchymal 

structure) with diagnostic information (tumor). This plays a significant role in imaging 

breasts, but specifically radiographically dense breasts [15, 21, 22], since the highly 

attenuating fibroglandular tissue could overlap and obscure tissue abnormalities. 

Several studies performed across the United States on screening mammograms 

have reported an overall sensitivity1 of 75.0% and specificity2 of 92.3% [15]. Studies have 

indicated that the obscuring of potential abnormalities in mammography images of 

women with dense breasts results in a significant decrease in detected cancers, with 

sensitivity falling to 63–69% for women with denser breasts, aged between 40-49 

years[15]; and ~48% for Breast Imaging Reporting and Data Systems (BIRADS) density 

                                                   

 

1 Sensitivity (the true positive rate) measures the proportion of positives which are correctly 
identified. 
2 Specificity the true negative rate) measures the proportion of negatives which are correctly 
identified. 
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category IV [16]. Even in patient populations where XRM demonstrates high sensitivity, 

positive predictive value (PPV)3 is highly variable at 3-36% indicating that a relatively 

large number of the patient population must undergo ultimately unnecessary biopsies 

and/or other diagnostic procedures [11, 13].  

 

Figure 1-1: Photograph depicting breast compression during routine screening 
mammography. As evident by the small patient breast size in this picture, it is very 
difficult to include the chest wall and pectoralis muscle in the field of view. Image 
adapted from http://www.healthline.com/health/breast-cancer/pictures#Mammogram4 
(downloaded on May 1st, 2015). 
                                                   

 

3 Positive predictive value (PPV) measures the proportion of positive results that are true 
positive. 

http://www.healthline.com/health/breast-cancer/pictures#Mammogram4
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Furthermore, positive correlation has been found between tumor size and patient 

mortality [17]. The average tumor size detected by conventional XRM  is of the order of 

10-12 mm in diameter; data suggests that use of an imaging system capable of 

adequately visualizing breast tumors 5 mm in diameter or less would result in a ~10% 

increase in 15 year survival rates [18]. It has been estimated that a large number (9 – 

33%)[23] of breast cancer recurrences and micro-metastases after treatment, occur close to 

the axillary lymph nodes in the chest wall region or near the pectoralis muscle[24]. In 

most clinical cases, especially in patients with smaller breasts (Figure 1-1), it is difficult 

to access the chest wall due to the limited field of view (FOV) of XRM, thereby 

potentially missing this 9–33% fraction of breast tumors. Lastly, discomfort due to breast 

compression in XRM is also a major cause for concern among women, often negatively 

affecting their decision to undergo routine screening, in the first place, or follow-up 

thereafter [14].  

To overcome these preceding limitations of XRM, alternative 2D imaging 

techniques have been developed. Over the past recent decades, understanding the 

molecular nature and growth of tumor cells have permitted the development and use of 

biological radioactive tracers, to target cancerous cells. Various technologies including 

planar imaging modalities using Tc-99m-labeled-sestamibi (MIBI) as a radiotracer and 

standard clinical gamma cameras to image the distribution of the tracer in a breast 

volume were investigated in the 1990s as an adjunct tool to evaluate patients with 
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abnormal mammograms. This technique was called “scintimammography” [25, 26]  since it 

used clinical scintillation cameras for dedicated breast imaging. This approach is 

minimally affected by tissue density due to the easily penetrating nature of 140 keV 

gamma rays from Tc-99m, and is thus favorable for imaging dense breasts; however in 

the absence of breast compression, the spatial resolution suffers, consequently resulting 

in a sensitivity of 20% for lesions sizes less than 1 cm[25]. To overcome the spatial 

resolution inadequacy, higher resolution and more compact gamma cameras were 

recently developed for use, in conjunction with breast compression, for a more modern 

version called “molecular breast imaging” (MBI) where one or two gamma cameras 

simultaneously acquire opposing views of a compressed breast. Although MBI 

demonstrated improved spatial resolution and better detectability of small lesions[26, 27], it 

continues to suffer from similar shortcomings as XRM, namely discomfort due to 

compression, incomplete chest wall access and also relatively long acquisition times (~10 

minutes). 

Apart from MIBI, radiotracers comprised of positron emitting nuclides have been 

used for modalities like positron emission tomography (PET). F-18-Fluorodeoxyglucose 

(FDG) is the most commonly used radiotracer for PET imaging. When positron emitting 

nuclides decay, the emitted positrons are annihilated by electrons present in the target, 

to emit two 511 keV gamma rays moving in nearly opposite directions. Detection of 

these coincidence events by two opposing detectors, within a specific time interval, 
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would allow localization of the radionuclide by tracing the line of response between the 

two detected events. Positron emission mammography (PEM)[28-31] is the 2D counterpart 

of PET, where two planar detectors are mounted opposite each other, similar to 

mammography or MBI, and used as paddles to compress a breast of a patient injected 

with FDG. Images are acquired in the CC and MLO views. PEM yields multiple planes 

through the breast volume, similar to tomosynthesis. It has shown to have a sensitivity 

of 86-91% and specificity of 91-93%[30, 31], higher spatial resolution than conventional 

whole body PET scanners (see ahead to Page 15) and reduced photon attenuation 

through the tissue due to reduced tissue thickness. However, PEM suffers from similar 

limitations as other 2D imaging modalities like difficulty in imaging the posterior breast, 

in addition to false positive findings near previous biopsy sites in the breast and variable 

uptake of FDG in small tumors[32, 33]. 

In recent years, digital breast tomosynthesis (DBT) has gained popularity under 

the misnomer “3D mammography,” ever since its approval by the Food and Drug 

Administration (FDA) for clinical use[34-45]. In DBT, or limited angle tomographic 

mammography, the x-ray tube is moved through a limited angle arc (up to ± 25°) to 

obtain a series of exposures (usually 15) of a compressed breast. Projection images are 

then reconstructed to produce volumetric data sets with slices as thin as 0.5 mm, which 

allows visualization of masses and margins which may otherwise be superimposed with 

out-of-plane structures (Figure 1-2). Experimental studies have shown DBT to have 
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increased sensitivity[45], improvement in lesion characterization[40] and reduction in recall 

rates[37] compared to XRM. However, images acquired using DBT are not truly 3D since 

the reconstructed voxels are non-isotropic due to angular under sampling; all images 

except the one where the detector is orthogonal to the source, are heavily blurred, the 

physician reading times are longer compared to XRM[37] and patient discomfort 

continues to be an issue. 

 

Figure 1-2: Images highlighting the inadequacy of mammography in discerning lesions 
due to overlapping tissue. Additional slices of tomosynthesis improve visibility of the 
otherwise occluded lesion (encompassed in the yellow square ROI). Image adapted from 
case studies available on www.hologic.com/3d-mammography-clinical-images (downloaded 
on May 1st, 2015). 

http://www.hologic.com/3d-mammography-clinical-images
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These limitations have led to the emergence of fully-3D imaging modalities with 

the goal of improving detection of breast lesions, reducing unnecessary biopsies, 

reducing recall rate and increasing patient comfort. Magnetic resonance imaging (MRI) 

has been shown to successfully image dense breasts in addition to not delivering 

ionizing radiation[46]. Contrast enhanced MRI where intravenously injected gadolinium 

is used for added contrast, increases the overall sensitivity of MRI, making small 

abnormalities more visible [46-48]. MRI coupled with XRM has been reported to have a 

sensitivity of greater than 90% which is higher than MRI or XRM alone[49]. Due to the 

higher effectiveness of the combined protocol, in recent years, the ACS has 

recommended annual MRI screening in conjunctions with XRM, for women with a high 

risk of breast cancer who: (1) carry a BRCA1/BRCA2 mutation, (2) have cancer risk 

greater than 20%, or (3) have received radiation treatment between the ages 10-30[50]. 

Despite its clear advantage over XRM, MRI is a long procedure (30 – 120 min), has high 

cost per scan (> $1000), has limited availability in clinics across the country, has high 

system maintenance costs, and long wait times for scans. Additionally, MRI can often 

not distinguish between malignant and benign lesions, nor detect calcifications and has 

a much lower specificity[51, 52]  limiting widespread adoption as an adjunct tool. 

Ultrasound (US) has also shown promise in the diagnosis of breast cancer[53-58] 

and is sometimes used with XRM since it is useful in differentiating between benign 

cysts and solid lesions[55, 57, 59, 60], thereby eliminating the need for biopsies. A study of 
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2800 women that underwent mammography and ultrasound in combination revealed 

that compared to mammography alone, the combined protocol had increased sensitivity 

(77.5% vs. 50%) but reduced specificity (89.4% vs. 95.5%)[56]. The study also showed that 

US had an increased false positive rate (10% vs. 4.4%)[56] which is likely due to that fact 

that US does not have good spatial resolution like MRI or XRM, which makes it difficult 

to detect calcifications, small lesions, and abnormalities located deep within the breast 

(farther away from the transducer surface). Additionally, US sensitivity of detection 

decreases in dense breasts and the success of the imaging procedure is highly operator 

dependent[58]. These limitations do not render US sufficiently advantageous over XRM to 

be used diagnostically in a clinical setting. However, in the last few years, automated 

breast volume scanning (ABVS) using multiple ultrasound transducers traversing 

automatically around the breast contours, completely independent of an operator, has 

gained popularity[61, 62]. A recent clinical trial of 81 patients reported a sensitivity of 100% 

and specificity of 95% using ABVS[63]. Another area of research has been using targeted 

microbubbles for contrast enhanced angiogenesis imaging of microvasculature using 

Doppler ultrasound[64]. Although novel, these US modalities are in nascent stages of 

development and need to be investigated further to determine their clinical implications. 

Nuclear medicine (NM) approaches have also been developed for 3D breast 

imaging. Single photon emission computed tomography (SPECT) imaging, which is the 

3D complement to 2D scintimammography, images the 3D distribution of injected 
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radiotracers with a gamma camera, acquiring multiple planar images around a pendant 

breast[65, 66]; the primary, FDA approved radiotracer used for SPECT is also MIBI. Clinical 

SPECT scanners have large, bulky gamma cameras that impede imaging close to the 

breast surface, consequently degrading image contrast and spatial resolution[67]. Early 

SPECT studies showed a much lower sensitivity compared to planar NM imaging (61-

95% vs. 80-88%)[68], despite acquiring multiple projections around the breast. To 

overcome some of these limitations, a fully 3D tilt capable SPECT system with a compact 

gamma camera which can be placed much closer to the breast has been developed and 

evaluated in our lab as a standalone device[66, 69-73]. Additionally, to achieve better 

sampling of the target volume, complex 3D acquisition trajectories have been 

investigated and characterized, and have shown to successfully image smaller lesion 

sizes than scintimammography[73]. Figure 1-3 shows the first generation dedicated breast 

SPECT scanner developed in our lab.  

The dedicated breast SPECT system still suffers from low spatial resolution in 

addition to providing limited anatomical information, making its adoption as a stand-

alone diagnostic device fairly difficult. However SPECT can prove valuable when used 

in conjunction with another anatomical imaging modality like computed tomography 

(CT), by supplementing the anatomical information with functional metabolic 

information which would assist staging or monitoring of breast disease.   
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Figure 1-3: Photograph of the dedicated SPECT system for breast cancer imaging. The 
system is composed of a gamma camera attached to a laboratory jack, goniometer, and 
rotation stage allowing fully‐3D motion in radius of rotation (ROR), polar tilt (ɸ) angles, 
and azimuthal (θ) angles, respectively. The ROR is defined as the perpendicular distance 
between the detector and COR of the system. The polar position (0-90) is the angle that 
the gamma camera is tilted from the horizontal plane. The azimuthal position (0‐360) 
defines the angle of the system with respect to the vertical axis of the uncompressed 
breast. An anthropomorphic breast phantom is also shown above the system, through 
an opening in the table. Image adapted from P. Madhav, PhD Thesis, 2009. 
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Clinical PET scanners use FDG as a radiotracer for whole body imaging, and are 

traditionally not used for detection of primary breast cancer, but are used for diagnosing 

metastatic disease in other organs due to breast cancer. The reported sensitivity for PET 

ranges from 80 - 100% and specificity ranges between 73 – 100% [74, 75]. PET has limited 

spatial resolution (5 – 7 mm) and therefore the detection sensitivity reduces to as low as 

~12% for tumors <1 cm [76]. Additionally, FDG uptake in different tumors is non-uniform, 

there is a differential uptake based on menstruation cycle, and also between adipose and 

glandular tissue in the same breast, resulting in a higher false negative rate for PET. 

Therefore, PET as a stand-alone modality is not ideal for breast imaging, but plays an 

important role in breast cancer staging as well as monitoring response of tumors to 

ongoing therapy due to its ability to scan throughout the entire body.  

CT has shown extremely favorable results in breast cancer detection. Breast 

cancer detection was initially performed using commercial whole body CT scanners. 

Although it has proven useful to use CT over XRM due to the removal of structural 

overlap and improved detection in dense breasts, the procedure caused unnecessary 

radiation to other parts of the body, required intravenous contrast, and was a lengthy 

procedure [77-79]. Various groups [80-82], including our own [83, 84], have recently developed 

cone-beam dedicated breast CT (BCT) systems with flat panel digital detectors to image 

pendant breasts. This approach reduces dose to other parts of the body, requires no 

compression, provides fully 3D isotropic and volumetric images, and is potentially 
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highly beneficial for women with dense breasts.  Past observer studies have also shown 

improvement in image contrast, reduction in structural noise and better lesion 

detectability [85]. Use of heavy k-edge filters like Cerium (Ce) to produce quasi-

monochromatic x-ray beams allows better contrast and demarcation between different 

breast tissue types[86-88].  

 

Figure 1-4: Photograph of the prototype, first generation dedicated BCT imaging system 
composed of an x-ray source and detector placed orthogonal to each other and attached 
to a goniometer to allow polar tilting (ɸ). The entire system is parked on an azimuthal 
rotation stage which allows rotation (θ) around the target object. The polar position (-30-
20) is the angle that the source-detector pair is tilted about the horizontal plane. The 
azimuthal position (0‐360) defines the angle of the system with respect to the vertical 
axis of the uncompressed breast. Image adapted from P. Madhav, PhD Thesis, 2009. 
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Additionally, implementation of complex acquisition trajectories incorporating polar 

tilting of the entire system, provides better sampling close to the chest wall and reduces 

cone beam sampling insufficiencies[89, 90] (Figure 1-4). This approach improves 

visualization and localization of lesions. BCT overcomes most of the disadvantages of 

XRM as well as DBT, providing comparable diagnostic information at similar dose levels 

and has tremendous future potential. However BCT does suffer from poorer spatial 

resolution than XRM and finds it challenging to image microcalcifications. 

All the individual modalities described above have their advantages and 

disadvantages; however, no single modality provides all the information needed for a 

firm diagnostic conclusion. In an effort to improve diagnosis and treatment planning, 

the idea of combining anatomical as well as functional images was conceived; this 

resulted in the development of multi-modality systems capable of more than one 

diagnostic scan in a common field of view (FOV). Whole body PET-CT is the most 

popular dual modality system clinically used. As mentioned before, whole body PET-CT 

scanners are used for breast imaging primarily for staging and for evaluation of 

response to therapy. However, combined PET-CT devices for dedicated breast imaging 

have recently been developed, especially by Badawi et al. [91, 92] at UC Davis. The device 

consists of a BCT system similar to the one described above, with a dual head PET 

camera placed orthogonal to the CT system such that both sub-systems have a common 

FOV. The research device is currently being used for patient trials and has shown 
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potential over SPECT-CT (detailed later) in terms of spatial resolution, however it 

remains far from accurate in the quantification of FDG uptake which would prove vital 

for evaluating therapy response. Additionally, the PET-CT scanner currently is 

geometrically constrained from getting close to the chest wall and posterior breast, with 

both the PET and CT sub-systems.   

SPECT and CT modalities have also been previously combined to develop a 

hybrid, dual modality system for dedicated breast imaging. Our lab built the first such 

system in the world and since then, the system has been thoroughly investigated and 

extensively reported on[90, 93-97] (Figure 1-5).  

The CT component uses a rotating tungsten target x-ray source (model Rad-94, 

Varian Medical Systems, Salt Lake City, UT) with a 0.4/0.8mm nominal focal spot size and 

14° anode angle coupled with a 25 × 20cm2 FOV CsI(Tl)-based amorphous silicon flat 

panel digital x-ray detector (Paxscan 2520, Varian Medical Systems, Salt Lake City, UT) 

with a grid size of 1920 × 1536 pixels and 127 µm pixellation. A custom-built collimator 

attached to the x-ray source held the ultra-thick (0.0506 cm) K-edge beam shaping Ce (Z 

= 58, ρ = 6.77 g/cm3, K-edge = 40.4 keV, Santoku America, Inc., Tolleson, AZ) filter to 

produce a quasi-monochromatic beam[87, 88].  For all clinical and most phantom studies, a 

60 kVp x-ray beam with a 1.25 mAs exposure per projection is used. The filter yields an 

x-ray spectrum with a mean energy of 36 keV and full width half maximum (FWHM) of 

15%. The source-to-image distance (SID) is 60 cm and source-to-object distance (SOD) is 
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38 cm resulting in a magnification of 1.57 for an object located at the center of rotation 

(COR) of the system.  

 

Figure 1-5: Photograph of the first generation hybrid SPECT-CT system for dedicated 
breast imaging in use during a clinical patient scan. The Yellow arrows form the 
boundary of the x-ray cone beam, the dashed line through the center depicts the vertical 
axis of rotation about which the whole system rotates. The vertical Red arrows show the 
line of sight of the gamma camera.  It should be noted that the patient breast is in the 
process of being positioned for a scan and is therefore not yet in the CT FOV. 

The SPECT sub-system is mounted orthogonal to the CT system and consists of a 

16 x 20 cm2 cadmium-zinc-telluride (CZT) (LumaGEM 3200S, Gamma Medica, Inc., Salem, 

NH) gamma camera with 2.5 mm pixellation. The camera uses a parallel-hole collimator 
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and shows excellent sensitivity to MIBI. The SPECT subsystem is capable of fully 3D 

complex, sinusoidal trajectories, around the breast which allow improved imaging of the 

chest wall and axilla. The quality of SPECT is improved by the anatomic demarcation as 

well as the attenuation correction provided by the CT. Integrating the CT with SPECT 

allows acquisition of dual modality images in the same setting, with the breast in the 

same location, allowing relatively easy superimposition of metabolic and anatomical 

data. For registration of SPECT and CT images obtained during clinical patient studies, 

nylon beads soaked in radioactivity are used as dual modality fiducial markers. These 

markers are placed outside the breast, on the skin, prior to the scan and are easily visible 

on the CT as well as the SPECT images. Image registration software like AMIDE is then 

used to locate the fiducial markers on both sets of images and register them (<1% 

error)[98] to provide the final images (Figure 1-6). 

 

Figure 1-6: Reconstructed image slices of a clinical patient data set acquired on the 
SPECT-CT system. (LEFT) CT, (CENTER) several summed SPECT slices and (RIGHT) 
fused SPECT-CT image which provides anatomic as well as metabolic information. 
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Under the scope of this dissertation, a second generation dual modality SPECT-

CT system has been designed and developed (Chapter 6), where each individual 

modality is capable of traversing complex sinusoidal acquisition orbits. 

1.3 Theory 

1.3.1 Photon Interactions 

X-ray scatter is a well-known phenomenon, albeit one of the most challenging 

problems to address in cone beam computed tomography (CBCT). In diagnostic CT 

imaging systems, as well as the energy levels encountered in this work (36 - 40 keV 

mean energy), three major interactions take place: photoelectric absorption, Compton 

(incoherent) scattering and Rayleigh (coherent) scattering.  

In photoelectric absorption, an incident photon transfers all of its energy to an 

inner shell (K or L shell) electron ejecting it from its shell. The energy of the ejected 

electron is equal to the energy of the incident photon minus the binding energy of the 

shell:  

E = hv −  E          (1-1) 

where, ℎ푣 is the energy of the incident photon, 퐸  is the binding energy of the shell and 

퐸  is the kinetic energy of the released electron. The vacancy is filled by an outer shell 

electron along with the release of a characteristic x-ray photon, with an energy which is 

equivalent to the difference in binding energies of the inner and outer shell.  The 

probability of photoelectric absorption can be given by the following equation[99]: 



  

  21

τ ∝            (1-2) 

where, 휏  is the probability of interaction and Z is the atomic number of the element. 

This is the dominant mode of interaction for low energy photons and high atomic 

number elements; however the effect in human tissue is low at the < 40 keV mean x-ray 

energy range used in our experiments.  

In Compton scattering, the incident x-ray photon interacts with a valence (outer 

shell) electron, imparting part of its energy to the electron and deflecting it from its 

original direction at an angle. The remaining energy of the scattered photon is given by: 

퐸 =
    (  )

                      (1-3) 

where, 퐸  is the energy of the scattered photon, ℎ푣 is the initial photon energy, 푚 푐  is 

the rest mass energy of the electron (511 keV) and 휃 is the scattering angle. The 

probability of Compton scatter (σ ) is directly proportional to the electron density of 

the material and is therefore linearly dependent on the Z of the target material. The 

probability of angular distribution of the scattered photons is completely described by 

the Klein-Nishina formula for scattering cross-sections[100]: 

dσ
dΩ

 = Zro
2 1

1+ α 1- cos θ

2
1+ cos2  θ

2
1+ 

α2 1- cos θ
2

1+ cos2  θ 1+ α 1- cos θ
      (1-4) 

where, dσ
dΩ

 is the differential scattering cross section as a function of the 4π solid angle, r0 

is the classical electron radius, θ is the scattering angle and  equals hν m0c2⁄ . This 
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relationship illustrates that for high energy photons there is a strong tendency for 

forward scattering (i.e., scattering along the original path of the incident photon). 

Rayleigh scattering occurs due to the complete absorption of the incident x-ray 

photon by the target atom and subsequent release of electromagnetic radiation of the 

same energy (and frequency) but in a different direction. Rayleigh scattering is coherent 

process (energy lossless). The probability of Rayleigh scattering (σ ) is higher at lower 

energies and for higher Z materials[101].  At the 36 - 40 keV mean energy range used 

throughout this dissertation, Compton scattering is the dominant scatter effect, followed 

by photoelectric absorption, whereas Rayleigh scattering has a considerably small 

impact (~10%)[101] as evident from the plot in Figure 1-7.  

Compton scattering remains the primary cause of scatter for breast CT imaging. 

The presence of scatter photons in the detected projection image results in reduction of 

contrast sensitivity and consequently results in the formation of cupping artifacts in 

reconstructed images. This reduces the accuracy of attenuation coefficients, tissue 

segmentation, in addition to affecting the discernibility of lesions situated in the center 

of the image. A portion of this dissertation (Chapter 2) focuses on the characterization 

and effects of scatter radiation, for different phantom and clinical conditions 

encountered during breast CT. 

The different photon interactions that occur within a target volume reduce the 

intensity of the incident x-ray beam. The measurement of the amount of attenuation of 
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the x-ray beam (radiodensity) forms the basis of CT imaging. The differences in relative 

attenuation of x-rays by different materials in the target volume are responsible for 

image contrast. The total attenuation of any material is expressed as the sum of the 

probabilities of each photon interaction: 

μ =  휏 + σ + σ          (1-5) 

where, μ  is the linear attenuation coefficient expressed in cm-1. The attenuation 

coefficient of a material is dependent on Z as well as energy; μ  decreases with 

increasing energy. The intensity of photons attenuated through a non-homogenous 

target can be calculated using Beer-Lambert’s law:  

푰 =  푰ퟎ 퐞퐱퐩[−∫μ푻풐풕풂풍 (풙)풅풙]           
(1-6) 

where, 퐼 is the intensity of transmitted (detected) photons, 퐼  is the intensity of incident 

photons and dx is the distance travelled by the photon within the volume. Projection 

images obtained during a CT scan provide an intensity map of each composite material 

of the target volume, which on reconstruction translates to radiodensity in linear 

attenuation coefficient units. The attenuation coefficient of a material can also be 

expressed as the mass attenuation coefficient (cm2/g) by normalizing the linear 

coefficient with the material density. Figure 1-7 shows a plot of the mass attenuation 

coefficients of ICRU 44 breast tissue composition obtained from the National Institute of 

Science and Technology (NIST) photon cross section database[102]. 
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Figure 1-7: Plot of Mass attenuation coefficients (µ/ρ) for different energies for the ICRU 
44 recommended breast tissue composition. Dotted black arrows indicate the 36 – 40 keV 
mean x-ray energy range encountered throughout this dissertation. It is evident from the 
plot that in the energy range of interest for breast CT applications, Compton scattering 
dominates all interactions followed by photoelectric absorption and coherent scattering 
respectively. 

Another metric clinically used by radiologists for describing radiodensity is CT 

number or Hounsfield units (HU). The HU scale is a linear transformation of the original 

linear attenuation coefficient measurement into one in which the radiodensity of 

distilled water at standard temperature and pressure (STP) is defined as zero HU, while 
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the radiodensity of air at STP is defined as -1000 HU. For all other materials, the linear 

attenuation coefficient can be transformed to HU by using the following relation: 

퐻푈 = 1000 푥            (1-7) 

where, 퐻푈  is the calculated HU of the target material, μ  is the measured 

linear attenuation coefficient of the target material and μ  is the linear attenuation 

coefficient of water (ideally 0) at STP. For every imaging system, the range of measured 

HU for specific materials should fall within a specified range, in order for the system to 

be accredited according to national radiological standards defined by the ACR. 

Therefore, HU accuracy for any system is of significant importance and is discussed in 

more detail in Chapter 4. 

1.3.2 Dosimetry 

Dose delivered to a target volume is a consequence of photon interactions in 

matter. For breast CT imaging and at the incident x-ray energies encountered in this 

dissertation, photoelectric absorption and Compton scattering are the dominant form of 

interactions that result in the liberation of electrons. These electrons deposit their kinetic 

energy along their travel path through collisional losses resulting in radiation dose to the 

tissue. The scattered photons can sometimes undergo secondary and tertiary scatter 

interactions, increasing the dose deposited in the target volume.  
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Absorbed dose (D) is a physical dose quantity used to quantify the mean energy 

imparted to matter, per unit mass, by ionizing radiation: 

퐷 =                (1-8) 

where, 훥퐸 is the energy imparted in Joules (J) and 훥푚 is the mass of the volume (kg).  In 

the SI system, the standard unit for dose is Gray (G) where 1 Gy = 1 J/kg. The dose 

delivered to a breast volume is dependent on various factors: material composition of 

the breast (adipose: glandular), total mass of the breast, energy and flux of the incident 

x-ray beam. The concept of dose is intimately tied in with the concept of x-ray exposure. 

Exposure (X) can be defined as the amount of charge collected per unit mass, when 

bombarded with ionizing radiation: 

푋 =                (1-9) 

where, 훥푄 is the charge liberated in Coulombs (C) and 훥푚 is the mass of the volume 

(kg). In the SI system, the standard unit for exposure is Roentgen (R) where 1 R = 2.58 x 

10-4 C/kg.  

Direct measurement of absorbed dose in a breast volume is difficult in a clinical 

setting. However the amount of ionization in air caused by x-ray exposure can be 

measured directly using ionization chambers. Therefore various techniques have been 

developed to indirectly, analytically calculate absorbed dose by direct measurements of 

x-ray exposure and known tissue absorption characteristics, to convert exposure to 
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absorbed dose in a breast volume. The dose to exposure conversion can be described by 

the following simple relation: 

퐷 =  푋 ×  푓              (1-10) 

where f is the exposure-to-dose conversion factor, which is energy as well as material 

dependent and can be calculated according to the dosimetry guidelines set by the 

American Association of Medical Physicists in Medicine (AAPM) in the AAPM-TG61 

report[103]. The f factor is calculated using the following equation: 

푓 = 0.869 
( )

( )
                        (1-11) 

where 0.869 is the conversion factor for translation from R to Gy units,  ( )  is 

the mass energy absorption coefficient of the target material which depends on the 

elemental composition of the material, and ( )  is the mass energy absorption 

coefficient of air. The mass energy absorption coefficient of a material is an energy 

dependent quantity, similar to the linear attenuation coefficient, which defines the 

probability of dose deposition in a material at a given x-ray energy. Mass energy 

absorption coefficient values for all elements and some compounds at specific energies 

can be obtained from the NIST provided photon cross section database[102]. For 

compounds not included in the NIST tables, absorption coefficients can be calculated 

based on their elemental composition using the following equation: 

( ) =  ∑푃 ∗  ( )        (1-12)  
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where, ( )  is the mass energy absorption coefficient of element 푖 and 푃  is the fraction 

by weight of that element in the composition of the material. 

Methods of empirical dose measurements using thermoluminescent dosimeters 

(TLDs) and radiochromic film have also been developed[104, 105]. TLDs consist of a 

thermoluminescent crystal which absorbs energy from incident ionizing radiation and 

elevates a valence band electron to the conductance band. TLD crystals are doped with 

impurities to trap these charged electrons and store them until the readout process. 

During readout, heat is applied to the TLDs which free the trapped electrons to return 

back to the valence band accompanied by the emission of visible light photons. The 

intensity of the visible light is directly proportional to the charge collected in the TLDs. 

On calibration with known exposure values obtained from ionization chamber readings, 

this information can be used to estimate the total dose absorbed by the TLDs. Lithium 

Fluoride (LiF) doped with magnesium (Mg) and titanium (Ti) impurities are commonly 

used for medical imaging dosimetry. TLDs are considered the gold standard of 

dosimetry; however the crystals are fairly large which hampers acquiring finer 

resolution absorbed dose data within a target volume.  

To overcome the difficulties of TLDs, methods that employ radiochromic film 

sensitive to ionizing radiation have been developed [106]. Radiochromic films have 

excellent spatial resolution (~200 µm pixels) which would provide a point by point dose 
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measurement within a target volume to generate absorbed dose profiles. The film has a 

sensitivity range between 0.1 – 20 cGy which aligns well for low energy breast CT 

applications. The film consists of a layer of an active monomer which is sandwiched 

between layers of polyester. The film undergoes solid state polymerization on exposure 

to ionizing radiation and creates a darker colored dye complex thereby changing the 

film’s optical density. The change in optical density (OD) is non-linearly related to the 

amount of x-ray exposure and can be measured upon digitization with a flat-bed 

scanner.  

The net change in OD can be calculated as the log transformation of the ratio of 

pre-exposed and post-exposed film intensity, as measured upon digitization by the 

scanner: 

푂퐷 =  푂퐷 −  푂퐷  = 푙표푔 −  푙표푔  = 푙표푔      (1-13) 

where, 퐼  is the measured background light intensity of the scanner without film in 

place, 퐼  is the measured pre-exposure light intensity and 퐼  is the measured post-

exposure light intensity. The distribution of deposited dose in a breast volumes of 

different densities are characterized using radiochromic film in Chapter 3 of this 

dissertation, and the impact of different acquisition orbits on deposited dose is also 

investigated. 
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1.3.3 X-ray Detection with Flat Panel Imagers 

CT imaging primarily consists of two major components: the x-ray source and 

the detector. X-rays are emitted by the x-ray source, incident on the target volume 

placed at the center of rotation (COR) of the system, and the spatial distribution of the 

attenuated x-rays is measured by the detector positioned opposite the x-ray source. 

Multiple such projections are acquired at different azimuthal angles around the object 

and then reconstructed (section 1.3.4) to create a 3D image which represents the spatial 

distribution of attenuation coefficients of the target volume. The accuracy of this 

reconstructed volume in terms of attenuation coefficients depends on a multitude of 

factors like proper alignment of the source-detector pair, spatial resolution capabilities of 

the detector and source focal spot size, response time of the detector, reconstruction 

algorithm, scatter correction method employed, etc. Potentially the most important 

component for spatial resolution is the size of the detector pixels, which defines the 

detector’s capability of discerning small objects. Additionally the alignment of the 

detector plays a major role in the accuracy of the acquired data, where even a <1 degree 

tilt in detector placement can cause major artifacts on the reconstructed images. The 

various degrees of tilt that can be introduced in the alignment of a FPD are illustrated in 

Figure 1-8. 

Since the advent of digital imaging technology, real time detection of x-rays with 

flat panel detectors (FPDs) has almost completely replaced screen/film methods. FPDs 
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are based on solid state integrated circuit (IC) technology and can be classified into 

major sub categories – direct and indirect detectors. Direct detectors incorporate a layer 

of photoconductor material such as amorphous Selenium (a-Se), Cadmium-Telluride 

(CdTe) or Cadmium-Zinc-Telluride (CZT), sandwiched between two high voltage 

electrodes. On exposure, the a-Se absorbs the x-rays and directly converts them to 

electron-hole pairs. Due to the high voltage bias, the electron-hole pairs are directed to 

the electrodes resulting in an accumulation of charge which can directly be converted to 

an electric signal. Direct detectors however, are prone to charge trapping which 

increases signal retention from previous exposures, resulting in “ghosting”[107].  

Indirect detectors perform a two-step process to convert incident x-rays to an 

electric signal. The x-rays are first incident on a layer of scintillator material that 

converts the x-rays to visible light photons. Thallium doped cesium iodide (CsI(Tl)) is 

the most commonly used material in indirect FPDs. These visible light photons then 

strike an array of photodiodes which converts them into electrons, which subsequently 

activate the pixels in a layer of amorphous silicon (a-Si). The FPD consists of a sheet of 

glass covered with a thin layer of silicon that is in an amorphous state. At a microscopic 

scale, the a-Si is imprinted with millions of thin film transistors (TFTs) arranged in a 

highly ordered array. Each of these TFTs is attached to a light-absorbing photodiode 

making up an individual pixel. Photons striking the photodiode activate the pixels 

resulting in the formation of electron-hole pairs. Since the number of electron-hole pairs 
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produced varies with the intensity of incoming light photons, a modulating electrical 

signal is created which is representative of the object being imaged.  

 

Figure 1-8: Illustrations of the various degrees of freedom / directions of tilt possible in 
detector alignment.(LEFT – RIGHT) Side, Front and Top views of an example flat panel 
detector mounted on a gantry; (TOP) perfectly aligned FPD without any tilt or rotation 
whatsoever and (BOTTOM) various degrees of misalignment possible in each reference 
plane. The X, Y and Z reference axes are also shown to visualize the orientation of the 
plane in which the FPD is tilted.  

The images obtained from the FPDs have to undergo several corrections before 

undergoing reconstruction. Imperfections in the hardware components used in the 

detector, limited tolerances achievable in controlling the thickness of different layers as 
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well as the sensitivity and variation in response from each individual detector pixel can 

result in non-uniformities on the detected image. The three primary corrections 

performed are – offset, gain and defective pixel correction. Each detector pixel has an 

inherent residual “dark” current due to tolerance issues in the peripheral amplification 

and controlling circuitry, which results in the pixels constantly reading out a small value 

even when not exposed to x-rays. These variations in pixel offset values can be corrected 

by acquiring dark field images with no x-ray exposure and subtracting individual offset 

values from each exposed pixel.   

퐼 =  퐼 −  퐼           (1-14) 

where 퐼  is the offset corrected image, 퐼  is the raw image acquired which needs 

correction and 퐼  is the dark field image acquired with no exposure. Dark field 

images can generally be retrieved directly from the detector by software provided by the 

manufacturer.  

 The sensitivity of each pixel to x-ray exposure varies due to the minor differences 

in the thickness of the phosphor layers coupled with the TFT arrays. Additionally, the 

peripheral amplifiers attached to each pixel have slightly different gains, adding to the 

existing pixel variations. These gain differences can be normalized by using “flat field” 

images which are acquired with a constant intensity of x-ray exposure across the full 

area of the detector. Multiple flat field projections are averaged to create one low noise 

gain image which can be used for correction according to the following equation: 
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퐼 =    푥 퐼            (1-15) 

where 퐼  is the gain corrected image, 퐼  is the offset corrected image from 

the previous step which requires gain correction, 퐼  is the gain image created by 

averaging multiple flat field projections, and 퐼  is the single scalar mean value of the 

entire gain image. 

 Defective pixels in an acquired image can be attributed to insufficient calibration 

of detector elements as well as damaged scintillator crystals on the FPD, causing dead or 

non-uniformly responding pixels. The number of defective pixels also depends on the 

quality of the FDP in use as well as its age; the number of defective pixels typically 

increases with age. Various defective pixel techniques have been researched for 

application in projection image space, sinogram space as well as the reconstructed image 

space [108, 109]. Correction methods applied in the projection space are simpler to 

implement and work well for breast CT applications.  

A defective pixel correction technique was developed for use in this dissertation 

based on distance-weighted kernels. The gain image (퐼 ) from the above step was 

used to identify and localize each defective pixel based on a user defined range of 

standard deviations; typically 2 standard deviations around the mean value of the image 

( 퐼  ).  Thus, a defective pixel map is generated and stored for use with the images 

acquired during further experiments. A new map was generated every three weeks, to 
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account for badly behaving pixels, and especially before every clinical patient study. A 9 

pixel (3 x 3) kernel was created with the center pixel having 0 weight, and the 

neighboring pixels weighted by their distance from the center pixel (Figure 1-9). This 

kernel was applied to the acquired images at the locations specified by the defective 

pixel map, the kernel was centered over the defective pixel and the values were 

interpolated in order to estimate a value for the center pixel. If the neighboring pixels of 

the central bad pixel were also defective, a bias would be introduced in the correction; 

therefore, for such cases, the defective pixels within the correction kernel, surrounding 

the central pixel were ignored. For larger clusters of bad pixels, the 3 x 3 kernel proved 

less effective and therefore an extended kernel of 17 total pixels (Figure 1-9), was created 

by modifying the 3 x 3 kernel. The requirement for this customized, extended kernel was 

determined on a case by case basis if the initial correction with the 3 x 3 kernel failed.  

Uncorrected defective pixels in projection images lead to ring artifacts in the 

reconstructed images. Uncorrected gain and offset irregularities often result in 

rotationally symmetric non-uniform areas in the reconstructed images which could 

possibly occlude suspicious areas in a clinical scan. All detectors used in this dissertation 

are manufactured by Varian Medical Systems and in all cases, the Varian Image 

Visualization and Acquisition (VIVA) software is used to retrieve dark field images for 

offset correction. An algorithm was developed for projection images using MATLAB to 

automatically detect defective pixels (within a user defined standard deviation 
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threshold) and correct them, in addition to applying the gain and offset corrections, and 

create a stack of images ready to serve as an input to the reconstruction software. The 

entire process, used throughout this dissertation work, is depicted as a flowchart in 

Figure 1-10 and as representative images in Figure 1-11, whereas the source code is 

detailed in the Appendix A. 

 

Figure 1-9: Kernels used for bad pixel correction of projection images. (LEFT) Routinely 
used 9 pixel kernel for most images; (RIGHT) extended 17 pixel kernel used for clusters 
of bad pixels. 
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Figure 1-10: Flowchart depicting the different detector corrections applied on acquired 
raw projection images before individual display, analysis, or for reconstruction. 
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Figure 1-11: Example projection images from a clinical patient breast CT scan, using a Varian PAXSCAN 25 x 20 cm2 FPD, showing 
the different detector corrections applied. (LEFT to RIGHT) The raw projection image, dark field (offset) image obtained from VIVA, 
flat field images used to calculate the gain image, as well as the bad pixel mask are shown. The zoomed images clearly show the 
defective lines and pixels on the projection image which get corrected by image processing using the MATLAB algorithm. 
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1.3.4 Image Reconstruction and Sampling 

Raw projection images are acquired for a CT scan as described above in Section 

1.3.3. Regardless of the acquisition orbit used, these images are then reconstructed using 

mathematical algorithms to create 3D volumes which help visualize the target object and 

assist in localizing possible non-uniformities or diseased areas. For cone beam CT 

imaging, the most popular algorithm employed is the Feldkamp, Davis and Kress (FDK) 

algorithm [110] which is based on filtered back projection (FBP) methods and has been 

reported on extensively[111]. However with FDK and any other FBP based algorithm, 

obtaining an exact reconstruction is impossible; only the data along the central x-ray 

beam plane is reconstructed accurately and as the divergence of the cone beam 

increases, the inaccuracy as well as geometric distortion increases[107]. Additionally the 

algorithm in its current form is not ideal for nontraditional acquisition trajectories, such 

as the saddle orbit used throughout this work. Traditionally, FBP algorithms have been 

implemented due to their simplicity and fast processing times. However with 

improvements in computer processors and introduction of more powerful Graphic 

Processing Units (GPU) and Compute Unified Device Architecture (CUDA), fast 

statistical reconstruction methods are no longer unachievable. 

Many iterative reconstruction algorithms are based on statistical expectation 

maximization (EM) techniques wherein initial random estimate of the projections is 
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made and compared with existing projections. The differences in the actual and 

estimated projections are analyzed, parameters of the EM algorithm are adjusted and the 

process is iterated to create a new estimate. Eventually after several iterations, the 

estimates start converging to a value that is hopefully close to the true value (i.e. the 

measured projections). Achieving absolute singularity between estimated and measured 

projections is impossible; the amount of noise incorporated in the reconstructed image 

increases with the number of projections. Several algorithms based on maximum 

likelihood expectation maximization (MLEM) have previously been developed[112], 

however these algorithms require a large number of calculations and may converge 

extremely slowly. Acceleration techniques like dividing the number of projections into 

ordered subsets allow faster implementation of the algorithm. A generalized 

mathematical formula for ordered subsets iterative reconstruction is provided below: 

μ =  μ +  
 ∑ ( )  ∑ ( )

∈

 
       (1-16) 

where µ is the attenuation value, j is the voxel, M is the random variable to denote the 

number of photons that pass unaffected through the object, S is the number of subsets, aij 

is the line integral along the i th ray through the j th voxel, hi(n) is the marginal log-

likelihood of the i th measurement, n is the iteration number, β is the parameter that 

controls the tradeoff between spatial resolution and noise (i.e., larger β leads to low 

spatial resolution), ∑ 푐 푤 퐶μ( ) 푘 is a penalty function that considers discrepancies 
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between neighboring pixel value, d is the curvature of the separable surrogate function 

and w is a weight function. 

Additional methods to accelerate EM algorithms to achieve faster convergence, 

in addition to ordered subset, have led to the development of an ordered subsets convex 

(OSC) reconstruction algorithm[113].  The OSC algorithm has shown marked 

improvement in processing times whilst achieving similar image quality as simple EM 

methods[113]. Overall, this algorithm provides a host of advantages over FBP such as: the 

ability to handle truncated as well as under sampled data, incorporation of ‘a priori’ 

knowledge of the system geometry and detector response, and customization of 

parameters for implementation of non-circular trajectories. For all the data used in this 

dissertation, the OSC algorithm was used for reconstruction. Previous work done by 

Madhav et al.[93] in the lab has shown that dividing the CT projection data into 16 subsets 

and implementing 5 iterations with OSC provides the optimal point of tradeoff between 

the signal to noise ratio (SNR) and contrast of small objects[93]. Therefore, for all 

experiments as well as clinical patient data (for example, Figure 1-12), the reconstruction 

parameters were set to 5 iterations and 16 subsets. A typical clinical data set was 

reconstructed to a grid size of 350 x 350 x 400 and 0.508 mm voxel size, which would 

take ~3 minutes using the OSC algorithm.  
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Figure 1-12: Reconstructed CT (LEFT) Coronal and (RIGHT) sagittal slices from a clinical 
patient scan using 5 iterations and 16 subsets. The small beads seen outside the breast 
volume are the dual modality fiducial markers used for image registration with SPECT. 

1.3.4.1 Effect of Angular and Linear Sampling on Reconstructed Images 

Similar to the effect that number of iterations has on image quality (SNR and 

contrast), the number of angular samples obtained during the CT scan also affect the 

reconstructed image quality. The number of angular projections required to adequately 

sample an object is given by: 

푁 = 2 휋 푅 푓            (1-17) 

where 푁  is the minimum number of angular projections required to satisfy Nyquist 

angular sampling criteria, R is the radius of the target object and 푓  is the maximum 

spatial frequency contained by the object.  
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Similarly, the size of pixels of the FPD used for acquiring the images also plays a 

role. According to the Nyquist criterion, any object must be sampled at least twice its 

highest spatial frequency in order to avoid aliasing. For example, consider two 0.1 mm 

radius objects placed 0.2 mm apart (center to center); the minimum detector pixel size 

needed to discern the two discrete objects without aliasing, would be 0.1 mm. Ideally, 

the smallest possible pixel size and maximum possible angular samples would provide 

images with the best spatial resolution. However in a clinical setting, due to dose 

concerns, acquiring too many projections is often not feasible. Additionally, with smaller 

pixel sizes, the amount of noise in the image also increases. Therefore an optimum 

operating point needs to be reached between dose to the patient, number of angular 

samples and detector pixel size which would also indirectly evaluate the performance of 

the reconstruction algorithm. 

As an example of sampling requirements and resolution results, the image 

quality of data acquired with different linear and angular sampling was systematically 

compared. The Jaszczak frequency-resolution “hot-rod” phantom (Model 

ECT/DLX/MMP, Data Spectrum Corp, Hillsborough, NC) consisting of hollow acrylic 

tubes (1.1 to 4.7 mm) spaced on twice their diameters, was imaged with a FPD reading 

out in 2 x 2 mode (0.254 mm pixel bins). A total of 512 projection images were acquired 

with the hybrid SPECT-CT system (System 1) described in Section 1.3.6. The projections 

were subsequently down sampled to artificially increase the pixel sizes to 0.508, 1.016 
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and 2.032 mm in an effort to vary the linear sampling. The number of angular samples 

for each set was varied to 64, 128, 254 and 512 equally angularly placed azimuthal 

projections to vary angular sampling.  

Projection images were reconstructed with 5 iterations, 16 subsets and 0.508 mm 

voxel sizes using the OSC algorithm, under each of these conditions, to create an image 

grid comparing projection pixel size vs. number of azimuthal angles (Figure 1-13). 

Reconstructed voxel size also plays a role in resultant image quality; however, since size 

of the reconstructed voxel is a post-acquisition, software controlled parameter, we do 

not investigate its role when characterizing sampling effects. Therefore, all images were 

reconstructed to the same voxel size (0.508 mm) to tease out only sampling related 

differences in image quality. Results clearly show that the reconstructed images with 512 

projection angles and 0.254 mm pixel size provides the best result, however the images 

with 256 angles and 0.254 mm as well as 0.508 pixels also provide comparable contrast, 

resolution and noise characteristics. Therefore, for most of the clinical studies performed 

on our BCT system, 240 projections were acquired over 360 azimuthal angles, with 0.254 

mm detector pixels (2 x 2 binning mode). However, for phantom studies, due to a lack of 

dose considerations, 360 projections were acquired about 360 angles. Diagonal profiles 

measured across the 1.5 mm rods are shown in Figure 1-14 to illustrate the effect of 

linear as well as angular sampling on image quality. As the number of angular samples 

increase, with the same projection pixel size, the rods become clearer, more defined, 
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show higher contrast and show fewer sampling artifacts. As the projection pixel size 

(detector binning) increases, with the same number of azimuthal projection angles, the 

rods become blurrier as a larger area is averaged to form one pixel. Consequently, there 

is a loss of spatial resolution and the discernibility of the smaller rods is affected, as 

evident from the line profiles in Figure 1-14.  

1.3.4.2 Sampling Sufficiency Conditions 

Apart from linear and azimuthal angular sampling, polar angular sampling is 

also important for CBCT. For CBCT imaging systems such as the BCT system used 

throughout this dissertation, simple circular acquisition orbits do not meet the sampling 

requirements defined by Tuy’s data sufficiency condition[114] which states that “each 

projection plane passing through the object should intersect the orbit of the focal spot”. 

This means that for circular orbits, there are planes that are parallel to the acquisition 

orbit which never intersect the x-ray focal spot and therefore do not provide adequate 

views into the target volume for accurate reconstruction. Therefore, more distortion 

artifacts would be encountered as we move farther away from the central x-ray beam 

plane. Additionally, for pendant breast imaging, simple circular orbits are unable to 

completely image the chest wall and axilla region of the posterior breast which would 

result in occlusion and overlooking of small lesions present in that area.  
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Figure 1-13: Image grid demonstrating the effect of number of azimuthal projection 
angles as well as the interpolated detector pixel size on reconstructed images of a 
Jaszczak, hot rod phantom. Diameters of rods are depicted on the TOP LEFT image in 
Orange. Dashed orange line on the 1.5 mm rods indicates the location of the measured 
line profile, depicted in Figure 1-14. All images were reconstructed using the same 
parameters – 5 iterations, 16 subsets and 0.508 mm voxel sizes. All slices shown in the 
image were obtained at the same location across all reconstructed images. Image quality 
increases diagonally from the bottom left to the top right. The operating region is the 
trade-off point determined for clinical use. 
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Figure 1-14: Plot of line profiles measured on the hot rod phantom under different conditions, illustrating the effect of linear and 
angular sampling. (LEFT) Line profiles measured at identical locations on reconstructed volumes, across the 1.5 mm rods, for data 
acquired with different azimuthal angular sampling, while keeping the projection pixel size constant at 0.254 mm (2 x 2 binning). 
(RIGHT) Line profiles measured at identical locations on reconstructed volumes, across the 1.5 mm rods, for data acquired with 
different projection pixel sizes (i.e. detector binning or linear sampling), while keeping number of azimuthal samples constant at 512 
projections. Profiles were intentionally plotted slightly shifted (in pixels) from each other to visualize minor differences and prevent 
complete overlapping in some cases. 
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Previous work done in our lab with complex sinusoidal orbits around a pendant 

volume has shown substantially improved sampling close to the chest wall and less 

distortion artifacts away from the plane of the central x-ray beam[89]. These findings have 

led to the design and development of a second generation breast SPECT-CT system 

where each individual component is capable of polar tilting and thereby traversing 

complex sinusoidal trajectories around a pendant breast volume. Characterizing and 

investigating the advantages of complex 3D acquisition orbits for breast CT imaging is a 

major component of this dissertation work and therefore it is important to show that 

these orbits meet Tuy’s data sufficiency condition. Tuy’s condition in practical terms 

means that the x-ray focal point must move through half a cone angle above and below 

the horizontal plane defined by the central x-ay beam, centered on the target volume. 

Therefore the data sufficiency of an orbit would depend on the amount of polar tilt of 

the CT system and the size of the object being imaged. The complex acquisition orbit 

used throughout this dissertation work is a four-lobed, sinusoidal, saddle orbit 

traversing ±15° from peak to trough (Figure 1-15), similar to the one used by Pack et 

al.[115] for cardiac imaging. The saddle orbit can be mathematically defined by the 

following equation: 

f(x) = h 2x2

R2 − 1  and 
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g y =  −f(y)        (1-18) 

where h is the perpendicular distance of the extrema (peak or trough) from the 

horizontal plane and R is the perpendicular distance from the center of rotation (Figure 

1-16). 

 

Figure 1-15: (LEFT) 3D Solidworks design of the second generation SPECT-CT system 
with the CT sub-system at 15° polar tilt and illustrating the direction of movement 
during a saddle acquisition. The entire system tilts about the pivot axis (in to the page) 
with the pivot point fixed at the 3D COR and rotates azimuthally about the vertical axis 
of rotation (VAOR). (RIGHT) Polar plot of the saddle orbit with ±15° polar tilts. The 
azimuthal scale goes from 0-360° and the tilting scale (radius) is shown from -30-20°. 

This saddle can be defined in polar angle (ɸ) parametrization by:  

a (ɸ) = [ Rcosɸ,Rsinɸ,hcos2ɸ]      (1-19) 

which is a sinewave of amplitude h on a sphere of radius R centered on the z-axis. 
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For CT systems, the source and detector together move along the arcs of the 

saddle (±15° in our case) and subtend a spherical region of interest (ROI) at the center of 

the volume, which fulfills the data sufficiency condition as reported by Pack et al. 

According to the geometrical properties of a saddle, the radius (R) of the ROI subtended 

in the center of the volume is equal to h, which in our case depends on the polar tilt of 

the system. Figure 1-16 shows the geometrical set-up of our breast CT system (detailed 

later in Section 1.4) with a source to COR distance of 46 cm and the maximum polar tilt 

angle of ±15°.  

 

Figure 1-16: Geometrical set-up of the breast CT system, designed and developed during 
the course of this thesis work, where the source-detector pair can tilt up to ±15° polar 
angles (along the Z axis)     
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Based on the geometrical setup of the system, when the source-detector pair tilts to the 

maximum polar angle (±15°), the perpendicular distance of the x-ray focal point from the 

central horizontal plane can be calculated as follows:  

ℎ = 푠푖푛(ɸ) . 푆푂퐷      (1-20) 

Value of h calculated from the above equation comes to ~12 cm. Therefore, the radius of 

the spherical ROI subtended at the center of the volume is also 12 cm, effectively 

fulfilling the data sufficiency condition for object diameters up to 24 cm. The maximum 

breast diameter encountered during clinical trials as reported from various studies[72, 116] 

has ranged from 18.1 cm to 20.5 cm, which is well within the calculated diameter of the 

data sufficiency sphere. Therefore an orbit with a polar tilt of ±15° would satisfy Tuy’s 

data sufficiency condition and more completely sample points away from the central 

plane, proving advantageous over traditional simple circular orbits. 

1.3.5 Quantitative Image Analysis Metrics 

A basic measure of any imaging system is its ability to distinguish between two 

closely located, distinct points in space, which is the definition of spatial resolution. 

Images with better resolution would allow better discernibility between objects 

extremely close to each other, such as blood vessels, calcifications and small lesions 

encountered in breast imaging. The resolution of an imaging system can be measured 

with the help of a resolution bar phantom, a Jaszczak, “cold rod” phantom (similar to 
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the hot rod phantom described in the above section), or a Catphan® phantom (see 

Chapter 5) which consists of multiple groups of parallel lines of a certain width, 

separated by gaps of the same width (50% duty cycle). The density of the group of lines 

is measured in line pairs per millimeter (lp / mm). The phantom is imaged using the 

system under consideration and the frequency (in lp/mm) of the smallest resolvable 

group of lines is reported as the spatial resolution of the system. 

Another way of quantifying the system resolution is by measuring the smallest 

separation between two adjacent maxima / minima of a sinusoidal input (or rect 

function in case of edges) that can be resolved in the image. The modulation transfer 

function (MTF) is the capacity of the imaging system to transfer the modulation of the 

input sinusoidal signal at a given spatial frequency to its output. In essence, the MTF is 

the frequency response of the system and more accurately characterizes the degradation 

of contrast, which is closely dependent on the amount of blurring caused by the system, 

as a function of spatial frequency. The mathematical derivation of the MTF is detailed 

below.  

Consider a sinusoidal input f(x,y), that varies only in one direction with 

frequency u, to a linear shift invariant (LSI) system[99]: 
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푓(푥,푦)  =  퐶 + 퐶  푠푖푛(2휋푢푥)        (1-21) 

Where 퐶  and 퐶  are non-negative constants and 퐶 ≥ 퐶 . The maximum (fmax) and 

minimum (fmin)  values of the function would be 퐶 + 퐶  and 퐶 − 퐶  respectively. The 

modulation (mf) of any periodic signal can be calculated based on the maxima and 

minima of the signal: 

푚 =   
  

=         (1-22) 

Let h(x,y) be the response of the imaging system to any input. Then the output signal 

g(x,y) can be calculated as the convolution of the input signal with the system’s 

response:  

푔(푥,푦)  = 푓(푥,푦) ∗ ℎ(푥,푦) =  퐶  퐻(0,0) + 퐶  |퐻(푢, 0)| 푠푖푛(2휋푢푥)    (1-23) 

The output signal g(x,y) has the same frequency u as the input and the modulation (mg) 

of the output can be calculated as shown below: 

푚 =  | ( , )|
| ( , )|

 =  푚 | ( , )|
 | ( , )|

       (1-24) 

The modulation transfer function (MTF) can be defined as the ratio of the output 

modulation to the input modulation, and is a function of the spatial frequency. 

푀푇퐹 =  =  | ( , )|
 | ( , )|

        (1-25) 

The MTF is normalized by the modulation at zero frequency and therefore lies between 

0 and 1. Knowledge of MTF is important to understand the transfer characteristics of a 
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system for different input frequencies. For an ideal system, the output would be 

identical to the input signal resulting in an MTF of 1 (Figure 1-17), however practically 

most imaging systems degrade the input signal resulting in loss of contrast at the 

output.  

 

Figure 1-17: Plot of the modulation transfer function comparing the ideal MTF with the 
MTF of a practical imaging system. MTF50 is the number of line pairs clearly discernible 
at 50% MTF, whereas MTFNyquist is the percentage MTF at the Nyquist frequency. In this 
example, a detector pixel has 0.127 mm pixellation, resulting in a Nyquist cut-off 
frequency at 3.94 lp/mm 
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Additionally, this degradation increases with increasing spatial frequency (as objects get 

closer to each other). Spatial frequency values at 50% MTF, and MTF values at the 

Nyquist cut-off frequency (determined by intrinsic detector characteristics, such as 

linear sampling) are generally reported to gauge the performance of a system. 

 

Figure 1-18: Slice through a reconstructed image of the resolution rod phantom showing 
excellent spatial resolution and minimal blurring on quantitative analysis of the image. 
Profiles plotted through the (TOP-BOTTOM) 1.1, 1.5 and 2.3 mm rods show minimal 
blurring and excellent uniformity of reconstructed attenuation coefficients (vertical axes 
in graphs) for the smallest-spacing rods. 



 

56 

   

Various phantoms such as the Jaszczak resolution “cold rod” phantom (Model 

ECT/DLX/MMP, Data Spectrum Inc, Hillsborough, NC), similar to the hot rod phantom 

described in the above section, can be used to evaluate the spatial resolution of the 

system. The separation between the smallest rods as well as the amount of blurring can 

be empirically determined by plotting profiles across different sections (Figure 1-18). 

Chapter 5 of this dissertation includes detailed characterization of a 40 x 30 cm2 FPD 

including MTF and quantitative spatial resolution measurements using various 

resolution phantoms. 

1.4 Overview of Imaging Systems Used for Experiments 

Different versions of breast CT imaging system were used throughout this 

dissertation work (Table 1-1). The first system was the first generation hybrid SPECT-CT 

system which consisted of a Rad 94 x-ray tube (Varian Medical Systems, , Salt Lake City, 

UT) and a 25 x 20 cm2 flat panel detector (PAXSCAN 2520, Varian Medical Systems, 

Mountain View, CA) with 127 µm pixellation. The SPECT component of this system was 

capable of complex 3D acquisition orbits, however the CT system did not have this 

capability and could only perform simple circular acquisitions at a fixed 3 degree polar 

tilt [97]. This system was used for the scatter studies as well as most of the clinical patient 

studies performed under the Duke IRB approved protocol, detailed in Chapter 2. 
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Table 1-1: Detailed specifications of the four systems used for experiments including the 
new system developed during the course of this dissertation work. 

System X-Ray 
Source 

(Varian) 

Anode 
Angle 

(o) 

Flat Panel 
Detector 
(Varian) 

Active Area 
(cm2) 

Pixel 
Size 
(µm) 

SID 
(cm) 

Tilt (o) 

1 Rad 94 14 2520 24.3 x 19.5 127 60 Fixed 3.1 

2 Rad 94 14 4030 40.6 x 29.2 127 78 Fixed 0 

3 Rad 70B 16 3030 30.2 x 30.2 194 70 Variable > ± 15 

4 Rad 70D/   
Rad 94 

16 /  
14 

4030 40.6 x 29.2 127 70 Variable  ± 15 

 

During the course of this work, the FPD of the system was upgraded to a custom 

made 40 x 30 cm2 active area imager (4030E, Varian Medical Systems, Mountain View, CA) 

with 127 µm pixellation. The 4030 was custom developed in order to reduce the dead 

area at the top of the detector which corresponds to the chest wall region of the posterior 

breast and hamper imaging close to the chest wall. Previous versions of this large active 

area detector had ~2-4 cm of dead area at the top of the detector (e.g. variations of the 

4030 or 4030CB physical detector housing; note that all other variations of the 4030 

detector variety had 194 µm pixellation and used either CsI(Tl) or GadOx. This dead 

edge was reduced to 8 mm by difficult re-arrangement of the internal electronics of the 

FPD. A new detector mount was designed and manufactured to attach the 4030E to the 
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existing system and this modified system was used for the evaluation and 

characterization of this 4030E FPD (Chapter 5). 

A stand-alone breast CT system capable of traversing complex arbitrary orbits 

around a pendant breast has been developed independently [117] from our lab. This 

system consists of a Rad 70B x-ray source (Varian Medical Systems, Salt Lake City, UT) and 

a 30 x 30 cm2 FPD (PAXSCAN 3030, Varian Medical Systems, Mountain View, CA) with 194 

µm pixellation. The system is functionally capable of achieving polar tilting which 

allows sinusoidal acquisition orbits (including but not limited to ±15°). This system was 

used for data acquisition required for studies on scatter (Chapter 2), dose (Chapter 3) 

and Hounsfield unit accuracy (Chapter 4), which investigated the potential benefits and 

implications of using complex 3D orbits versus simple circular orbits. 

Finally, a third generation hybrid SPECT-CT system with each individual 

modality capable of complex 3D orbits was designed and developed concurrently with 

the experimental studies described above. The functionality of the SPECT sub-system 

remained unchanged from the previous iterations[73, 96, 118]. This system is detailed in 

Chapter 6, and consists of a the 4030E FPD from the previous generation system and a 

brand new Rad 70D x-ray source (Varian Medical Systems, Salt Lake City, UT); the CT sub-

system is capable of maximum ±15° polar tilting about the 3D COR. 
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2 Effect of Geometry, Object Density and Acquisition 
Trajectory on Scatter Correction 

2.1 Introduction 

X-ray scatter is a well-known phenomenon, albeit one of the most challenging 

problems to address in CBCT. The presence of scatter often reduces contrast between 

tissues possessing similar attenuation coefficients such as the components of breast 

tissue – adipose, glandular and (if present) tumors / lesions. Some x-ray photons that 

scatter within the target object are incident on the CT detector and artificially increase 

the intensity in the detected FOV, predominantly in the center of the scattering object. 

On reconstruction, this increased intensity translates to artificially lowered attenuation 

coefficients in the center of the volume, giving rise to cupping artifacts [[107, 119]]. Cupping 

artifacts have a detrimental effect on tissue quantification as well as discernibility of 

lesions situated in the center of the volume.  

Scatter is a low frequency, smoothly varying phenomenon and is dependent on 

the size, shape and density of the target object. The magnitude of scatter in the volume 

also increases with larger divergence of the incident cone beam, due to an increase in x-

ray path length within the volume, which results in a higher probability of scattering. 

The active area of the FPD used for acquisitions also plays a role, as larger area detectors 

register more scattered photons, which at the same distance from the object would be far 
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reduced for a smaller area detector. Scatter also has a degradative effect on the MTF (see 

Chapter 1 and 5) of the imaging system. Due to the gaining popularity of dedicated cone 

beam BCT over the past few years, various studies have investigated the effect of 

scattered radiation on BCT images[120-131].  

Numerous methods have been proposed to reduce as well as correct for signal 

arising from scatter radiation [93, 132-142]. There have been several investigations into scatter 

control techniques including use of an anti-scatter grid[130, 143], air gap (increase in 

OID) and reduction of field size[120]. However, the amount of noise in the images 

increases resulting when using grids for low dose protocols, resulting in image CNR 

reduction. Air gaps have shown to be most effective only for large breast sizes (>18cm) 

and reduction in field size is impractical for clinical studies where breasts take up the 

entire FOV. Post-acquisition scatter correction algorithms that analyze the amount of 

cupping on reconstructed images and accordingly correct it[144], and methods such as 

deconvolution[138] have also been investigated. However, these methods are 

computationally intensive and therefore time consuming, and may require access to 

superior computer processing power.  

A more practical way for implementing scatter correction is by measuring the 

amount of scatter during a BCT scan with the help of a beam stop array (BSA), and then 

subtracting out the measured scatter from the projection images. In this technique, 
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radio-opaque absorbers composed of lead are placed in front of the x-ray beam; 

assuming that the efficiency of the absorbers is 100%, any signal detected in the shadow 

of the absorbers on the acquired projection image can be assumed to be from scattered 

photons (Figure 2-1). The BSA method for estimating scatter has been well established[135, 

141, 142, 145, 146];  one such implementation of the BSA method has previously been developed 

in our lab[145, 147] and is currently being employed for phantom as well as clinical studies 

(Sections 2.3 and 2.4).  

 

 

 

Scatter-to-primary ratio (SPR) is a 2D metric used to quantify the amount of 

scatter radiation present in clinical geometries. The focus of this chapter is to 

Figure 2-1: Diagram illustrating the BSA method. The lead bead acts as a radio-opaque 
absorber (100% efficiency) and therefore no signal should be detected in the shadow of 
the bead, except from scattered radiation depicted by the dotted RED arrow.  
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characterize the 2D SPRs for a BCT imaging system and demonstrate the impact of 

various factors such as object geometry, material composition as well as acquisition orbit 

used for the CT scan. However, 2D SPR as a metric does not take in to account 

shortcomings (if any) of the scatter correction algorithm used, as well as its effect on the 

uniformity of reconstructed images. Different scatter estimation methods would yield 

different SPR values; the subsequent effects of the correction method would translate to 

the reconstructed 3D volumes as non-uniformities. Quantifying these method 

dependent non-uniformities would allow comparison between different scatter 

correction techniques as well as the identify factors affecting the magnitude of this non-

uniformity. Therefore, an additional aim of this chapter is to develop a new metric to 

visualize and quantify the contribution of scatter to reconstructed attenuation 

coefficients, and to test the effectiveness of the BSA scatter correction method through 

measurements of quantitative accuracy and uniformity of reconstructed 3D volumes.  

2.2 BSA Scatter Correction Algorithm 

The BSA scatter estimation method used in this study employs a 9.5 x 9.5 cm2 

and 5 mm thick acrylic plate consisting of 130 lead balls, each having 2.0 mm diameters, 

and spaced 5.0 mm apart on a Cartesian grid. This grid was optimized in previous work 

by Dr. Priti Madhav[93]. CT projection images are acquired with and without the BSA 
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attached to the x-ray tube collimator. When attached to the collimator, the distance of 

the BSA plate from the x-ray focal spot was 18 cm providing a bead magnification of 4.2 

on the projection images. A blank acrylic plate of the same thickness is used for the 

‘without BSA’ projection images to match the beam attenuation in both cases. A 

projection image with no object in the FOV, with the BSA attached to the collimator, is 

also acquired and stored as the ‘BSA-Air’ image. 

A previously developed MATLAB based algorithm is used to measure the signal 

in the shadow of lead beads from the BSA projection images[93, 145]. Initially, the BSA-Air 

image is used to locate the position (x,y) coordinates of all the lead beads. A mask of the 

object in the FOV is generated, and the beads located within the boundary of the object 

are identified.  An extra row or column of beads just outside the phantom is also used in 

the scatter approximation to account for beads partially inside / outside the boundary of 

the object, and to get an accurate scatter measurement at the edges. A 5 x 5 pixel region 

of interest (ROI) is drawn over each bead position and the average scatter value is 

measured. For each row and column of the beads, the average scatter values are 

extrapolated using 2D cubic spline interpolation to create a map of the estimated scatter 

signal for the entire image. This 2D ‘scatter’ distribution image (for all pixels (i,j)) is then 

subtracted from the acquired ‘total’ projection images to obtain scatter-corrected 

‘primary’ projection images: 
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 푃푟푖푚푎푟푦( , ) = 푇표푡푎푙( , ) − 푆푐푎푡푡푒푟( , )             (2-1) 

Figure 2-2 shows a flowchart and example images of this process. Overall, 

previous studies using this BSA scatter correction method have demonstrated that we 

can obtain linear attenuation coefficients of a variety of known materials to within 8%[145] 

of narrow beam NIST attenuation values[102], when measuring BSA projections at every 

azimuthal angle.  

Although acquiring a BSA image for every projection angle is possible for 

phantom studies, this approach is not feasible for patients. Therefore, a modified 

algorithm is used for patient data where 6 evenly spaced BSA projections are acquired 

azimuthally over 360 degrees. 3D (x, y, θ) cubic spline interpolation is performed on the 

6 BSA projections to obtain the remaining azimuthal angles corresponding to each 

projection image[145]. In phantoms, this method has been shown to be sufficient as 

compared to collecting BSA measurements at all angles for scatter correction [93].  
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Figure 2-2: Flowchart detailing the steps followed in calculating the scatter corrected 
‘Primary’ projection images. The cone phantom (detailed in Section 2.3) is used here as 
an example data set to illustrate the workflow. The gamma camera of the 
complementary SPECT system is partially visible in the projections on the bottom left. 
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2.3 Characterization of Scatter - Phantom Experiments 

Often, a single regular geometrical object, usually a cylinder, is used to 

determine 2D SPRs as a measure of the system performance and object scatter 

characteristics that need correction[120-122, 126]. However, these simple cylindrical 

geometries do not adequately represent the intersection of the incident 3D cone beam 

with the spectrum of complex geometrical shapes posed by various pendant breast 

geometries, nor the subsequent interactions modulated by these complex shapes. By 

starting with two simple geometrical shapes containing varying densities of uniform 

fluid, and additionally evaluating an anthropomorphic breast phantom, we can better 

understand the impact of size, shape and density, on quantification accuracy of  

dedicated BCT. These shapes allow for straightforward and intuitive evaluations of SPR 

as well as quantitative characterizations of the target volumes with cone beam imaging. 

Use of the anthropomorphic breast phantom better approximates what would be 

expected to be encountered clinically.  

By varying the overall phantom shapes and filled densities, we can characterize 

the effect that both geometrical degradation factors and object composition will have on 

the SPR in dedicated cone beam BCT. The material density range used for this study 

includes very low densities below the clinically unrealizable extreme of 100% adipose up 

to the clinically unrealizable extreme of 100% glandular compositions. Phantom 
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experiments were conducted with the CT sub-system of the dual-modality dedicated 

breast SPECT-CT scanner[93, 96, 97] detailed as ‘System 1’ in Section 1.4 and Table 1-1. The 

system uses a 25 x 20 cm2 FPD and a 14° anode angle x-ray source and is only capable of 

circular CT acquisitions. 

2.3.1 Object Density Variation 

Various uniform liquid mixtures were used as candidates for simulating 

different breast densities (Table 2-1); we have previously shown that mineral oil and 

water serve as excellent limits on simulated breast tissue in the lab[148, 149].  

Table 2-1: Densities (g/cm3) of various fluids investigated for as breast tissue substitutes. 

Fluid Density (g/cm3) 
Water 1.000 
Corn Oil 0.930 
Mineral Oil 0.840 
Methanol 0.791 
Ethanol 0.789 

Furthermore, uniform materials such as liquids allow interrogation of systematic 

errors in the acquisition, correction and reconstruction processes that may otherwise be 

hidden by high frequency data such as in a real human breast. Lastly, since nuclear 

medicine tracer compounds used for SPECT imaging are generally not miscible in oil, 

we evaluated readily accessible methanol as a water soluble, low density liquid 

candidate. These aqueous mixtures are also usable for emission radioactive 
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measurements in the breast background when using the SPECT component of our dual-

modality dedicated breast imaging system.  

The mean energy of the quasi-monochromatic cone beam used in System 1 is ~36 

keV[86]. The attenuation coefficients for standard materials water and methanol were 

calculated from the NIST photon cross sections database[102] whereas the values for 

breast tissue were obtained from previously published data by Yaffe et al[150]. Note that 

NIST requires compositional information of mixtures to be entered by weight, not by 

volume, in order to calculate attenuation coefficients. Since glandular tissue (ρ = 1.035 

g/cm3) has a linear attenuation coefficient of 0.301 cm-1 and fatty tissue (ρ = 0.928 g/cm3)  

has a linear attenuation coefficient of 0.228 cm-1 at 36 keV, we used water (ρ = 1.00 g/cm3) 

which has a linear attenuation coefficient of 0.298 cm-1 and methanol (ρ = 0.79 g/cm3) 

with a linear attenuation coefficient of 0.216 cm-1, as close matches for simulating a range 

of attenuation coefficients which include the clinically improbable cases of 100% 

glandular and 100% adipose breast tissue (Table 2-2 and Figure 2-3). Since methanol and 

water are easily miscible, varying mixture concentrations of the aqueous fluids can be 

used to simulate breast densities with varying uniform glandular/fatty compositions 

(Table 2-2). The aqueous nature of methanol also makes it easier to clean the phantoms 

without leaving traces of prior media for subsequent data acquisitions; one caveat is that 

some types of plastic react poorly to prolonged methanol exposure and therefore care 
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must be taken while selecting phantoms for use in experiments. The use of fluids to 

simulate various breast density compositions has been proposed in our previous 

work[151] and more recently validated by other groups[152]. 

Table 2-2: Water-Methanol concentrations, calculated densities (g/cm3) and 
corresponding mass attenuation coefficient values at 36 keV. Glandular and Adipose 
tissue densities and mass attenuation coefficients reported by and extrapolated from 

Yaffe et al [153]. 

 

Water 
(%) 

Methanol 
(%) 

Density 
(g/cm3) 

Scatter  
Component 

(cm2/g) 

Photoelectric 
Component 

(cm2/g) 

Mass Atten. 
Coeff. 

(cm2/g) 

Linear Atten. 
Coeff  
(cm-1) 

100 0 1.00 0.218 0.080 0.298 0.298 

67 33 0.93 0.217 0.072 0.289 0.269 

50 50 0.896 0.217 0.068 0.285 0.256 

33 67 0.861 0.216 0.065 0.281 0.242 

0 100 0.791 0.216 0.057 0.273 0.216 

Glandular Tissue 1.035 - - 0.291 0.301 

Adipose Tissue 0.928 - - 0.246 0.228 
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Figure 2-3: Mass attenuation coefficients, including their compositional probabilities for Rayleigh, Compton and Photoelectric 
interactions, for the clinically used CT energy range of 0 – 120 keV. (LEFT) Water and (RIGHT) methanol mass attenuation coefficient 
curves are depicted here; water and methanol mixtures are used throughout this dissertation to simulate glandular and adipose 
breast tissue; the dashed arrows indicate the value at 36 keV. 
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2.3.2 Phantoms and Data Acquisition 

For this study, we utilized two geometric phantoms (cylindrical and conical) as 

two extreme breast shapes often used in computer simulation modeling, as well as an 

anthropomorphic breast phantom developed for and presented by us[149] (Radiology 

Support Devices, Newport Beach, CA), which combines features from both geometric 

phantoms but is more realistic (Figure 2-4). Previous work has shown that the average 

breast volume encountered clinically is approximately 740 mL[72]. Therefore each 

phantom was filled in turn with 700 mL of varying concentrations of water and 

methanol to simulate the effective attenuation coefficients and densities spanning a 

range that includes 100% glandular to below 100% fatty (Table 2-2). The details of the 

phantoms used are listed in Table 2-3. Not only do the geometric phantoms represent a 

wide range of shapes that are expected to be encountered, but precisely varying the 

overall filled-volume densities allows us to control both geometrical degradative factors 

in cone beam CT as well as simulated-breast composition. 

Each phantom was suspended into the FOV using custom made duct tape straps 

to simulate a pendant breast. The phantoms were positioned approximately at the 

isocenter of the dual modality system, and projections were acquired with and without 

the BSA, azimuthally around the COR. Three hundred and sixty (360) projections were 

acquired over 360 azimuthal angles.  
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Figure 2-4: Photographs of the cylinder (LEFT), cone (CENTER) and anthropomorphic breast (RIGHT) phantom arrangement near 
the isocenter of the cone beam CT sub-system. 

Table 2-3: Compositional details, diameters and heights of phantoms used, after being filled with 700 mL of fluid. Density of the 
phantom material and linear attenuation coefficients at 36 keV are also provided. 

Phantom Diameter (cm) 
Wall Thickness 

(cm) 

Fluid 
Height 
(cm) 

Wall Material 
Density 
(g/cm3) 

Linear Attenuation 
Coefficient 

(cm-1) 

Cylinder 13 0.1 5.7 Acrylic 1.19 0.302 
Cone 3-20 0.3 10 Polyethylene 0.93 0.227 

Anthropomorphic 
Breast 

15 (max) 0.05 7 
Polyethylene 
terephthalate 

1.38 0.345 
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Projection images were acquired with the 2520 detector reading out in 2 x 2 binning 

mode which corresponds to 0.254 µm pixellation, producing projection images with 960 

x 768 pixels. The scatter correction algorithm described in section 2.2 was used on the 

acquired projection images to estimate the 2D scatter distribution and subsequently 

correct these images. 

2.3.3 2D SPR  

Scattered photons striking the detector outside of the phantom area do not affect 

the reconstructed attenuation coefficients of the object and therefore do not need to be 

corrected. Hence, the projections were cropped at the fluid level interface to remove the 

air gap introduced due to the difference in the volume of the filled fluid vs. the volume 

of the phantom. Any scatter detected above the phantoms was disregarded. That region 

corresponds to the anterior chest wall in pendant breast CT which would otherwise not 

be entirely in the FOV during clinical imaging. SPR is defined as follows: 

푆푃푅 =           (2-2) 

where, 퐼  is the pixel intensity of scatter images and 퐼  is the pixel intensity of 

the scatter corrected primary images. On a pixel by pixel level, 2D SPR can be calculated 

from the acquired total images and estimated scatter images as follows: 

2D	SPR(i,j)=	
I	i,j
	Scatter

I	i,	j
	Total-	I

	i,j

	Scatter          (2-3) 
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where, 퐼 ,
  is the photon intensity of un-corrected ‘total’ projection measured at the (i, 

j)th detector pixel, 퐼 ,
  is the photon intensity of ‘scatter’ projection image (from 

interpolation), and 2퐷 푆푃푅( , ) is the 2D Scatter-to-Primary ratio calculated that detector 
pixel. 

The 2D SPR image, for all phantom projection images under different density 

conditions, were calculated using simple mathematical functions in ImageJ. Line profiles 

were measured at 4 different locations: 1) close to the fluid-air interface which would 

correspond to the ‘chest’ region in a clinically encountered breast, albeit without the 

additional chest medium; 2) close to the center of the phantom or the ‘mid’ region; 3) 

close to the bottom end of the filled phantom which would correspond to the ‘nipple’ 

area in a clinical case; and 4) vertically through the center of the entire phantom 

(medial). For consistency between different data sets, the profiles were plotted at slices 

of approximately equal diameters. Although the cone and breast phantom have larger 

diameters, the diameter of the uniform cylinder phantom was 13 cm, and therefore chest 

profiles were measured at 13 cm diameter slices across all phantoms. Mid profiles were 

measured at 8 cm diameter slices for the cone and breast phantoms for consistency, and 

the nipple profiles were measured at 5 cm and 3 cm slices respectively to obtain 

additional SPR data at the smallest diameter region of the phantoms. Locations of the 

profiles are indicated over each projection in Figure 2-5, Figure 2-6 and Figure 2-7.  
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Results indicate that, as expected, 2D SPR values peak centrally in all phantoms, 

and gradually decrease towards the edges. For the 100% water case, the SPR values 

obtained at the center of the cylindrical phantom were fairly consistent between 0.8 – 0.9 

(13 cm diameter). For the cone phantom, SPR values decreased with reducing phantom 

diameter and ranged from ~1.1 – 0.3 (13 – 3 cm diameter). Similarly, for the 

anthropomorphic breast phantom, SPR values decreased with reducing diameter and 

ranged from ~0.8 – 0.4 (13 – 5 cm diameter). Vertical profiles more clearly display SPR 

dependence on diameter and the reduction of SPR values from chest to the nipple, 

except in the cylinder case. Minor irregularities (distortions in the images) are observed 

close to phantom edges and the fluid air interface due to spline interpolation around the 

lead balls used in the BSA. The edge detection employed by the scatter correction 

algorithm identifies the fluid air interface as an edge, resulting in falsely elevated SPR 

values near the chest region, which would otherwise be nonexistent in clinical data due 

to presence of continuous tissue above the breast. The cylinder phantom was a compact 

disk (CD) storage case which comprised of a slight plastic inversion (4 cm diameter, 0.5 

cm thick) into the phantom at the bottom near the “nipple” region. The non-uniformity 

in SPR values near the chest and nipple as compared to the center of the phantom is 

likely due to these irregularities near the fluid-air interface and the inversion. 
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A comprehensive set of phantom geometries was used to measure the SPRs 

because the intersection of the x-ray CT cone beam source with the 3D object is different 

in each case, potentially giving rise to variations in measured SPRs with location 

throughout the phantoms. These variations are most clearly illustrated in the results 

where the cone phantom shows higher SPR values than the cylindrical or breast 

phantom (Figure 2-5, 2-6 andFigure 2-7). To normalize the effect of the different 

intersections of the cone beam with the object, SPR values are measured in the resultant 

images at the same object radius, irrespective of geometry. However, the height at which 

the 3D x-ray cone beam intersected the different geometrical objects varied somewhat in 

each case (Figure 2-8), thereby potentially causing a variation in SPR with measured 

location (Figure 2-9, Figure 2-10). This was unintentional from the measurement set-up 

point of view.  
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Figure 2-5: (LEFT) Calculated 2D SPR projection image of the cylinder phantom - 100% water and 100% methanol cases. (RIGHT) 
Three horizontal profiles measured across each image at CHEST, MIDDLE, NIPPLE and one VERTICAL profile, measured at the 
indicated locations.  Profile comparisons between 100% Water and 100% Methanol are shown here. SPR values are highest (White) at 
the center and gradually reduce (Gray) laterally. Black dashed lines on the vertical profile indicate the chest and nipple profile 
bounds. Elevated SPR values can be seen at the fluid – air interface near the chest region. 
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Figure 2-6: (LEFT) Calculated 2D SPR projection image of the cone phantom - 100% water and 100% methanol cases. (RIGHT) Three 
horizontal profiles measured across each image at CHEST, MIDDLE, NIPPLE and one VERTICAL profile, measured at the indicated 
locations.  Black dashed lines on the vertical profile indicate the chest and nipple profile bounds. Elevated SPR values can be seen at 
the fluid – air interface near the chest region. SPR values also decrease with phantom diameter. 
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Figure 2-7: (LEFT) Calculated 2D SPR projection image of the breast phantom - 100% water and 100% methanol cases. (RIGHT) Three 
horizontal profiles measured across the image at CHEST, MIDDLE, NIPPLE and one VERTICAL profile, measured at the indicated 
locations.  Profile comparisons between 100% Water and 100% Methanol are shown here. Black dashed lines on the vertical profile 
indicate the chest and nipple profile bounds. Elevated SPR values can be seen at the fluid – air interface near the chest region. SPR 
values also decrease with phantom diameter. 
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While specific SPR values differ due to differences in geometrical shapes and 

especially object densities, the 2D SPR trends obtained are consistent: [1] SPR values are 

peaked in the central regions and decrease peripherally; [2] SPR values reduce with 

decreasing object size (Figure 2-9); [78] the changing SPRs vary smoothly for all 

geometrical shapes. Apart from this, the thickness, shape and density of the phantom 

material also play roles in the SPR distributions. The cone phantom with 5 mm thick 

polyethylene edge shows higher SPR at the edges than the acrylic cylinder and polyester 

terephthalate breast phantoms, which only have a ~1mm edge.  

 

 

Figure 2-8: Illustration of the intersection of the x-ray cone beam with the different 
phantoms volumes. Note that even though the SPRs are measured at the same 13 cm 
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diameter across different phantoms, the height of the 13 cm slice relative to the central x-
ray beam is different in each phantom case. 

 

Figure 2-9: Line profiles measured across the 2D SPR projection image of the 100% water 
filled cone phantom, at different diameters. The plot illustrates the effect of diameter on 
the overall SPR values: SPR decreases with decreasing diameter. 

 

2.3.4 SPR vs. Density 

The phantom experiments were performed with 5 different uniform background 

densities (Table 2-2), for all phantom geometries. A comparison of 100% methanol and 

100% water-filled phantoms reveals that water yields the higher SPR at the widest 
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diameter, irrespective of the phantom used (see ahead to Figure 2-12). The 2D SPR 

profile results from the other intermediate density phantoms fall uniformly between the 

methanol and water bounds (Figure 2-10). It is abundantly clear from the plot that SPR 

increases with higher density.  

 

Figure 2-10: Line profiles measured across the 2D SPR projection images, at the CHEST 
location (refer to Fig Figure 2-5), for the cylinder phantom filled with 5 different 
densities: SPR increases with increasing density. 
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To evaluate the change in SPRs with changing densities, the peak SPR value for 

the 2D SPR projection images was measured. The peak 2D SPR is a commonly used 

metric in literature to quantify the amount of scatter in a given projection image[120-122, 137, 

146]. The comparative measurements of peak SPR were made at a constant 13 cm radius 

across all phantom geometries as well as at the same azimuthal projection angle (0°). 

Profiles were measured at the indicated chest location on Figure 2-5, Figure 2-6 and 

Figure 2-7, and fitted with a Gaussian function using the curve fitting toolbox in 

MATLAB. A screen capture of the toolbox, its output values, and an example Gaussian 

fit is shown in Figure 2-11. The Gaussian function used to fit the curves was of the form: 

푓(푥) = 푎 . 푒푥푝{−( ) }            (2-4) 

where the coefficient 푎 corresponds to the amplitude (peak value) of the function. The 

goodness of fit R2 value for all fitted functions was > 0.978. These peak values were 

plotted against fluid density for each phantom configuration and are depicted in Figure 

2-12. 
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Figure 2-11: Screen captured image of the MATLAB curve fitting toolbox used for fitting SPR line profiles in order to extract peek 
SPR values. An example of the 100% water filled cylinder case is shown here. The profile is fit with a Gaussian function; the 
coefficients of the fit equation are listed in the panel on the LEFT. The coefficient a1 corresponds to the central value of the curve, 
which is the peak 2D SPR of the profile in consideration. 
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Figure 2-12: Peak 2D SPR vs. Density plots for the three geometric phantoms. Abcissa 
corresponds to the simulated water-methanol densities. The peak SPR values were all 
obtained at a constant diameter of 13 cm across the different phantoms. SPR values 
increase linearly with increasing density of the object. The data points for each phantom 
are fitted with a liner equation and the goodness of fit R2 was >0.978 for every case. 

The measured 2D SPR with different geometries and background densities are 

consistent with our and others’ previous measurements and simulations. Kwan et al[120] 

have explored dependence of SPR on x-ray beam energy and have previously reported 

peak 2D SPR values of ~0.5 for a 50% glandular – 50% fatty, 14 cm diameter cylindrical 

phantom using a 60 kVp tungsten x-ray spectrum. Chen et al[121] in their investigation of 

SPR dependence on breast size and x-ray energy, have also reported values of ~0.8 for a 
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14 cm diameter simulated breast at the same density and energy with Monte Carlo 

simulations in GATE. For a comparable cylindrical phantom of 13 cm diameter, filled 

with 33% methanol – 67% water (similar in attenuation coefficient to the 50-50 

glandular-fatty case), we measured peak SPR values of ~0.78, with our quasi-

monochromatic 36 keV mean-energy x-ray spectrum. 

It is important to note that for the beam stop method, Kwan et al[120] used a 2.9 

mm steel plate and Chen et al[121] used a 2 mm lead strip to estimate scatter in the center 

of the phantom volume which corresponded to a few rows of pixels on the detector. 

Using only a thin strip to estimate scatter throughout the projection image is not 

completely accurate, since this collimates the incident x-ray cone beam down to a fan 

beam, which inherently results in lower scatter. Our measurements were made with 2.0 

mm diameter lead beads (130 beads embedded in a 5.0 mm acrylic plate), allowing 

scatter measurements throughout the 2D projection image, permitting us to investigate 

differences in scatter at different locations in the phantoms due to a cone beam x-ray 

source.   

2.3.5 2D SPR Artifacts 

One caveat of the BSA scatter correction method is the dependence on spline 

interpolation and the resultant artifacts due to errors in interpolation, especially close to 
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phantom edges (Figure 2-13). This leads to some distortions in the 2D SPR images, 

which affects the quantitative nature of SPR measurements close to the edges, but are 

otherwise fairly easy to read through. Some noticeable artifacts on these projection 

images include: [1] a bright artifact near the fluid-air interface; this is most likely due to 

a combination of insufficient cone beam sampling at that edge, and the fact that the 

interface is insufficiently detected as an edge during the BSA scatter measurement; these 

two factors yield over estimated scatter there, and subsequently increased SPR values.  

However, it is important to note that in the clinical data, this artifact [1] is absent 

due to the presence of continuous tissue (i.e. chest wall) above the posterior breast (see 

ahead to Figure 2-24).  Additionally, [2] bright and dark sphere-like distortions along the 

cone and breast phantom edges are seen; this is likely due to the tapering phantom edge 

yielding a spatially varying scatter sample due to the changing edge location relative to 

the nearest lead beads on the projection image. Finally, [78] a smoothly varying low 

frequency pattern in the images, due to inaccuracies in cubic spline interpolation of the 

BSA beads. Since the location of the BSA beads on the projection images is fixed, the 

frequency of the resultant patterns could possibly be measured and corrected for by 

methods like frequency deconvolution[154]; however, no investigations of artifact 

corrections were made in this study. 
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Figure 2-13: Example of errors in 2D SPR projection images illustrated on the cone 
phantom – (TOP) 100% water case and (BOTTOM) 100% methanol case. 1, 2 and 3 refer 
to regions of the discussed artifacts. 
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2.3.6 Reconstructed Volumes  

Volumetric reconstructions were performed using the ray-driven ordered subsets 

convex (OSC) algorithm[113] detailed previously in Section 1.3.4. The algorithm provides 

an estimate of the attenuation coefficient distribution of the object. Reconstruction 

parameters were set to 5 iterations, 16 subsets, 350 x 350 x 400 reconstruction grid, and 

508 µm voxel sizes routinely used in our various breast CT imaging tasks. The algorithm 

reconstructs the photon intensities from the projection images to yield images of 

absolute linear attenuation coefficients. The scatter correction process increases the 

attenuation coefficient values by the removal of scatter signal as well as reduces cupping 

artifacts. The scatter corrected and un-corrected data were individually reconstructed to 

produce primary and total image volumes (Figure 2-14). The difference between the 

primary and total attenuation coefficients represents the error introduced in 

reconstructed attenuation coefficients due to scattered x-ray photons. 

 Profiles plotted across the coronal slices of the scatter corrected and uncorrected 

volumes clearly show the difference in attenuation coefficients between the primary and 

total reconstructions (Figure 2-15Figure 2-16). Previous work in our lab on 

characterization of different materials has shown that the BSA scatter correction 

algorithm brings the reconstructed attenuation coefficients, to within 8% of NIST 

reported values[102]. The same is also evident from this study where the attenuation 
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coefficient of water was within 8%, 12% and 5% of NIST values (µ = 0.298 cm-1) for the 

cylinder, cone and breast phantoms respectively. A higher degree of variability is 

observed for the cone due to the thicker (5 mm) wall of the phantom in addition to the 

sharp tapering nature of the cone geometry. Similarly for methanol (µ = 0.216 cm-1), 

reconstructed attenuation coefficients were within 3%, 6% and 12% respectively. 

Overall, the methanol data show lower cupping and less variability of attenuation 

values as compared to the water data. The accuracy of attenuation coefficients and 

consequently Hounsfield Units, for other material densities, is investigated in more 

detail in Chapter 4.  

 

Figure 2-14: Reconstructed (LEFT) Total and (CENTER) Primary image volumes of an 
example case – 100% water filled cone phantom. (RIGHT) The difference between the 
two image volumes represents the error in attenuation coefficients introduced by 
scattered photons: scatter contribution. 
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Figure 2-15: (TOP) Reconstructed coronal slices (at 13 cm) of the scatter corrected Primary volumes of 100% water filled (LEFT) 
cylinder (MIDDLE) cone and (RIGHT) anthropomorphic breast phantoms. (BOTTOM) Line profiles across the 13 cm slice of the 
uncorrected Total and corrected Primary volumes as well as the difference between the two profiles, which represents the scatter 
contribution. 
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Figure 2-16: (TOP) Reconstructed coronal slices (at 13 cm) of the scatter corrected Primary volumes of 100% methanol filled (LEFT) 
cylinder (MIDDLE) cone and (RIGHT) anthropomorphic breast phantoms. (BOTTOM) Line profiles across the 13 cm slice of the 
uncorrected Total and corrected Primary volumes as well as the difference between the two profiles, which represents the scatter 
contribution.
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Figure 2-17: Flowchart illustrating the scatter estimation and correction process using the BSA method. The BSA projections are used 
to estimate the scatter at every projection angle and create scatter distribution images. 2D SPR images and subsequent NSC volumes 
are generated using the boxed equations shown here. Note that the images shown here are from a representative cylinder phantom 
scan. 
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2.3.7 Normalized Scatter Contribution 

Scatter is a 3D effect such that it affects the imaged object throughout its volume. 

Therefore, only measuring the 2D SPR for an object does not completely characterize the 

impact of scatter in reconstructed volumes. The scatter propagated to the reconstructed 

voxels in the 3D space also needs to be investigated. Monte Carlo simulations are one 

way of investigating this effect; otherwise, it is impossible to accurately determine the 

origin of a scattered photon within a target volume with physical experiments without 

the use of other techniques, e.g. coded apertures[155, 156]. When an x-ray photon scatters 

from a point in the target volume and is incident on the integrating FPD, all spatial 

information is lost. For a scattered photon detected at a pixel (i,j) on the detector, the 

reconstruction algorithm would trace it back along the cone beam, towards the x-ray 

source, consequently under estimating the amount of attenuation causing material in a 

certain voxel (x,y,z) in the center of the volume, which also appears to have reduced 

signal intensity due to this scatter. This phenomenon is one of the major causes of 

cupping artifacts in CBCT images.  

Practically, the precise location of the scatter interaction within a volume is of 

less importance than the effect that the scatter photon would have on the final 

reconstructed images. It is in fact possible to determine this effect of scatter on the 
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reconstructed attenuation coefficients, in each voxel, by using the 2D scatter estimate 

from projection images. To this effect, a new metric was developed – the Normalized 

Scatter Contribution (NSC) – which helps quantify the fraction of error introduced in the 

attenuation coefficients due to the presence of x-ray scatter. The difference between the 

individually reconstructed “total” and “primary” image volumes is a 3D voxelized 

measure of the contribution of scatter to the reconstructed 3D attenuation coefficients. 

Normalizing this value allows comparison of the effect of scatter contribution on 

attenuation coefficients, between reconstructed objects of different size, shape and 

material composition. The NSC metric can be formulated as follows: 

푁푆퐶(x,y,z) = ( , , )  ( , , )

( , , )
       (2-5) 

where, μ ( , , ) and μ ( , , ) are the reconstructed attenuation coefficients at 

each (x,y,z) voxel of the primary and total volumes respectively, and NSC(x,y,z)  is the 

relative contribution of scattered photons to the attenuation coefficients at each (x,y,z) 

voxel. NSC volumes were calculated for all different phantom and density 

configurations using equation 2-5 and the complete process is depicted in the flowchart 

in Figure 2-17. To maintain consistency with the 2D SPR data analysis, the same 

procedures were used for the NSC volumes. Profiles were measured on the 

reconstructed central sagittal slice, at similar locations as the 2D SPR profiles, near the 
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chest, mid and nipple regions; one vertical (medial) profile was measured through the 

center of the sagittal slice. The locations of the profiles are depicted by hash marks 

outside the volume on Figure 2-18, Figure 2-19 and Figure 2-20. 
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Figure 2-18: (LEFT) Sagittal slices of the calculated NSC volume of the cylinder phantom – (TOP) 100% water and (BOTTOM) 100% 
methanol cases. (RIGHT) Three horizontal profiles measured across each image at CHEST, MIDDLE, NIPPLE and one VERTICAL 
profile, measured at the indicated locations.  Profile comparisons between 100% Water and 100% Methanol are shown here. Black 
dashed lines on the vertical profile indicate the chest and nipple profile bounds. Spikes seen near the edges are a result of the 
mathematical operations performed on the volumes, coupled with artifacts incorporated due to edge detection during scatter 
correction.
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Figure 2-19: (LEFT) Sagittal slices of the calculated NSC volume of the cone phantom – (TOP) 100% water and (BOTTOM) 100% 
methanol cases. (RIGHT) Three horizontal profiles measured across each image at CHEST, MIDDLE, NIPPLE and one VERTICAL 
profile, measured at the indicated locations.  Profile comparisons between 100% Water and 100% Methanol are shown here. Black 
dashed lines on the vertical profile indicate the chest and nipple profile bounds. Spikes seen near the edges are a result of the 
mathematical operations performed on the volumes, coupled with artifacts incorporated due to edge detection during scatter 
correction.
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Figure 2-20: (LEFT) Sagittal slices of the calculated NSC volume of the breast phantom – (TOP) 100% water and (BOTTOM) 100% 
methanol cases. (RIGHT) Three horizontal profiles measured across each image at CHEST, MIDDLE, NIPPLE and one VERTICAL 
profile, measured at the indicated locations.  Profile comparisons between 100% Water and 100% Methanol are shown here. Black 
dashed lines on the vertical profile indicate the chest and nipple profile bounds. Spikes seen near the edges are a result of the 
mathematical operations performed on the volumes, coupled with artifacts incorporated due to edge detection during scatter 
correction. 
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The NSC volumes quantify the effect of scatter on reconstructed attenuation 

coefficients, for each individual voxel. The measured profiles clearly show the non-

uniformity introduced in the volume due to the scatter correction process. The chest 

profiles measured at the 13 cm diameter coronal slices indicate that the NSC values are 

consistently higher for 100% water as compared to 100% methanol. However this does 

not hold true as we move from the chest to the nipple region. Elevated NSC values can 

be observed near the nipple region, which corresponds to smaller diameter slices for the 

cone and breast phantoms, with the uniform diameter cylinder phantom serving as an 

exception.  The increase in NSC values for smaller diameter slices, near the nipple 

region, is abundantly clear from the plotted vertical profiles (Figure 2-20). This is 

especially true for the cone phantom, where a silicone stopper was used to plug the 

bottom end of the cone in order to prevent fluid leaks, which may also affect the amount 

of scatter near the nipple region.  

As explained in section 2.2, the BSA scatter correction algorithm uses an edge 

detection process to limit the scatter estimate within the target volume. This edge 

detection process in some cases results in the mislabeling of a few pixels outside the 

target volume, as the edge of the phantom. These edge artifacts are evident from Figure 

2-13 in section 2.3.5. On reconstruction, this pseudo edge has a very low attenuation 

coefficient; after performing mathematical operations of equation 2-5 for creation of NSC 



 

101 

 

volumes, the difference and ratio of small numbers results in extremely large values at 

the edges. These spikes are evident from the line profiles illustrated in the above figures, 

especially for the cone phantom due to its thicker (5 mm) phantom wall (Figure 2-19). 

The amplitude of the spikes at the edges increases as we move down from the chest area 

and are the highest near the nipple. A similar effect is also seen with the breast phantom.  

This effect is most evident in the clinical data (see ahead to section 2.4.2) where edge 

detection errors are higher around the nipple, resulting in quite high NSC values around 

the nipple.  

A key point to note is that the phantoms were centered in the detector FOV, 

which resulted in an air gap above the fluid-air interface, which is not the case in clinical 

studies where continuous tissue is present above the breast volume in the form of the 

chest wall. The air gap results in the fluid-air interface in being detected as the phantom 

wall during the edge detection process, thereby resulting in edge spikes similar to the 

ones seen in the transverse profiles. This effect coupled with insufficient sampling close 

to the chest wall and nipple, due to the 14° angle of the cone beam and the fixed tilt of 

the BCT system, amplifies the already existing top and bottom edge spikes. This is 

particularly evident in the cone phantom since it is the biggest phantom used in the 

study and it fills up the entire detector face, including the extreme top (chest) and 

bottom (nipple) of the detector which have the least sampling due to the diverging cone 
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beam. The insufficient sampling causes under-estimation of primaries at these locations 

and thereby, an overestimation of the NSC values. This artifact is a translation of the 2D 

SPR artifact 1], described in section 2.3.5, to the 3D reconstructed domain (Figure 2-21). 

The other artifacts seen on the 2D SPR images also translate to the NSC volumes: 

2] bright and dark sphere like distortions near the edges, and 3] a smoothly varying low 

frequency pattern, which is a result of cubic spline interpolation. 

 

Figure 2-21: Example of errors in NSC volumes, illustrated on sagittal slices of the breast 
phantom – (LEFT) 100% water case and (RIGHT) 100% methanol case. 1, 2 and 3 refer to 
artifacts discussed in the text. See also for comparison Figure 2-13. 

The NSC metric helps visualize the uniformity of the correction method 

employed and tease out subsequent residual artifacts in the primary volume as a 

consequence of the scatter correction. These artifacts would otherwise be difficult to 

discern in a clinical breast due to the presence of a high amount of heterogeneous fibro-
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glandularity, vasculature and other anatomic features. These artifacts reveal 

shortcomings of the employed BSA correction method and demonstrate the need for an 

additional step to correct for these residual inaccuracies. 

2.3.7.1 Normalized Scatter Contribution vs. Density 

To investigate the effect of material density on the normalized scatter 

contribution to reconstructed attenuation coefficients, circular ROIs were drawn on 

coronal slices of the NSC volumes at a fixed diameter (13 cm). The average NSC across 

the slice was measured and plotted against corresponding material density. 

Measurements were made using ImageJ; the same ROI was used across all phantoms 

under various density conditions. The results are illustrated in Figure 2-22. 

Results show that the fractional contribution of scatter to attenuation coefficients 

is between ~15 – 22% for all phantoms and simulated densities. Based on the fact that 2D 

SPR varies linearly with density, and the mathematical operations performed in 

equation 2-5, NSC values would intuitively be expected to show dependence on density 

of the target material, in addition to object shape and size. To that effect, the NSC values 

seem to linearly increase with increasing density (Figure 2-22); linear fits reveal an R2 of 

>0.93.  However, it is important to note that this correlation is only observed at larger 

diameters; as seen from vertical profiles from Figure 2-18, Figure 2-19, and Figure 2-20, 
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at smaller diameters, 100% methanol shows higher NSC values for the cone and breast 

phantoms. This is likely a consequence of the combination of artifacts seen near the 

nipple region (Section 2.3.5) of these tapering phantoms. Therefore, due to the presence 

of these somewhat contradictory data, it is difficult to prove the significance of NSC 

dependence on material density.  

 

Figure 2-22: Average NSC vs. Density plots for the three geometric phantoms. Abcissa 
corresponds to the simulated water-methanol densities. The NSC values were all 
obtained at constant 13 cm diameter coronal slices across the different phantoms. At a 
fixed diameter, NSC values appear to increase linearly with increasing density of the 
object. The data points for each phantom were fitted with a liner equation and the 
goodness of fit R2 was >0.93 for every case. 
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2.4 Characterization of Scatter – Clinical Evaluation 

As a part of a Duke IRB approved clinical study, patients undergoing diagnostic 

parathyroid imaging exams at Duke University hospital were approached to take part in 

our breast imaging study. Seven (7) consented volunteers were scanned using the dual 

modality SPECT – CT system with the 2520 detector (System 1 detailed in section 1.4). 

After their injection with 99mTc-Sestamibi, patient volunteers were scanned in the two 

hour period between their routine scintigraphy and SPECT scans. A random number 

generator in Matlab was used to select the left or right breast for the scans based on 

whether the generated 6 digit number was odd or even. Patients were marked with 4 

dual modality 99mTc-soaked nylon bead fiducial markers (5 mm diameter) prior to the 

scan and the left / right selected breast was positioned in the common FOV (Figure 2-23). 

The breast was approximately positioned near the isocenter with the help of laser 

pointers attached to the x-ray collimator. 

Two hundred and forty (240) CT projections were acquired over 360 degrees 

followed by 6 equally distributed BSA projections using the same x-ray technique factors 

detailed earlier for the phantom studies (Section 2.3). After the 240 projection images 

were acquired, the patients were asked to refrain from physical movement for the 6 

additional BSA acquisitions. There is <2.5% additional cumulative dose delivered to each 
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patient from the BSA projections, since the beads block a portion of the breast in each 

exposure.  

 

Figure 2-23: Photographs of a clinical patient study depicting different components of 
the SPECT-CT system. Red laser pointers attached to the x-ray collimator approximately 
form the bounds of the x-ray cone beam and assist with centering the breast volume in 
the FOV. The red laser light and the fiducial markers can be seen on the pendant breast.  

Note that the overall dose to each subject is still within the MQSA limit of 6 mGy 

on dual-view mammography[104, 157] , given that the total dose delivered by the CT sub-

system is ~4 mGy (see ahead to Chapter 3). The complete CT scan and 6 BSA scatter 
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projection measurements took approximately 8 minutes following which the patient was 

allowed to take a break and move around. The patient was re-centered in the FOV 

immediately followed by a 15 minute SPECT scan using the previously injected clinical 

dose of 99mTc-sestamibi which is part of the volunteers’ routine clinical imaging 

procedure.  

2.4.1 2D SPR 

Cubic spline interpolation was performed on the 6 BSA projections to obtain 240 

BSA projections corresponding to each projection angle[145]. In phantoms, this method 

has previously been shown to be equivalent to collecting BSA measurements at all 

projection angles for scatter correction[93]. The data were then scatter corrected and the 

2D SPR projections were calculated using equation 2-2. Scatter correction using the BSA 

method requires one major assumption: that the object being scanned does not move 

between the acquisition of projections with and without BSA. This is very difficult to 

achieve with human patients, since breathing alone majorly affects the breast position in 

the FOV. Additionally, for CT scan times of ~8 minutes, it is extremely difficult for 

patients to lay still. Therefore, the data with major motion artifacts could not be used for 

accurate scatter estimation and consequent SPR measurements. Even retrospective 



 

108 

 

SPECT-CT image registration yielded inaccurate edge alignment given the 2-

dimensional projection magnification and torsion of the breast.  

In some other cases, the subject’s breast size was far larger than the magnified 

projection onto the FOV of the 20 x 25 cm2 detector, which yielded a truncated breast 

upon reconstruction. Truncation artifacts also yielded inaccurate scatter correction in 2D 

images in addition to major artifacts in the 3D volumes. Therefore, only 3 data sets were 

rendered viable (minimal motion and truncation free) for scatter measurements and SPR 

calculations.  Note that this is not a reflection of the validity of the scatter correction 

process, but rather is currently a system data acquisition limitation which can be 

overcome by faster scan times and hardware advancements (see ahead to Chapter 5). 

The viable data still allows an investigation of the correction process on clinical data, 

which has never been done on our SPECT-CT system prior to this study. 

Similar to the phantom studies, the SPR profiles through 2D SPR patient images 

were measured at 4 indicated locations over each projection image (Figure 2-24), similar 

to all the phantom measurements. SPR values generally peak centrally in all images, and 

gradually decrease towards the edges. Vertical profiles show that SPR values decrease as 

we move from the chest to the nipple, which is expected as the amount of breast tissue 

closer to the chest wall is greater than at the nipple. An asymmetric SPR is also observed 

throughout the breast, corresponding to the heterogeneous and asymmetrical glandular 
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density distribution in each subject. The brighter areas within the breast correspond to 

increased localization of glandular tissue and therefore have higher SPRs as seen by the 

line profiles in Figure 2-24. The amount of glandularity, as well as its localization in each 

patient data set, varies drastically resulting in non-uniform profiles. For the 3 patient 

data sets, there is an observable dependence of SPR on diameter as well as the 

distribution of breast tissue glandularity (and other obvious features, such as the fiducial 

markers). 

The clearly circular objects seen in the 2D SPR projection images are due to the 

dual modality fiducial markers located around the entire pendant breast. Since the 

markers are placed on the skin, outside the breast, their signal is measured relative to 

air; thus they appear very high in contrast scattered around the breast. On observing 

closely, 2, 4 and 2 markers can be identified on the 2D SPR images of subjects 1, 2 and 3 

respectively (Figure 2-24). Based on past cross contamination studies, the 140 keV 

gamma emissions from the fiducial markers are believed to not affect the CT 

measurements[71]. However the markers do affect localized SPR values and therefore 

care is taken to avoid them while measuring line profiles.  
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Figure 2-24: (LEFT COLUMN) Calculated 2D SPRs from projections of each subject’s 
breast with uniformly spaced horizontal and vertical profile locations indicated by 
dashed lines. (CENTER COLUMN) Horizontal 2D SPR profiles through the CHEST, 
MIDDLE and NIPPLE regions, and (RIGHT COLUMN) vertical 2D SPR profiles 
measured from the CHEST to NIPPLE. SPR values are highest at the center and 
gradually reduce laterally. Circular regions within the breast boundaries (at arrow tips) 
are due to the fiducial markers taped to the outside of each patient’s breast. 
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2.4.2 Reconstruction and NSC Volumes  

The scatter corrected and un-corrected projection images were reconstructed 

using the OSC algorithm and setting the parameters the same as in the phantom studies 

– 5 iterations, 16 subset, 508 µm voxel size and a grid size of 350 x 350 x 400. As 

mentioned earlier only 3 patient data sets were rendered suitable for scatter correction; 

coronal slices through these reconstructed primary volumes are shown in Figure 2-25. 

Line profiles were measured across the same coronal slice of both the total and primary 

volumes. The plotted profiles clearly show that scatter correction increases the 

reconstructed attenuation coefficients and brings the values closer to the expected values 

for glandular and adipose tissue. Minor blurring artifacts can be observed near the 

fiducial markers on the slices; the tape holding the marker to the patient’s skin, 

indenting it, can also be visualized. Figure 2-25 shows the stark differences between the 

heterogeneous distribution of glandular and adipose tissue within different patient 

breasts, in addition to the high variability in clinically observed breast sizes. The 4 data 

sets with motion, truncation and other artifacts are shown in Figure 2-26. 

The NSC volumes were created similarly to the phantom images (Section 2.3.2) 

and are illustrated in Figure 2-27.  Profiles were measured at three different horizontal 

and one vertical location through the center of the volume. Due to the large variation in 

breast diameters of the patients, profiles could not be plotted at the exact same diameter 
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across the different data sets. The profiles are highly non-uniform as expected and the 

NSC values show dependence on the size and diameter of the breast. The spikes near the 

edge of the breast volume, especially at the nipple, are evident from the measured 

profiles, and are consistent with the results of the phantom data. Due to the presence of 

continuous tissue at the chest wall above the breast, the bright artifact, and subsequent 

spike, seen at the fluid air interface in the phantoms is not visible in any of the patient 

data. However, the low frequency variations within the volume and the dark and light 

ridges near the edges of the breast, detailed before in section 2.3.5, are evident. 

Additionally, artifacts induced by minimal patient motion between projection and BSA 

scans can be seen around the edges of the reconstructed volume. 
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Figure 2-25: (TOP) Reconstructed coronal slices (13 cm) of the scatter corrected Primary volumes of the three scanned 
subjects. (BOTTOM) Line profiles drawn diagonally across the uncorrected Total and corrected Primary volumes, as well as 
the difference between the two profiles, which represents the 3D scatter contribution. Heterogeneous distribution of 
glandular tissue within the breast is evident from the profiles. Profiles were measured diagonally to avoid the fiducial 
markers outside the skin boundary. 
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Figure 2-26: Reconstructed (TOP) Coronal and (BOTTOM) sagittal slices of the 4 patient data sets that could not be scatter 
corrected due to major truncation and motion artifacts. The images underscore the lack of usability of these data for SPR 
measurements. 
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Figure 2-27: (LEFT COLUMN) Sagittal slices through calculated NSC volumes for 
Subjects 1,2 and 3 respectively. (CENTER COLUMN) Horizontal NSC profiles through 
the CHEST, MIDDLE and NIPPLE regions, and (RIGHT COLUMN) vertical NSC 
profiles measured from the CHEST to NIPPLE. Note that the bright artifact near the 
chest is absent for the patient data due to the presence of a chest wall. For Patient 2, the 
external fiducial marker lateral to the breast is evident (indicated by white arrow). 
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2.4.3 Density Estimation, 2D SPR and NSC vs Density  

In order to estimate the density of the breast volume under consideration, the 

reconstructed primary image volumes were segmented based on their attenuation 

coefficients using a previously published image segmentation algorithm[158, 159]. The skin 

was removed from all breast volumes using an edge detection algorithm, and a 

histogram of the attenuation coefficients was plotted. A dual Gaussian function was 

fitted to the image histogram (see ahead to Figure 2-29), and using the minimum point 

between the two Gaussians as the threshold, the volume was segmented into glandular 

and adipose tissue (Figure 2-28).  

 

Figure 2-28: Example reconstructed, segmented and surface rendered volumes of subject 
1 illustrating (LEFT) all the adipose tissue voxels and (RIGHT) glandular tissue voxels 
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determined after performing segmentation using the minimum point between two 
Gaussians as a threshold. Image adapted from SD Mann, PhD Thesis, 2014. 

 

Figure 2-29: Histogram of attenuation coefficients obtained from the reconstructed 
primary volume for Subject 1. The dual Gaussian function provides a good fit and the 
minimum point between the two curves is used as the threshold to segment the volume 
into glandular and adipose tissue. 

The average density of the breast volume (minus skin) was calculated based on the 

weighted ratio of tissue percentages and actual density values of glandular (1.035 g/cm3) 

and adipose tissue (0.928 g/cm3) (Table 2-4).  
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Table 2-4: Percentage glandular & adipose tissue and estimated whole breast densities 
(g/cm3) for the 3 subjects. 

 

Due to the heterogeneous nature of the line profiles plotted on the 2D SPR 

images (Figure 2-24), obtaining a good Gaussian curve fit of the profiles, as was the case 

with the symmetric phantom SPR profiles, is not possible. Although SPRs usually peak 

in the center of the volume, as determined by the phantom studies, in case of patient 

data, this is not necessarily the case since SPR values are driven by the distribution of 

glandular tissue rather than geometry of the breast. Since we know that SPR values are 

concentrated near the localized high glandularity regions, 10 pixel wide profiles were 

plotted, and the maximum value (which corresponded to the glandular region of the 

profile) was determined to be the peak 2D SPR. These SPR values were plotted against 

the calculated density of the breast volume.  

Comparative peak SPR measurements were made at approximately similar radii, 

since measurements at the exact radius were unattainable due to the large variation in 

subjects’ breast sizes. Figure 2-30 shows a comparative plot of peak SPR vs. density for 

 Glandular  
(%) 

Adipose 
(%) 

Density  
(g/cm3) 

Profile Diameter 
(cm) 

Subject 1 52 48 0.981 10  
Subject 2 40 60 0.969 12.5 
Subject 3 21 79 0.949 8 
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clinical patient data and the breast phantom peak SPRs re-measured at appropriate 

diameters – 13, 10 and 8 cm for more accurate comparison with the subjects. Due to the 

stark difference in tissue distribution within the volume (Figure 2-26), and the 

consequent difference in the method of peak SPR measurement, it proves difficult to 

compare peak 2D SPR values obtained from uniform phantoms with clinical data.  

 

Figure 2-30: Comparison of 2D SPR profiles between breast phantom and example 
clinical data to illustrate the heterogeneity in tissue distribution in clinically encountered 
breasts as compared to uniform density phantoms. 
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Figure 2-31: Peak 2D SPR vs. Density plots for the three clinical subjects along with 
various breast phantom SPR values as a reference. Abcissa corresponds to the simulated 
water-methanol densities and calculated patient breast densities. The patient SPR values 
align with the SPR values obtained from the breast phantom, however more data points 
are required to establish significance. Note that the phantoms contained material 
densities uniformly distributed in the volumes, but the patient breasts did not. 

 

However plotting them on the same graph provides some insight into how these 

clinical data align with phantoms studies, despite the differences mentioned above. With 

only these 3 patients, and the added high variability of the peak SPR within any single 

profile location due to the non-uniform and heterogeneous density distribution 

throughout the breast(s), it is hard to draw a conclusion of change in SPR with density in 
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the patient cohort. The plot shows reasonable alignment of patient data with phantom 

results. Patient SPR values increase with density, however, more samples would be 

required to obtain suitable error bars. 

Similarly as the phantom studies, the effect of scatter on reconstructed 

attenuation coefficients was investigated for the clinical data sets by generating NSC 

volumes for each individual data set (equation 2-5). Circular ROIs were drawn on 

coronal slices of the NSC volumes to measure the average NSC values and plotted 

against corresponding calculated density of the patient data set. Measurements were 

made at slightly different diameter coronal slices, due to the large variation in breast 

sizes observed clinically. Results show that the fractional contribution of scatter to 

attenuation coefficients is between < 20% for all three clinical data sets. To compare the 

clinical values with phantom data, NSC values for the breast phantom were re measured 

at different diameters (closely matching the patient breast sizes) – 13, 10 and 8 cm. NSC 

values for different diameters and densities of the breast phantom lie close to each other 

and are difficult to distinguish. The clinical NSC values align well with the patient data 

(Figure 2-32), however with such closely situated data points and small sample size of 

patients, no meaningful correlation can be established between NSC and density.  
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Figure 2-32: Average NSC vs. Density plots for the three clinical subjects along with 
various breast phantom SPR values as a reference. Abcissa corresponds to the simulated 
phantom and calculated patient breast densities. The patient NSC values align with the 
NSC values obtained from the breast phantom. 

 

2.5 Characterization of Scatter - Effect of Acquisition Orbit  

Scatter dependence on density and geometry was characterized in the previous 

sections on a fixed tilt SPECT-CT system; the effect of acquisition orbits on scatter 

distribution and subsequently on SPR, is evaluated here. Earlier studies have 

demonstrated the benefit of using complex 3D acquisition trajectories that utilize a 

stand-alone breast CT system’s polar tilting capability in minimizing the cone beam 
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sampling problem close to the chest wall while also allowing imaging further into the 

chest wall, and thereby sampling the volume more completely[89, 160]. With the inclusion 

of complex acquisition orbits in the second generation CT sub-system of the hybrid 

breast SPECT-CT system14 (see ahead to Chapter 6), it is necessary to characterize how 

tilted trajectories affect the scatter distributions in a volume. Thus, it is also useful to 

understand the behavior of scatter with complex acquisition trajectories under varying 

conditions like density, size and geometry of the target volume.  

2.5.1 System set-up and Data Acquisition 

The polar tilt capable dedicated breast CT (System 3 described in section 1.4) was 

used for this study. Briefly, the system consists of a Varian 3030 FPD with 194 µm 

pixellation and a tungsten anode x-ay tube with a 14° anode angle. The system is 

capable of ±15° polar tilt allowing complex sinusoidal acquisition trajectories around a 

pendant breast. Note that in this geometrical set-up, positive (+) tilt angles of the system 

correspond to the x-ray source above the central horizontal plane and negative (-) angles 

correspond to the FPD above the horizontal plane, as evident in Figure 2-33. The x-ray 

technique factors used for this experiment were 49 kVp, 1.25 mAs with tungsten (W) 

filtering resulting in an x-ray beam with mean energy 40 keV.  
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Figure 2-33: Schematic of the ±15° tilted cone beam and a fluid filled target volume such 
that the top of the cone beam is always just below the fluid interface. 

 

Three cylindrical phantoms – 10, 12.5 and 15 cm diameters, filled with 2500 mL 

of water – methanol mixtures were used for this study. As described earlier, water and 

methanol serve as excellent media for simulating different breast densities. At the 40 

keV x-ray energy used for this study, the attenuation coefficients of 100% water and 50% 

water: 50% methanol are very close to the attenuation coefficients of glandular and 

adipose tissue as measured by Johns and Yaffe[150] (Table 2-2). Therefore three different 

concentrations of water-methanol were used to simulate 100% glandular and adipose 

tissue, as well as a 50% glandular: 50% adipose tissue composition (Table 2-5)as is 
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commonly used in breast imaging research (this 50:50 composition is based on original 

2D mammography images, but is now well known to be erroneous; nonetheless, 

researchers continue to use this value as an “average” breast composition, and is 

therefore used here to be consistent with others’ experiments). The fluid filled phantoms 

were centered in the FOV such that even at the maximum polar tilt of the breast CT 

system, the bottom of the phantom was completely visible on projection images. The 

fluid – air interface near the top of the phantom is known to result in artifacts during the 

scatter correction process (see Figure 2-13); therefore, care was taken to adjust the 

incident central x-ray beam on the phantom such that even at maximum polar tilts, the 

fluid-air interface was just above the x-ray cone beam. 

Table 2-5: Water-Methanol concentrations, densities and corresponding NIST reported 
values at 40 keV[102]. Glandular and Adipose tissue densities and mass attenuation 

coefficients reported by Johns and Yaffe[150]. 

 

 

 

 

 

 

Water 
(%) 

Methanol 
(%) 

Density 
(g/cm3) 

Mass Atten. 
Coeff. 

(cm2/g) 

Linear Atten. 
Coeff  
(cm-1) 

100 0 1.00 0.268 0.268 

75 25 0.93 0.263 0.249 

50 50 0.896 0.257 0.230 

Glandular Tissue 1.035 0.261 0.270 

Adipose Tissue 0.928 0.239 0.228 
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The BSA scatter estimation and correction technique described in Section 2.2 was 

used for this experiment, with minor modifications with regards to BSA placement on 

the tilt capable breast CT system. A 6 x 4 cm base was fashioned from Styrofoam to 

firmly position the BSA in front of the external collimator attached to the x-ray tube.  

Multiple slits were cut into the foam base, in 1 cm increments, to insert the BSA plate at 

different distances from the end of collimator. Projection images were acquired with the 

BSA plate positioned at different locations in front of the collimator, in order to 

investigate the difference in magnification of the lead beads in the projection images. 

Since the performance of the scatter correction algorithm, which involves cubic spline 

interpolation, depends on the number of points for interpolation, and size of the sample 

area, the magnification of the lead beads on the projection images plays a key role. The 

magnification which provided similar performance of the algorithm, as on the hybrid 

SPECT-CT system, was chosen for subsequent studies with different orbits in order to 

obtain comparable results to the previous studies mentioned in section 2.3. This 4.11x 

magnification was obtained at a distance of 17 cm from the collimator and the BSA was 

firmly inserted in that slit on the foam base. The BSA as well as the foam block was 

further fastened with adhesive tape to prevent any sort of movement as the system 

traversed around the pendant phantom volumes. 
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A CT scan was performed where 240 projection images of the phantoms were 

acquired over 360 degrees azimuthally. Data were acquired in an identical manner with 

two different trajectories: 1) an azimuthal orbit (AZOR) with a fixed tilt of +6.5°, and 2) a 

complex 3D saddle orbit with ±15° polar tilt following a sinusoidal path around the 

object (Figure 2-34). The fixed tilt on the AZOR orbit was chosen to be 6.5° to have the 

top of the x-ray source and the top of the FPD at the same height. BSA projections were 

also acquired at every azimuthal angle. A flowchart depicting the scatter correction 

process and 2D SPR and reconstructed NSC volume calculation, described in detail in 

previous sections, is illustrated in Figure 2-17Figure 2-34. 

 

Figure 2-34: Polar plot depicting the fixed tilt (+6.5°) AZOR and Saddle orbit with (±15°) 
polar tilts about a 360° azimuthal trajectory.  
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2.5.2 2D SPR 

The scatter distribution within a volume, at every projection angle, was 

estimated from the BSA images, and the 2D SPR projections were calculated based on 

equation 2-2. Three SPR profiles were measured near the top of the cylinder (“chest”), 

central region approximately at the same height as the central x-ray beam (“mid”) and 

near the bottom region of the cylinder (“nipple”), similar to the analysis method 

followed in the previous sections. The mid profile provides the most accurate measure 

of polar tilt related difference in SPR due to the direct incidence of the central x-ray 

beam, minimal artifacts, as well as the avoidance of location dependent variation in SPR 

as seen in previous results. All profiles were measured at the same location on the 

projection image regardless of phantom diameter, simulated density, or acquisition 

trajectory. Since the location of SPR measurement is kept constant for each 

measurement, and since the phantom was unmoved between data acquisitions with the 

two different orbits, comparing SPR profiles measured at the same azimuthal angle for 

the different orbits would provide an accurate measure of scatter dependence on the 

polar tilt of the orbit. As in the previous sections, the measured profiles were fitted with 

a Gaussian curve in MATLAB to better estimate the peak 2D SPR value. 

The 2D SPR profiles measured at the indicated locations (Figure 2-35, Figure 

2-36) are consistent with the results reported in previous sections. SPR values peak 
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centrally in all volumes, reduce toward the edges, and are dependent on density and 

diameter of the target volume. The step functions at the very edges are due to a 

combination of the thick (~3 mm) phantom edge and minor edge detection inaccuracies 

by the scatter correction algorithm, described earlier in section 2.3.5. All profiles were 

measured at the same location on the detector at seven different tilt angles: ±15°, ±7.5°, 

±6.5° and 0°. These specific angles were selected to provide scatter measures at varying 

degrees of polar tilts, ranging from maximum / minimum to no tilt, in addition to a fixed 

6.5° tilt angle for accurate comparison with the fixed tilt AZOR orbit. Profiles for the 12.5 

cm cylinder and 100% water and 50% water: 50% methanol cases at five representative 

tilt angles are shown in Figure 2-35 and Figure 2-36.  

Some artifacts can be seen on the 2D SPR images, especially in Figure 2-36, which 

are introduced due to errors in the spline interpolation between the lead beads. During a 

saddle acquisition, the BSA plate attached to the collimator would also tilt in conjunction 

with the source – detector pair. Due to the change in location of the BSA plate at every 

projection angle, although the location (x,y) of the shadow of the lead beads on the 

detector would remain constant, the location of the lead bead relative to the edge of the 

phantom volume would vary (Figure 2-37). This is not true for the fixed tilt AZOR 

acquisitions, where the shadow of the lead beads relative to the phantom edge is in the 

same location, regardless of projection angle.  
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Figure 2-35: (Top) Projection images of the 100% water filled 12.5cm diameter cylinder at five different tilts: 15, 7.5, 0, -7.5 and -15 
degrees. (BOTTOM) 2D SPR profiles measured at the indicated locations. SPR values are greatest for the maximum polar tilt angles.
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Figure 2-36: (Top) Projection images of the 50 % water: 50 % methanol filled 12.5cm diameter cylinder at five different tilts: 15, 7.5, 0, 
-7.5 and -15 degrees. (BOTTOM) 2D SPR profiles measured at the indicated locations. Some artifacts can be observed on the SPR 
images resulting in differences in the +15 and -15 tilt angle SPR values. 



 

 

 

 

Figure 2-37: Illustration depicting how with polar tilting of the system, the relative 
position of the lead bead on the FPD, with respect to the target volume changes. The 
outlined Red box represents the part of the cylinder blocked by the lead bead, which 
clearly changes with polar tilting of the system, as the x-ray path length through the 
object changes. 

The changing bead location relative to the phantom edge results in differences in 

edge detection at every projection angle. Therefore, artifacts such as the bright and dark 

ridges near the edges of the phantoms (described earlier in section 2.3.5), appear to vary 



 

 

 

in location with azimuthal projection angle.For the AZOR orbit, edge interfaces of the 

phantom volume remain constant at every projection angle. However, for the saddle 

orbit, as the polar tilt of the system changes at every projection angle, the size of the top 

and bottom interfaces changes as more of the three dimensional edge become visible 

with the changing perspective due to the polar tilt angle. This effect results in inaccurate 

SPR estimates close to these interfaces. The edge detection step in the scatter correction 

algorithm is designed to confine the SPR measurement within the target volume; 

however, the changing edges of the saddle acquired data result in edge interpolation 

artifacts. A combination of the two artifacts described above results in a false elevation 

of SPR values near the top and bottom. Therefore, care was taken to focus on the central 

region of the phantoms and avoid these artifacts (if possible) when measuring profiles. 

These artifacts are evident on the 2D SPR images (Figure 2-36) as well as the NSC 

volumes (see ahead to Figure 2-39). 

In some cases, to maintain measurement consistency at the same diameter for 

saddle and AZOR orbits, these artifacts could not completely be avoided, thereby 

affecting the shape of the SPR profiles. Nevertheless, Gaussian fitting of these profiles 

provided an R2 value of >0.90 in all cases, and therefore the peak 2D SPRs could still be 

measured accurately and plotted against polar tilt angle (Figure 2-38). As the system 

traverses around the phantom in a saddle trajectory, the maximum and minimum polar 



 

 

 

tilt angles (±15°) are encountered twice, and all other polar angles are encountered four 

times. Therefore, to minimize the variation from interpolation artifacts, the peak 2D SPR 

for each polar tilt angle was measured twice, at different azimuthal angles. 

To obtain most accurate and artifact-free SPR values, all peak SPR measurements 

were performed on the mid profiles, across all phantoms. Results indicate that as the 

polar tilt angle increases, the 2D SPR also increases. The highest SPR values are seen for 

the ±15°angles and gradually reduce as the tilt reduces to 0°. The extreme tilt angles 

show ~15% increase compared to the zero tilt values in the 15 cm cylinder, ~7% increase 

in the 12.5 cm cylinder and ~3% increase in the 10 cm cylinder. Also, SPR profiles at the 

same tilt angle, regardless of direction (±15), are nearly identical for the symmetric 

phantom, when not being measured over obvious artifacts. These results clearly indicate 

that for a specific diameter object, the increased x-ray path length traversed for tilted 

angles, yields higher scatter and consequently increased SPR. Additionally, overall SPR 

values depend on diameter and are lowest for the smallest cylinder. SPR values also 

decrease fairly uniformly for the lower density materials. Second order polynomial 

functions were used to fit the data; however the goodness of fit is dependent on the 

diameter of the phantom. The best fits were obtained for the 15 cm cylinder with R2 

values of >0.90, whereas for the 12.5 and 10 cm cylinders, the R2 value reduced to >0.70 

and >0.56 respectively. 
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Figure 2-38: Plot of peak 2D SPR vs. polar tilt angle for the three cylinders, three different densities and seven polar tilt angles (solid 
markers). A second order polynomial was used to fit a trend line to the data sets. Also overlaid on the plot are the average peak SPR 
values (hollow markers) calculated from the AZOR projection images (note that error bars for 2 measurements at each data point are 
about as large as the data symbol). Peak 2D SPR values measured at the same location, increase with polar tilt angle. 
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Overall SPR values range from 0.50 – 1.15 depending on density and diameter of 

the phantom. Peak SPR values calculated for the fixed tilt AZOR scan, from the same 4 

azimuthal projection angles as the saddle orbit, are averaged and plotted on the same 

graph (Figure 2-38). Given that the AZOR orbit has a fixed tilt of 6.5°, the SPR values 

closely align with the 6.5° results of the saddle scan, as expected. Although the mean x-

ray beam energy used for this study (40 keV) is different from the quasi-monochromatic 

beam (36 keV) used in the earlier studies, the overall trends in SPR values and their 

dependence on density and diameter are comparable. 

2.5.3 Reconstruction and Normalized Scatter Contribution 

Projection images were reconstructed using the OSC iterative reconstruction 

algorithm which provided an estimate of the non-uniform attenuation coefficient 

distribution of the object. Reconstruction parameters were set to 5 iterations, 16 subsets, 

and 394 µm voxel size (2 x 2 binning of the 194 µm pixellation). The reconstruction grid 

was set to 768 x 768 x 768 voxels, which is larger than the 350 x 350 x 400 grid used in 

earlier studies, due to the availability of an advanced reconstruction-specific computer 

on this breast CT system. The scatter corrected and un-corrected volumes were 

individually reconstructed and the difference between the volumes was normalized 

using equation 2-6, to generate the NSC volumes as explained in section 2.3.7. Artifacts 
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discussed in the above sections are visible on these images also (Figure 2-39), especially 

the bright and dark ridges near the edges, which can be seen on both the saddle as well 

as AZOR NSC volumes. Three horizontal profiles were plotted, similar to previous 

sections; example NSC volumes and representative profiles are shown in Figure 2-39. 

NSC values for saddle and AZOR orbits are very similar, indicating that 

although the raw 2D SPR values showed dependence on polar tilt angle, the 

contribution of scatter to the reconstructed attenuation coefficients measured at the same 

location, remains comparable. NSC values of ~0.2 were measured for the 12.5 cm 

cylinder regardless of density. Although not explicitly shown here, NSC values of the 15 

cm cylinder were ~0.25 and for the 10 cm cylinder were ~0.18, showing strong 

correlation between NSC values and object size. Spikes seen near the edges are 

consistent with other NSC volumes, where a combination of phantom wall thickness 

and errors in edge detection result in artificial boosting of edge values. These results 

confirm the findings from previous phantom as well as clinical studies. 
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Figure 2-39: (TOP) Coronal and sagittal views of NSC volumes of a 100% water filled, 12.5 cm diameter cylinder scanned with 
(LEFT) saddle and (RIGHT) AZOR trajectory. (BOTTOM) Chest, Mid and Nipple profiles measured on the sagittal NSC slices at the 
indicated locations, comparing the Saddle and AZOR NSC values. Spikes at the edges similar to, but smaller than the previous NSC 
data can be seen. 
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Figure 2-40: (TOP) Coronal and sagittal views of NSC volumes of a 50% water: 50% methanol filled, 12.5 cm diameter cylinder 
scanned with (LEFT) saddle and (RIGHT) AZOR trajectory. (BOTTOM) Chest, Mid and Nipple profiles measured on the sagittal 
NSC slices at the indicated locations, comparing the Saddle and AZOR NSC values. Spikes at the edges similar to, but smaller than 
the previous NSC data can be seen. 



 

 

 

2.6 Conclusions 

Two-dimensional SPR evaluations for a cone beam BCT system were undertaken 

and characterized under varying conditions including object shape, size, material 

density as well as acquisition orbit. Various breast CT-appropriate geometrical 

phantoms containing different uniformly filled densities were used for initial phantom 

evaluations; there was also evaluation of prospectively acquired clinical breast CT data 

sets. 2D SPRs were also characterized for two different acquisition orbits (a fixed tilt 

AZOR and a saddle orbit) to investigate trajectory related differences in scatter 

distribution. In addition, a method to characterize the normalized scatter contribution 

(NSC) volumes after 3D scatter correction was derived. Based on the SPR results from 

both geometric phantoms and human studies, we conclude that the SPR appears to 

strongly depend on object geometry, then density (as a surrogate for attenuation 

coefficients) and density distribution in 3D. The 2D SPR increases with increasing 

density within an object, and also with increasing radius; generally higher SPRs found at 

the chest wall region of the posterior breast, and lower overall values nearer the nipple. 

The overall SPR trends are similar regardless of the trajectories used for acquisition: that 

is, for uniform density distributions, SPR peaks in the center of the volume and 

diminishes towards the edges. Results indicate that due to the longer x-ray path lengths 



 

 

 

traversed in the tilted projections, the SPR for tilted angles is higher than that for no (or 

fixed) tilt. The 2D SPR values vary smoothly with tilt angle and are ~7-15% higher at the 

extreme (±15°) tilts measured here.  

Additionally, with the help of the NSC volumes, we successfully quantified the 

contribution of scatter to reconstructed attenuation coefficients, as well as characterized 

its dependence on object size, shape and density. A secondary application of the NSC 

volumes was determined; namely, visualizing minor, albeit visible inconsistencies 

introduced by the employed scatter correction method into the scatter-corrected 

volumes. These interpolation and other non-uniformity errors indicate the need for 

optimization of the scatter correction protocol, in addition to developing a residual 

correction method to suppress the non-uniformities as well as achieve greater accuracy 

(better than 8% error) of reconstructed attenuation coefficients. Knowing these 

unresolved errors and their spatial distribution can help lead to better empirical 

correction techniques or ones that include Monte Carlo simulations. Furthermore, these 

results are a step towards providing guidance on how to correct scatter effects when 

making clinical measurements without measured scatter correction, but just using the 

size and measured attenuation of the breast itself. 

 

 



 

 

 

3. Effect of Simple and Complex Acquisition Trajectories 
on Dose Distribution  

3.1. Introduction 

For any clinical imaging system which uses ionizing radiation, minimizing the 

dose absorbed by the target volume is of paramount importance for the patient. 

According to the “Mammography Quality Standards Act” (MQSA)[157], which was 

incorporated into the American College of Radiology (ACR) requirements for screening 

mammography, the average glandular dose (AGD) delivered during a single cranio-

caudal view of a 4.2 cm thick, compressed, “50-50%” adipose-glandular breast volume 

should not exceed 3 mGy, which implies an upper limit of 6 mGy for routine dual view 

mammography exams, in the clinic. However there is no set limit for diagnostic 

mammography with studies reporting a dose range of 4.4 – 5.5 mGy per view, 

depending on the size, thickness and glandular fraction of the compressed breast[19, 161, 

162]. In recent years, digital breast tomosynthesis (DBT) has started to replace 

mammography under the misnomer “3D mammography” due to its ability to separate 

superimposed tissue in a compressed breast.  The AAPM has since formed a task group 

to standardize dosimetry in DBT[34] and introduced a new metric – relative glandular 

dose (RGD) to allow direct comparison with AGD values from mammography. DBT 



 

 

 

studies have since reported comparable dose  to diagnostic mammography, depending 

on thickness, and ranging from 4 to 10 mGy[39]. 

A few institutions in the USA[88, 96, 104, 117, 163-174] and  Europe[175-178] are developing 

pendant BCT imaging systems and many studies have shown the benefits of using BCT 

as a truly 3D imaging system[93, 97, 163, 165, 179]. However, despite the extensive research in 

this area, there still exists a dearth of a mammography equivalent dosimetry standard or 

an upper limit on AGD stipulated by the regulatory bodies. Therefore, despite the fact 

that these systems acquire a few hundred projection images on a cone beam, flat-panel 

CT system, we have attempted to generally adhere to the screening mammography 

standard and try to restrict the cumulative absorbed dose by the breast to <6 mGy, 

without compromising the image quality of the reconstructed volume. Cumulative 

absorbed dose for a tomographic scan depends on numerous factors including mean x-

ray beam spectral quality[86, 166, 180] as well as material composition of the volume[86, 166]. 

Therefore, these factors should be considered when evaluating dose delivered by a 

breast CT system. 

Dose studies using radiochromic film have previously been performed on our 

fixed tilt angle, dedicated breast SPECT-CT system with a quasi-monochromatic x-ray 

beam and integrating flat-panel detector[104]. Both geometric and anthropomorphic 

phantoms were used, and the results demonstrated that the average absorbed doses in 



 

 

 

the volumes for 100% glandular-equivalent and 100% adipose-equivalent tissue are 4.5 ± 

0.4 mGy and 3.8 ± 0.2 mGy, respectively[104].  In the same study, dose was also similarly 

measured in a cadaver breast using radiochromic film yielding an average dose of 4.3 ± 

0.3 mGy and 4.2 ± 0.3 mGy for two orthogonal views. Earlier studies by our group also 

indicated that doses down at approximately 0.6 mGy could also be obtained and yield 

high resolution and contrast in CT images[167].  

Monte Carlo based simulation dose studies to derive glandular dose coefficients 

(DgNCT) have been performed by others[173] indicating a mean glandular dose (MGD) of 

8.2 ± 1.2 mGy from a variety of breast shapes and sizes in a clinical trial[170]. Another 

recent study used radiochromic film to estimate dose delivered to a 14 cm PMMA breast 

phantom and has reported a MGD range of 3.5 - 15 mGy for 50% glandularity 

depending on their exposure technique and beam characteristics[176]. A comparison 

study previously done in our lab, has demonstrated the benefits of using complex 3D 

acquisition trajectories that utilize a breast CT system’s polar tilting capability[89]. Such 

trajectories overcome the cone beam sampling insufficiency problem while also 

promoting imaging further into the breast volume, resulting in more uniformly sampled 

images having isotropic resolution throughout the imaged volume. With the inclusion of 

complex 3D acquisition trajectories in the proposed future iterations of a hybrid breast 

SPECT-CT system[181], as reported in Chapter 6, it is imperative to characterize the 



 

 

 

differences between the dose distribution within a breast volume for simple azimuthal 

(fixed tilt) and complex 3D (variable tilt) acquisition trajectories.  

This chapter investigates and characterizes these trajectory-dependent dose 

distribution differences with the help of Monte Carlo simulations as well as physical 

experiments using radiochromic film to determine the absorbed dose. Simulations were 

performed with uniform cylindrical phantoms and different x-ray beam filtration 

techniques (W, Ce). The physical experiments were performed using both uniform 

cylindrical and anthropomorphic phantoms consisting of different filled densities, under 

different x-ray filtration configurations, in order to evaluate the clinical dose 

implications of using complex acquisition trajectories. 

3.2. 3.1 Monte Carlo Simulation Studies 

The simulation program Monte Carlo N-Particle 5.0 (MCNP)[182] was used to 

perform the initial dosimetry studies. The fully 3D tilt capable BCT system (System 3) 

described earlier in Section 1.4 was simulated in MCNP and data were acquired using 

the same protocol as the one used for clinical studies performed on this system. The 

fully 3D tilt capable breast CT imaging system[117] has been described in detail in section 

X. Figure 3-1 shows a schematic of the system set-up during physical experiments and 

illustrates the tilting motions.  



 

 

 

 

Figure 3-1: (LEFT) Schematic showing the geometrical set-up of the tilt capable BCT 
system (System 4) where the source and detector tilt ±15o. The vertical dashed line 
represents the axis of rotation of the system. (RIGHT) Polar plot depicting the AZOR 
and Saddle orbits about a 360 degree azimuthal trajectory path.  

3.2.1. Simulation Geometry Set-up 

The simulations model the x-ray source as an ideal point source (with no focal 

spot thickness) emitting x-ray photons over a complete 32 degree cone angle towards the 

target volume. The x-ray spectrum itself was simulated using another simulation 

package, described in the next sub-section, and was only used here as an input for the 

source. The exposure of the physical system, for clinically used x-ray technique of 49 

kVp tube potential and 1.25 mAs per projection, was measured 5 times at the isocenter 

with a calibrated mammography exposure meter (Mammochamber, Model 10x5-6M-3, 

RadCal) and was found to be 4.11 ± 0.01 mR. The flux of the simulated source was set to 



 

 

 

match this physical exposure and is equal to 60.2 million emitted x-ray photons per 

projection.  

The flat panel detector was not included in the simulations; instead, the target 

object itself was defined as the “detector” (see ahead to section 3.2.3) and configured to 

record the cumulative energy deposited in each voxel. The F6 tally in MCNP was used 

to record all energy deposition events. Simulated CT scans were performed with two 

different acquisition trajectories: 1) Azimuthal orbit (AZOR) which is the simple no-tilt 

circular trajectory around the volume, and 2) 3D (Saddle) orbit including polar tilts (up 

to ±15o) following a two lobed sinusoidal path around the target object (Figure 3-1, 

Right). 

For ease of implementation of the simulations, the target object was tilted about 

the central axis instead of the complete system (Figure 3-2). The cross section of the x-ray 

beam incident on the object is dependent on the angle of incidence of the x-ray beam and 

would remain identical whether the tilting was introduced by moving the system or the 

object itself. Therefore tilting the object in the simulations would achieve the same effect 

while considerably simplifying the degrees of movement of the overall system. 



 

 

 

 

Figure 3-2: MCNP geometry set-up showing scatter plot of collisions in the volume from 
10,000 photons emitted from the point source. Solid lines represent the cone beam 
boundary, dotted line represents the central X-ray beam and the gray dots depict 
collisions or scattered events in air and within the target volume itself. Target volume 
illustrates asymmetric voxelization of the detector elements for clarity, while they were 
symmetric in the actual simulation. (LEFT) Lateral view of the target at no tilt, 
(CENTER) lateral view of the target at a 15o tilted angle and (RIGHT) zoomed superior 
view of the voxelized cylinder depicting scatter events. 

3.2.2. X-ray Spectra using XSPECT 

X-ray spectra were modeled using the XSPECT simulation package[183, 184], a 

validated x-ray system simulation program that models the output of an x-ray tube 

under various operating parameters such as tube potential, anode material, anode angle, 

and the thickness and composition of absorbing materials in the beam path[86]. Two 

different spectra, with external Tungsten (W, 0.05 mm, ρ = 19.3 g/cm3) and Cerium (Ce, 

0.506 mm, ρ = 6.77 g/cm3) filtration were modeled to simulate x-ray beam filtration used 

on the dedicated BCT system as well as the SPECT-CT system described in previous 

sections[97, 159]. The air kerma and first half value layer (HVL) of the two spectra were 



 

 

 

determined using XPSECT and were found to be 3.57 mGy and 2.73 mm thickness of Al 

for the W spectrum and 0.77 mGy and 3.01 mm thickness of Al for the Ce spectrum. The 

flux of the simulated W spectrum was calibrated to match the physically measured 

exposure at the isocenter of the real system (4.11 mR).  

 

Figure 3-3: X-ray spectra simulated from XSPECT in 1 keV increments using Tungsten 
and Cerium filters. 

The 4.11 mR exposure on conversion to air-kerma (equation 1-8 in section 1.3.2) is 3.57 

mGy, which is the same value obtained from the XSPECT simulation, and therefore 

serves as an additional validation of the simulated beam. The flux of the Ce spectrum 

was scaled such that the total number of x-ray photons at the isocenter matched that of 

the W spectrum (60.2 million photons per projection), to allow for similar input noise 

characteristics in both sets of data. The XSPECT generated spectra (Figure 3-3) were 



 

 

 

used in this simulation as a probability density input model of the x-ray source 

distribution in MCNP. 

3.2.3. Cylindrical Phantom Simulations 

For these set of simulations, the target object used was a 10 cm diameter, 10 cm 

tall cylinder composed of 100% water. As described in previous sections, water serves as 

a close substitute for glandular tissue in terms of attenuation coefficients as well as 

density, and is commonly used as the starting target material composition for 

complicated simulations as well as physical phantom studies. The 10 x 10 x 10 cm3 

cylinder volume voxelized using an 11 x 11 x 11 cm3 cubic grid to create 1 x 1 x 1 cm3 

voxels (see ahead to Figure 3-4). The grid was chosen to allow for voxels to be centered 

along the axis of the cylinder for measuring dose profiles through the center of the 

cylinder. Each cubic voxel of the object was defined as an individual ‘detector element’ 

recording the total energy deposited. All interaction types, including photoelectric, 

Compton, and coherent were included in the simulation model.  

Restrictions were placed in the simulation to only record interactions occurring 

within the boundary of the cylinder; therefore interactions could occur outside the 

cylinder and in air, but would not be recorded. Figure 3-2 shows a subset of 

accumulated histories at a single projection angle from a simulated run with 10,000 



 

 

 

incident x-ray photons. The MCNP visualization tool (VisEd) depicts all energy 

deposition events with absolute position (X,Y,Z coordinates) thereby also showing 

scatter events in air. However, measurements were only recorded in an integrated 

fashion within the 1cc voxels previously described.  

Simulated CT scans were performed with 240 projections being acquired over 

360 degrees azimuthally. Simulations were performed with two different orbits – AZOR 

and saddle. Two sets of these simulations were performed for each trajectory, once with 

the W filtered x-ray beam and then again with the Ce filtered beam. At the end of each 

CT simulation, the coordinates of each voxel and the corresponding cumulative energy 

deposited (MeV) were reported and saved in a text file. A MATLAB algorithm was used 

to read the coordinates from the text file and create a 3D volume where each voxel 

represented the total energy deposited at the end of the CT scan.  The energy deposited 

(MeV) in each individual voxel was converted to Joules (1 MeV = 1.60218 * e-13 J), and 

finally converted to dose (Gy = J / kg) by dividing the value by the mass of each voxel, 

yielding a voxelized, 3D representation of deposited dose in a volume. Since the density 

of water is 1 g/cm3, its mass and volume are equal (1g = 1cm3). This conversion can be 

represented by the following equation: 

퐷 = ∗ . ∗
∗

                (3-1) 



 

 

 

 

where D is the dose in mGy, E is the energy deposited in MeV and M is the mass of the 

individual voxel (1 g for non-edge voxels). 

Due to the enormous number of particle interactions (mainly photoelectric 

absorption and Compton scattering, but also some coherent scattering) that occur with 

60.2 million incident x-ray photons per projection, our fastest computer (Intel 3rd 

generation i7 Extreme processor, 12 cores, 24GB RAM) took about 20 minutes per 

simulation projection, i.e. 80 hours of CPU processing for a 240 projection CT scan, 

which is close to three and a half CPU-days per data set. Whereas on a more hardware 

limited computer, the simulations took 1 hour per projection, indicating 240 hours or 10 

CPU-days per data-set! Therefore, the simulations were divided over 3 different 

computers, to allow parallel processing and speed up, and took close to a month for 4 

complete scans (two different filtrations and two different orbits). 

3.2.4. Fractional Voxel Normalization 

Voxelizing a curved object in MCNP or any other Monte Carlo simulation 

software can be cumbersome. One of the simplest ways to perform voxelization of a 

curved object is to create a curved object in the simulation and allow the software to 

auto-populate the volume with cubic voxels of the defined size. However, this method 



 

 

 

results in empty spaces around the curved edges of the volume. Another way of 

achieving this without the creation of empty spaces is by creating two different volumes 

– one curved and one cubic of the same diameter, filling the cubic volume with voxels of 

the required resolution and finally superimposing both the volumes. However; one 

caveat of employing this method is that due to the union of the curved object with the 

cubic volume, a few cubic voxels near the boundary would be cut-off by the curved edge 

of the volume, resulting in fractional voxels near the edge.  

In order to voxelize the 10 x 10 x 10 cm3 cylinder in MCNP, a cubic 11 x 11 x 11 

cm3 grid was used resulting in fractional voxels at the edges of the cylinder (Figure 3-4). 

When using the MATLAB algorithm for calculating the cumulative dose deposited, the 

energy deposited in each voxel in the volume is divided by its mass (1 g). However, the 

mass of the fractional edge voxels is less than 1 g, therefore dividing the energy 

deposited by 1 g would result in an underestimation of dose in these voxels. Thus the 

final doses for each voxel obtained from equation 3-1 incorporate a false 

underestimation of dose values near the edges.  

To correct this inaccuracy, the dose values need to be normalized using a more 

accurate estimate of the volume of these fractional edge voxels. A separate MATLAB 

algorithm was developed to determine these fractional volumes. Polygonal regions of 

interest (ROIs) were manually drawn over the fractional pixels on a coronal slice of the 



 

 

 

cylindrical volume, as depicted in Figure 3-4, and the area of the pixel was calculated. 

Since each slice of the cylinder is 1 cm thick (except the top and bottom slices), the 

fractional area (cm2) calculated would correspond to the fractional volume (cm3) of the 

voxel, which is in turn equal to its mass (g). Since the cylinder is symmetric about the 

horizontal as well as vertical axes, the volumes of fractional voxels in only one quadrant 

were required to be calculated, and the rest could be mirrored from this singular 

measurement.  

Each quadrant of the cylinder contained 9 fractional pixels over which ROIs were 

manually drawn to calculate the area. To minimize manual error in drawing these ROIs, 

the process was repeated on five different coronal slices to obtain five area estimates for 

each fractional pixel in a quadrant. An average of these five measurements and the 

corresponding coordinates of the fractional voxel were recorded in an Excel file. In 

addition to the fractional voxels seen in the coronal slices, when looking at the volume in 

the sagittal plane, all the voxels in the top and bottom slices of the 11 x 11 x 11 grid are 

cut off by ~50% of their size, due to the 10 cm height of the cylinder. Therefore, the dose 

values recorded in each voxel of these slices were doubled and recorded in the Excel file 

along with their coordinates. The dose volumes obtained from equation 3-1 were re-read 

into MATLAB and the values at the fractional edge voxels were normalized by dividing 



 

 

 

them by the corresponding recorded area values, thus providing 3D dose distribution 

volumes with accurate values at edge voxels. 

 

Figure 3-4: (LEFT) Coronal slice through the target cylindrical volume depicting the 
fractional voxels near the edges and (RIGHT) MATLAB figure of the same coronal slice 
depicting the fractional voxels numbered from 1 through 9. Dotted arrows indicate the 
central axes of the slice that divide it into four symmetric and equal quadrants. 

More accurate methods can be employed to obtain an even closer approximate of 

the fractional voxel volumes like: (1) using a finer grid for voxelization, which would 

increase the simulation times, (2) using analytical methods to calculate fractional areas 

or (3) use sampling / area integration techniques in MATLAB. However, for the purpose 

of this study, a simple, close approximation was more than adequate. The study aims at 

characterizing differences in the dose distribution within a volume from two different 

acquisition orbits; since the amount of edge dose underestimation due to fractional 



 

 

 

voxels is consistent regardless of the orbit used, it would not affect the final dose 

distribution comparison. 

3.2.5. Comparison of Saddle vs. AZOR dose 

The average dose values obtained from the simulations compare well with other 

Monte Carlo studies[173, 180] and are reported in Table 3-1. Dose distribution volumes were 

calculated as described in section 3.2.4 and profiles were plotted near what would 

clinically be the chest, mid and nipple region of central sagittal slices (Figure 3-5). Due to 

the symmetrical nature of the cylinder as well as the acquisition orbits used, the chest 

and nipple profiles are identical. The profiles clearly illustrate that for the AZOR scan, 

since the x-ray cone beam is centered on the target volume, the mid region (medial 

volume) has the higher deposited dose, and that it tapers symmetrically towards the 

chest (top) and nipple (bottom) as the divergence of the x-rays increases (Figure 3-5). For 

the saddle scan, despite the tilted angle of the cone beam at certain projections, the dose 

distribution is very similar to the AZOR scan (Figure 3-5). Close to ~100% horizontal 

variation in dose values is observed between the edges and the center of the phantom, 

with respect to the center values. Variation here only refers to the pixel by pixel 

variation in dose values. Vertical profiles were also plotted to visualize the sagittal 

variation from the chest to nipple region of the target volume and show ~50% variation 



 

 

 

in dose values from chest to mid region, with the highest dose values centered on the 

mid region of the phantom. 

 Regardless of the filtration type (W or Ce), the overall dose distributions and 

profiles had similar patterns, and only differed in absolute values of the absorbed doses 

(the range of values within each simulated volume for each condition are included in 

Table 3-1). Profiles were also measured on the central coronal slice near the mid region 

and two offset locations equidistant from the middle profile (Figure 3-6). As expected, 

coronal profiles indicate similar dose distribution as in the sagittal profiles; the mid 

profile on the coronal slice is identical to the mid profile on the sagittal slice since they 

represent the same slice in two different orientations. 

The mean absorbed dose was measured on the central sagittal slice for all 

filtration conditions and trajectories. A weighted average of all voxels in the central slice, 

to account for the appropriate contribution of partial voxels near the edges, was 

calculated using the equation below and is reported in Table 3-1: 

풎 = ∑ 풑풊∗ 풗풊풏
풊 ퟎ
∑  풗풊풏
풊 ퟎ

            (3-2) 

Where m is the mean dose, p is the dose in an individual voxel, v is the volume 

contribution of the voxel – 1 cm3 for the complete voxels and fractional for the edge 



 

 

 

voxels (calculated from the Matlab algorithm), and n is the total number of voxels in the 

volume.  

Table 3-1: Average dose and overall range of dose values measured with different filters 
in only the central sagittal slice of the water cylinder for a full breast CT scan. 

Filter Orbit 

Mean 

Dose 

(mGy) 

Std Dev 

(+/-) 

Min 

(mGy) 

Max 

(mGy) 

Dose Difference 

(%) 

Ce 
AZOR 5.25 0.80 4.03 7.12 

0.96 
Saddle 5.20 0.87 3.45 7.13 

W 
AZOR 5.37 1.15 3.98 8.45 

0.75 
Saddle 5.33 1.19 3.41 8.45 

 

For the Ce as well as W filtered beams, the average dose deposited from an 

AZOR scan is <1% higher than the saddle scans (Table 3-1). Note the wider range of 

deposited dose values for the saddle scans. Overall the dose deposited in the W scans is 

~2% higher than that from the Ce scans, for the same number of simulated x-ray 

photons. 
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Figure 3-5: (TOP) Cumulative dose maps for the W filtered case - (LEFT to RIGHT) Sagittal slice through the center of the cylinder 
depicting the 2D dose map for AZOR orbit, Saddle orbit and sagittal slice through edge of the cylinder depicting 2D dose map near 
the edges for AZOR orbit and Saddle orbit. Arrows outside the AZOR image indicate location and direction of the profile plots. 
(BOTTOM) Plotted dose profiles (LEFT) near the chest and nipple region which are identical due to the symmetrical nature of the 
phantom, (MID) mid region along the central axis and (RIGHT) along the vertical axis of the central sagittal slice.
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Figure 3-6: (TOP) Cumulative dose maps for the W filtered case - (LEFT to RIGHT) Coronal slice through the center of the cylinder 
depicting the 2D dose map for AZOR orbit, Saddle orbit and sagittal slice through upper edge of the cylinder depicting 2D dose map 
near the edges for AZOR orbit and Saddle orbit. Arrows outside the AZOR image indicate location and direction of the profile plots. 
(BOTTOM) Plotted dose profiles (LEFT) offset from center in both directions which are identical due to the symmetrical nature of the 
phantom, (MID) mid region along the central axis and (RIGHT) along the vertical axis of the central sagittal slice.
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The average dose deposited throughout the entire volume was also measured by 

taking a weighted average of all voxels in the volume to account for the partial 

contribution from the fractional edge voxels, using equation 3-2. For the Ce filtered case, 

the average dose deposited was 4.60 mGy for both the saddle orbit as well as AZOR 

orbit; whereas for the W filtered case, the average dose throughout the volume was 4.66 

mGy for the saddle orbit and 4.71 mGy for AZOR (Table 3-2). The histograms of the 

volume dose values were also plotted and are depicted in Figure 3-7. Some gaps in the 

distribution of dose values can be observed and are likely due to the sparse number of 

samples (only 1000 total voxels) throughout the volume. 

Table 3-2: Average dose and overall range of dose values measured throughout the dose 
distribution volumes including the complete volume. 

Filter Orbit 

Mean 

Dose 

(mGy) 

Std Dev 

(+/-) 

Min 

(mGy) 

Max 

(mGy) 

Dose Difference 

(%) 

Ce 
AZOR 4.60 0.68 4.03 6.93 

0.00 
Saddle 4.60 0.75 3.45 6.96 

W 
AZOR 4.71 0.73 3.88 6.92 

1.07 
Saddle 4.66 0.81 3.31 6.90 
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Figure 3-7: Volume dose histograms comparing the dose distributions in the phantom 
volume for the AZOR and saddle orbits for the (TOP) Ce and (BOTTOM) W filtered 
beams.  
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Overall, similar to the central sagittal slices, hardly any difference was observed 

between volumetric dose delivered by the saddle scan and the AZOR counterpart; W 

scans delivered <2% more dose to the phantom volume than the identical Ce scans. Note 

that all the average values reported in Table 3-1 are consistently below the specified 

ACR limit of 6 mGy, regardless of beam filtration or acquisition orbit, about the 10 cm 

diameter phantom. Overall, these low dose values would not negatively affect imaging 

parameters like SNR, as was already shown previously by McKinley et al. [167] 

3.3. Radiochromic Film Studies 

The physical version of the dedicated breast CT system, described in section 

3.2.1, is capable of traversing 3D acquisition trajectories and was used for the physical 

dose measurements [117]. Various phantoms, filled with different density materials, were 

scanned on this system using two acquisition orbits and filter configurations, with the 

phantoms placed at the iso-center. Two individual external filters comprised of W and 

Ce, previously described in section 3.2.1, were used for these experiments. In order to 

characterize the dose from a full breast CT scan, self-developing radiochromic film 

(Gafchromic XRQA2 film, ISP, NJ) was placed as the central sagittal slice in phantom 

volumes and scanned to visualize the dose distribution in a target volume and 

investigate its dependence on the polar tilt of the acquisition orbit. 
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3.3.1. Radiochromic Film Calibration and Read-out 

The XRQA2 film is composed of three layers, a 50 µm active monomer layer 

sandwiched between 100 µm layers of polyester. The film undergoes solid state 

polymerization when exposed to direct or indirect radiation. The polymerization creates 

a darker colored dye-complex which changes the optical density (OD) of the film by a 

measurable amount. The amount of change in OD is dependent on the amount of 

ionizing exposure. The type of film used in this study, XRQA2 is sensitive only above an 

exposure level equivalent to 1 mGy. The polymerization in the film yields an absorption 

spectrum that is most sensitive to red light, therefore optical digitization is performed on 

a flatbed scanner and the red channel of the scanned image is extracted to obtain the 

optical density data. 

A previously validated method[104] and the standard operating protocol as 

defined by the Duke Radiation Safety Office[105] was used for calibrating the 

radiochromic film as well as obtaining the dose data throughout this study. The film was 

calibrated to known exposure values measured on the system with a 6 cm3 ionization 

chamber (Mammochamber, Model 10x5-6M-3, RadCal) establishing a relation between 

net OD values and exposure (mR). For calibration, 5 x 5 cm2 squares were cut from the 

original 20 x 25 cm2 sheet of film and were placed adjacent to the ionization chamber, 
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such that the sensitive surfaces were co-planar. Both the film and the chamber were 

taped at the center of the flat panel detector (Figure 3-8).  

Three different sets of calibrations were performed: 1) at clinical exposure levels 

using the W filter (220 – 650 mR), 2) at higher exposure level using the W filter (1300 – 

2150 mR) and 3) at exposure levels matching the W filter levels, using an ultra-thick 

Cerium filter (300 – 500 mR). A different set of films was used for each calibration 

condition and five calibration points were acquired at different exposures. For ease of 

translation to number of projection images acquired on the system, the exposure values 

were chosen corresponding to 100 – 1000 projections. The linearity of the system under 

all three conditions was calibrated by plotting the number of projections against the 

measured exposure (Figure 3-8). The plot shows excellent system linearity with a R2 

value of ~1.  

The film cut-outs were digitized (scanned) before and after exposure using 

reflection densitometry on a flatbed scanner (Expression 10000XL, Epson America, CA). 

After exposure, the film was allowed to stabilize for 24 hours before digitization. Each 

film was scanned three times in an area of high source light uniformity on the scanner 

using 48 bit color depth. The OD values were extracted from the image by using the red 

channel; an average of the 3 scanned images was used for measuring the change in OD. 
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The net OD (ODnet) was calculated as the difference in OD between the pre-exposed 

(ODpre) and post-exposed (ODpost) films (equation 3-3). 

 

Figure 3-8: (LEFT) Calibration film cut out placed on a foam block alongside the 
ionization chamber to calibrate the film to known exposure values. (RIGHT) Linearity 
plot showing number of projections (exposures) vs. measured exposure by ionization 
chamber for the low and high exposure levels with the W filtered beam as well as the 
matched exposures for the Ce filtered beam; all plot shows excellent linearity with R2 ~ 1. 

푶푫풏풆풕 =  푶푫풑풐풔풕 −  푶푫풑풓풆         
(3-3) 

The known exposure values in mR were converted to dose in mGy using the following 

relation: 

푫풐풔풆 (풎푮풚) =  푿(풎푹) ∗  푵풙  ∗  풇(풎푮풚
푹

)        (3-4) 

where, 푋 is the exposure measured by the ionization chamber in units of mR, 푁  is the 

ionization chamber correction factor provided by the University of Wisconsin 
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Accredited Dosimetry Calibration Laboratory and is 0.98,  and 푓 is the exposure-to-dose 

conversion factor calculated, from the energy dependent mass energy absorption values 

(detailed further in section 3.3.1.1). The calculated dose and net OD values were plotted 

against each other and fitted with an exponential function to obtain a direct relation 

between dose and net OD (R2 > 0.98, Figure 3-9). Individual fits were obtained for the W 

and Ce filter, as well as for the 100% water and 75:25% water: methanol mixture (Figure 

3-9). These fitted functions are used in subsequent experiments on the breast CT device 

to calculate the unknown dose values from measured change in OD.  

A MATLAB based graphical user interface (GUI) originally created by Dr. Sam 

Brady and currently used by the Duke Radiation Safety Office was used for calibration 

of the radiochromic film, to obtain a relation between net OD and dose, and to save the 

dose distribution maps as “raw” files. ImageJ software was used for further analysis of 

the dose maps. 
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Figure 3-9: Calibration curves for (TOP) Tungsten and (BOTTOM) Cerium filter 
calibration measurements, plotting Net OD vs. Dose (mGy), fitted with exponential 
functions. The fitted functions are later used to calculate dose in unknown exposure 
conditions. R2 > 0.98 in each case. 



 

169 

 

3.3.1.1. Calculation of f-factors for different materials 

The exposure to dose conversion (f) factors for the different materials at different 

energies were calculated according to the dosimetry guidelines set by the American 

Association of Physicists in Medicine (AAPM) in the AAPM-TG61 report[103]. The f factor 

can be calculated using the following equation: 

풇 = ퟎ.ퟖퟔퟗ 
( 풆풏
흆 )풎풂풕풆풓풊풂풍

( 풆풏
흆 )풂풊풓

                                  (3-5) 

where, 0.869 is the conversion factor for translation from mR to mGy units,  ( )  

is the mass energy absorption coefficient of the target material which depends on the 

elemental composition of the material, and ( )  is the mass energy absorption 

coefficient of air. Mass energy absorption coefficient values for all elements and some 

compounds at specific energies can be obtained from the National Institute of Science 

and Technology (NIST) provided photon cross section database[102]. However NIST does 

not provide values for glandular, adipose and skin tissues, which forms the foundation 

of this study. Compositional data for the different tissue types were obtained from 

Hammerstein et al[185] and the absorption coefficients were calculated based on their 

elemental composition using the following equation: 

( 풆풏

흆
)풎풂풕풆풓풊풂풍 =  ∑푷풊 ∗  ( 풆풏

흆
)풊             (3-6) 
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where, ( )  is the mass energy absorption coefficient of element 푖 and 푃  is the fraction 

by weight of that element in the composition of the material. 

 

Figure 3-10: Mass energy absorption coefficient curves for various materials used in the 
study. 

3.3.1.2. Effect of Fluid Immersion on Radiochromic Film Readout 

To test the effect of immersion in fluid on the net OD, five radiochromic film 

cutouts were immersed in 100% water and 100% methanol prior to the CT imaging 

study. Similar to the calibration process described in section 3.3.1, the film was digitally 

scanned prior to immersion to obtain the background OD values.  
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Table 3-3: Mass energy absorption coefficients calculated for 40 keV and 36 keV, sorted 
by density. 

Material 
Density 

(g/cm3) 

Mass Energy Absorption 

Coefficient (µen/ρ, cm2/g) 
f factor 

  36 keV 40 keV 36 keV 40 keV 

Air 0.00 0.094 0.068 0.869 0.869 

Methanol 0.79 0.073 0.041 0.675 0.522 

Adipose Tissue 0.92 0.061 0.040 0.564 0.509 

75:25% Water:Methanol 0.95 0.092 0.060 0.851 0.763 

50:50% Glandular:Adipose 0.98 0.077 0.051 0.712 0.649 

Water 1.00 0.099 0.069 0.915 0.878 

Fibroglandular Tissue 1.03 0.093 0.062 0.860 0.789 

Skin 1.09 0.097 0.069 0.897 0.878 

Acrylic 1.19 0.065 0.046 0.601 0.585 

Polyethylene Terephthalate 

(Mylar) 
1.38 0.067 0.047 0.619 0.598 

 

The 5 cutouts were immersed in fluid for 5 different time points ranging from 5 to 25 

minutes, in increments of 5 minutes. The film was removed from the fluid and allowed 

to stabilize for 24 hours before scanning again. The net OD was calculated as the 

difference between the “pre” and “post” digitization and the percentage difference 
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between the two was plotted against time to investigate change in OD due to physical / 

chemical effects of the fluid (Figure 3-11).  

 

Figure 3-11: Plot of time vs. % difference in net optical density after immersion in water 
and methanol 

The graph shows there is no significant change in OD due to immersion and the 

difference in OD is consistently < 1% for methanol and less than 0.2% for water. 

Methanol does have some effect with increasing immersion time and the maximum 

difference of ~1% in OD was observed after immersion for 25 minutes. However, this 

would not have an effect on our dose studies due the fact that the total time needed by 

the CT scans is ~1 minute, and the film is removed from the phantoms immediately after 
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completion of a scan. Additionally, the overall setup time for the experiment, which 

includes immersing the film in the phantom, suspending and centering the phantom in 

the CT FOV, and removing the film after the scan, was not greater than 3 – 4 minutes. 

Therefore, the film is immersed in the fluid for <5 minutes during the entire procedure, 

but the immersion does not seem to have any significant effect on the readout. 

3.3.2. Cylindrical Phantoms filled with 100% water 

Previous studies[72, 116, 173] have shown that the mean diameter of clinically 

encountered breasts, ranges from 10 – 14 cm depending on the orientation of the 

measurement[72]. Although the maximum diameter encountered clinically can be as high 

as 20 cm[116], selecting a range of phantom diameters that encompass the observed means 

was believed to be sufficient for the intended purpose of characterizing major 

differences in dose distribution between the two orbits. Therefore all the phantoms used 

in this study have diameters in the 10 – 15 cm range. 

Fillable cylindrical phantoms of different diameters (10, 12.5 and 15 cm) and 20 

cm height, made of acrylic (ρ = 1.19 g/cm3) and having a wall thickness of 1.5 mm were 

used for this study. The cylinders were first filled with 100% water, which serves as a 

surrogate for 100% fibroglandular tissue[151, 186] as shown in the previous chapter. The 

phantoms were suspended in the field of view and a total of 240 projections were 
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acquired over 360 degrees azimuthally. The phantoms were filled with an appropriate 

amount of fluid (750 mL – 2 L) to keep the height of the fluid level constant with respect 

to the bottom of the phantom (18 cm) in the system FOV (Figure 3-12).  

 

Figure 3-12: (LEFT) Photograph depicting a cut out of the radiochromic film placed as 
the “central slice” in the pendant cylinder; water level is at 18 cm cylinder height in this 
12.5 cm diameter cylinder. (RIGHT) projection image of the cylindrical phantom, 
acquired at ~3.5° polar tilt, with film placed as central slice. Note the radio-chromic film 
probing out above the water level in the cylindrical phantom. 

The digitized films were analyzed using ImageJ software. These scanned 

radiochromic film images represent the dose distribution in the sagittal central slice 

through the scanned volume. Three profiles were plotted (Figure 3-13, Figure 3-14 and 

Figure 3-15) – one ~1 cm below the fluid level which would clinically represent the 

“chest” boundary in a patient, one in the middle of the phantom, and one near the 

bottom edge (~1 cm) of the phantom which would clinically represent the “nipple” in a 
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patient. The midline was approximately aligned with the central ray of the x-ray cone 

beam for AZOR scans (Figure 3-1). For the Saddle scans, the tilting cone beam 

completely encompassed the cylinder for any view as the central ray oscillated through 

the volume. Histograms of the digitized film, below the water level, were plotted to 

compare the distribution from the two orbits (Figure 3-13, Figure 3-14 and Figure 3-15). 

The skewness of the distribution was calculated in Microsoft Excel to compare the 

distribution of dose values.  

Results indicate that the dose distribution across the different cylinders is very 

similar. Even though the individual average dose values are different, the overall trends 

remain consistent such that dose values at the beam entry point near the phantom edges 

are higher and reduce towards the center of the volume. The lateral change from center 

to edge (considering the center as the reference value) is 50-100% depending on the 

diameter of the phantom and location of the measured profile. The nipple profiles, as 

expected, are almost identical to the chest profiles due to the symmetrical nature of the 

phantom and set-up geometry.  
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Figure 3-13: (CLOCKWISE from TOP LEFT) 1. Digitized dose distribution images from the radiochromic film cutouts used 
for the 10 cm diameter cylindrical phantom. Dashed arrow indicates fluid level; solid arrows indicate locations of the profiles. 
2. Histogram of dose values measured below the water level. 3. Profiles from indicated locations in 1, depicting the dose 
distributions in the phantom. Dose is highest at the edges and reduces towards the center of the volume; dose in the mid 
region is higher than chest or nipple; and dose from the saddle scan is slightly lower than that from the AZOR.  
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Figure 3-14: (CLOCKWISE from TOP LEFT) 1. Digitized dose distribution images from the radiochromic film cutouts used 
for the 12.5 cm diameter cylindrical phantom. Dashed arrow indicates fluid level; solid arrows indicate locations of the 
profiles. 2. Histogram of dose values measured below the water level. 3. Profiles from indicated locations in 1, depicting the 
dose distributions in the phantom. Dose is highest at the edges and reduces towards the center of the volume; dose in the mid 
region is higher than chest or nipple; and dose from the saddle scan is slightly lower than that from the AZOR.  
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Figure 3-15: (CLOCKWISE from TOP LEFT) 1. Digitized dose distribution images from the radiochromic film cutouts used 
for the 15 cm diameter cylindrical phantom. Dashed arrow indicates fluid level; solid arrows indicate locations of the profiles. 
2. Histogram of dose values measured below the water level. 3. Profiles from indicated locations in 1, depicting the dose 
distributions in the phantom. Dose is highest at the edges and reduces towards the center of the volume; dose in the mid 
region is higher than chest or nipple; and dose from the saddle scan is slightly lower than that from the AZOR.   
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Vertical variation shows that dose values are highest near the mid region of the 

phantom volume where the central x-ray beam is approximately orthogonal to the 

pendant volume, and there is beam overlap whether exposed with AZOR or saddle 

scan. A change of ~30% from mid region to chest / nipple can be observed. Some 

asymmetry was observed in the dose deposited along the vertical direction such that the 

average dose near the chest was lower than that near the nipple region. This effect is 

likely due to: 1) the anode heel effect resulting from the orientation of the 

mammography specific x-ray tube, causing lower x-ray fluence near the chest wall; 2) 

minor asymmetry in the centering of the central x-ray beam on the phantom; and 3) the 

fluid-air interface near the chest region which results in lower scatter events just below 

the surface.  The fluid-air interface near the chest would have lower scatter due to the 

absence of a phantom wall as compared to the area near the nipple (Figure 3-16).  
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Figure 3-16: Schematic of a fluid filled cylindrical phantom illustrating the difference in 
interfaces near the chest and nipple area which would result in less decreased scatter 
near the nipple. 

Near the nipple, the presence of phantom material leads to the formation of two 

interfaces: air-phantom wall interface, followed by the phantom wall-fluid interface, 

creating a higher probability for scatter and therefore additional dose deposition. 

The cylinders were filled with fluid only up to a height of 18 cm to avoid spillage 

during transfer of film. This resulted in a 2 cm section of the 20 cm long film cutout to 

protrude out above the fluid – air interface, whilst still partly within the x-ray cone 

beam. This resulted in a higher exposure area above the fluid level due to the lack of 

attenuating material, which can be visualized in Figure 3-15. The dose at fluid air 

interface itself shows a difference due to the two different acquisition orbits. While the 
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AZOR orbit has a fixed divergence, it results in more scatter events leaving the fluid 

volume resulting in a blurred “halo” effect around the interface; whereas due to 

additional exposures from tilted views of the saddle orbit, this blurring is considerably 

reduced and we can see a sharper delineation of the interface on the film. Figure 3-17 

shows a zoomed version of the 15 cm cylinder phantom films where the differences at 

the fluid-air interface can be better appreciated. 

 

Figure 3-17: (LEFT) Zoomed digitized dose distribution image for the 15 cm cylinder 
illustrating the “halo” effect, described in the above section, seen at the fluid-air interface 
for the AZOR scans; (RIGHT) vertical profile measured through the images showing the 
differences in dose values at the fluid – air interface. The film is more exposed near and 
above the interface, with the saddle scan. 

Rectangular ROIs were measured on the radiochromic film images within the 

region submerged in the phantom to compare the mean dose delivered by the two orbits 
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(Table 3-4). Identical ROIs were used for the AZOR and saddle images to allow accurate 

comparison of average dose values. The average dose from saddle scans is consistently 

lower than AZOR in all cases and is 3.5, 1.6 and 3.0% lower, respectively, for the three 

cylinders. The histograms (Figure 3-13, Figure 3-14 and Figure 3-15) show that the 

AZOR dose values are distributed more towards the higher dose values than the saddle, 

which is also evident from the calculated skewness values (Table 3-4), resulting in a 

higher average dose value for the AZOR scanned phantoms.  

Table 3-4: Average dose, standard deviation within the film, range of dose values and 
the skewness measured on the central slice for the three cylindrical phantoms for both 

acquisition orbits. 

Diameter 

(cm) 
Orbit 

Mean 

Dose 

(mGy) 

Std Dev 

(+/-) 

Min 

(mGy) 

Max 

(mGy) 
Skewness 

Dose 

Difference 

(%) 

10 
AZOR 5.28 0.73 3.14 7.61 1.74 

3.49 
Saddle 5.09 0.69 3.38 7.02 1.67 

12.5 
AZOR 4.54 0.82 2.51 6.87 1.43 

1.65 
Saddle 4.46 0.81 2.57 7.01 1.57 

15 
AZOR 4.06 0.94 2.03 7.10 1.40 

3.02 
Saddle 3.93 0.94 2.05 7.12 1.14 

 

 Since the absorption coefficients of water (0.069 cm2/g) and fibroglandular tissue 

(0.062 cm2/g) at 40 keV beam energy are very close, the average dose values can be 
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accurately compared; in fact, since the absorption coefficient of water is ~3% higher than 

for glandular tissue, the dose values are slightly overestimated. These average dose 

values would clinically translate to mean glandular dose (MGD), which is the standard 

metric used to report dose delivered to breast tissue, since the composition of the entire 

volume is composed of a 100% glandular tissue surrogate. Note that MGD is referred to 

here, since it is believed that the main component of dose to glandular tissue is what 

would likely cause the most biological damage. 

The results of the radiochromic film measurements align well with the Monte 

Carlo simulation results from the previous sections. For the same technique factors 

during acquisition, results also indicate that the average dose values measured reduce 

with the increasing diameter of the phantoms, regardless of acquisition trajectory. This is 

consistent with the conical phantom (changing radius) dose values from previous 

studies performed by Crotty et al.[104]. The range of dose values also broadens with an 

increase in phantom diameter likely due to the longer path length of x-rays traversing 

within the volume. In all cases, the average dose delivered by the saddle orbit was 

marginally lower than AZOR. Given the substantial overlap in standard deviations, 

these marginal differences are not thought to be significant. While individual pixelated 

values from the radiochromic film may differ between multiple scan samples, the 

relatively low noise in any single full CT acquisition is an indication that multiple 



 

184 

 

experimental acquisitions are not necessary to replicate individual conditions in the 

study. Larger overall variations in the results could be due to x-ray tube output 

variations or major variations in the trajectories themselves. We did not note any such 

technique irregularities during the measurements.  

3.3.3. Cylindrical Phantom filled with 75:25% Water:Methanol 

The 12.5 cm cylinder was subsequently filled with a 75% water – 25% methanol 

mixture since the mixture more closely approximates the linear attenuation coefficient of 

50% glandular – 50% adipose breast tissue[186]. This setup was scanned again with a new 

sheet of film. Data were acquired in an identical fashion, as described in the previous 

section, using an external W filter and two different trajectories: AZOR and saddle. 

Results are similar to that of the 100% water filled cylinders, however it is expected that 

the average dose values would more closely approximate the level of dose delivered in a 

clinical scan of an average breast scanned on this system. Profiles were plotted at the 

chest, mid and nipple regions in addition to vertical profiles (Figure 3-13, Figure 

3-14Figure 3-15) and average dose was measured using an ROI below the fluid level 

(Table 3-5). Similar to earlier results, AZOR dose is ~1% higher than saddle dose. Due to 

the lower density of the mixture, the mean dose values are ~5% lower than the range 

seen with the same cylinder filled with 100% water. 
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Figure 3-18: (CLOCKWISE from TOP LEFT) 1. Digitized dose distribution images from the radiochromic film cutouts used for the 
12.5 cm diameter cylindrical phantom filled with 75:25% Water: Methanol mixture. Dashed arrow indicates fluid level; solid arrows 
indicate locations of the profiles. 2. Histogram of dose values measured below the water level. 3. Profiles from indicated locations in 
1, depicting the dose distributions in the phantom. Dose is highest at the edges and reduces towards the center of the volume; dose 
in the mid region is higher than chest or nipple; dose is overall ~5% lower than the 100% water case of the same cylinder.   
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Table 3-5: Average dose (mGy), standard deviation and range of dose values along with 
skewness measured on the central slice for the 12.5 cm cylinder filled with 75% water – 

25% methanol mixture 

Diameter 

(cm) 
Orbit 

Mean 

Dose 

(mGy) 

Std Dev 

(+/-) 

Min 

(mGy) 

Max 

(mGy) 
Skewness 

Dose 

Difference 

(%) 

12.5 
AZOR 3.87 0.66 2.48 5.41 1.75 

1.20 
Saddle 3.82 0.65 2.50 5.43 1.71 

 

3.3.4. Anthropomorphic Breast Phantom filled with 75:25% Water: 
Methanol 

A fillable anthropomorphic breast phantom (15 cm maximum diameter and 7 cm 

depth, 740 mL volume) composed of polyethylene terephthalate (ρ = 1.38 g/cm3) and 

having a wall thickness of 0.5 mm was also used for the study. The breast phantom, 

which closely approximates the shape of a clinically encountered human breast, was 

filled with the 75% water – 25% methanol mixture (700 mL) and scanned in a similar 

fashion. The central slice from a previous reconstruction of the breast phantom was 

printed to scale and used as the outline for making the radiochromic film cut-outs for 

the central slice. Markings on the phantom were used to ensure placement of the film in 

the same location every time and the film was secured to the inside surface of the 

phantom with adhesive tape (visible on Figure 3-19, Right). 
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Figure 3-19: (LEFT) The anthropomorphic breast phantom and the printed central slice 
template, (CENTER) the radiochromic film cutout for the central slice and (RIGHT) the 
phantom volume filled with 75:25% water: methanol, with the film placed at central slice 
location and suspended in the FOV. Image of the background, except the 30x30 detector, 
showing system details is intentionally blurred for copyright protection. 

Data were acquired in an identical manner as the previous sections, using a W 

filtered beam, and two different acquisition orbits. Three horizontal profiles and one 

vertical profile were plotted at the indicated locations (Figure 3-20) and since the length 

of the profiles decreases as the breast tapers from chest to nipple, the horizontal profiles 

are plotted on the same graph to visualize the dose variation with diameter. As 

expected, dose is highest at the edges and reduces towards the center of the volume; 

additionally dose deposited is higher near the nipple area compared to the chest region. 

Average dose deposited was measured below the fluid level and was 3.82 and 3.87 mGy 

respectively for AZOR and saddle orbits (Table 3-6).  
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Figure 3-20: (CLOCKWISE from TOP LEFT) 1. Digitized dose distribution images for the anthropomorphic breast phantom; arrows 
indicate locations of the three profiles at approximately 1, 3 and 6 cm below the water line. 2. Histogram depicting the distribution of 
dose values for the two orbits. 3. Profiles from indicated locations in 1, depicting the dose distributions in the phantom filled with 
75% water – 25% methanol mixture. Dashed lines and X-data points represent saddle dose at various locations, and solid lines 
represent AZOR dose. Dose deposited increases as we move from the chest to the nipple. 
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Table 3-6: Average dose (mGy), standard deviation and range of dose values along with 
skewness measured on the central slice for the anthropomorphic breast phantom filled 

with 75% water – 25% methanol mixture. 

Diameter 

(cm) 
Orbit 

Mean 

Dose 

(mGy) 

Std Dev 

(+/-) 

Min 

(mGy) 

Max 

(mGy) 
Skewness 

Dose 

Difference 

(%) 

15 
AZOR 3.82 0.66 2.38 5.44 1.03 

-1.20 
Saddle 3.87 0.46 2.96 5.35 1.36 

 

In this case, like previous results, the dose delivered by the AZOR orbit is 

marginally different from that by the saddle orbit. One caveat of the breast phantom 

scans was that due to the smaller size of the breast phantom, the pendant volume was 

lowered into the FOV and centered on the digital detector, to allow the traditional 

circular orbit with no tilt to irradiate the complete breast. In a clinical setting, this would 

not be the case; the breast would be pendant in the FOV through the opening in the 

patient bed and would be difficult to center with the central x-ray beam (depending on 

the size of the breast). Therefore using a circular orbit would result in missing a portion 

of breast volume close to the chest wall, or in some cases irradiate it but provide poor 

sampling. As reported in previous studies[89], using a tilted orbit allows us to remedy 

this shortcoming encountered by the circular orbits, and provides better sampling close 

to the chest wall. However, to characterize trajectory related differences, we wanted the 
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entire breast volume to be in the FOV and easily irradiated by the circular orbit. 

Therefore, the phantom was centered such that the fluid-air interface at the (posterior) 

chest wall region was irradiated by the central x-ray beam for all azimuthal angles 

regardless of tilt, unlike for the cylinder scans. Due to the height of the fluid in the 

cylinders, even at the extreme tilted angles where the x-ray cone beam intersected the 

fluid-air interface, the higher fluence at the central x-ray beam did not directly irradiate 

that posterior cylinder surface. Therefore the posterior interface of the breast phantom 

was irradiated to a much higher degree by the central ray in a single saddle scan, as 

compared to AZOR. This results in greater x-ray fluence near the fluid-air interface, and 

consequently higher dose near the “chest wall” region at the posterior breast.  

This is evident from the measured profiles where the “chest” profile shows 

considerably higher dose for the saddle scan than the circular orbit (Figure 3-20). 

Adding a “chest” absorptive and scatter medium behind the breast phantom may be 

expected to change the dose distribution results near the chest wall interface. We might 

expect both higher scatter off of the chest wall, but also a reduced dose due to the 

increased material behind the posterior breast phantom, which would absorb rays 

incident from the posterior region of the breast. Additionally, the film cutouts 

reasonably fit the curved edges of the breast phantom and served as the “central slice.” 

However, there were some discrepancies in the shapes of the two film cutouts used due 
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to imprecision in cutting the film to match a curved surface. These shape discrepancies 

used for the saddle and AZOR orbit scans subsequently resulted in a 2.5% difference in 

the number of pixels available for making the average measurement, namely 54,600 

pixels for the circular orbit film vs 53,200 for the saddle film, which may also contribute 

to the final measurement.  

3.3.5. Cylindrical Phantom scanned with Ce filtered Beam 

In order to validate the consistency of observed trends across different filter 

configurations, the 12.5 cm cylinder phantom filled with the 75% water- 25% methanol 

mixture was also scanned with the Ce filter detailed in Section 2-2, having the same 

thickness as the one used in Monte Carlo simulations (0.506 mm), The phantom was 

scanned with the two different trajectories, whilst ensuring the phantom was unmoved 

between the two scans, and only the radiochromic film was replaced using markings on 

the cylinder. 

Since the ultra-thick Ce filter substantially reduces the average x-ray fluence, 

additional projections are required to adequately expose the radiochromic film, which 

has a minimum sensitivity of 1 mGy. One way to increase the x-ray fluence to obtain 

adequate exposure would be by increasing the x-ray tube potential (kVp), however we 

were limited by the 49 kVp maximum achievable potential of the Rad 70B x-ray tube. 

Another way to increase the fluence would be by increasing the tube current; however, 
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in order to keep the technique factors consistent as the W scans, as well as to be 

consistent with the method used for Ce scans during previous studies in our lab[104], for 

the Ce filter configuration, the same technique factors were used as for the W scans, and 

the phantom was scanned three times (240 projections per scan) with each acquisition 

orbit in order to provide adequate exposure to the film. 

Despite the 3 scans (720 projections), the overall exposure was still lower than 

that used for the W scans. Therefore, for a more accurate comparison between the Ce 

and W scans, the exposure values were normalized using the linearity relation from 

section 3.3.1 before converting to dose.  

The linearity equation used for exposure normalization is reiterated here for the reader’s 

benefit: 

푬풙풑풐풔풖풓풆 = ퟎ.ퟒퟗퟖퟏ ∗ # 푷풓풐풋풆풄풕풊풐풏풔                (3-7) 

The total exposure for one 240 projection CT scan using the W scan was 650.88 mR, as 

calculated from the linearity relation for tungsten (Figure 3-9). Whereas, the exposure 

from 240 projections using the Ce filter was merely 116.42 mR. Using the above 

equation, 1306 projections using the Ce filter would be required to obtain equivalent 

exposure in order to match the W scans. Therefore all values obtained for the Ce scan 

were scaled up by an appropriate amount. Since the goal of this study was to determine 

the differences in dose distribution from the two orbits, the increased number of 
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projections would only affect the average dose values, and thereby the overall noise for 

the dose measurement, but still provide comparable distribution information. Profiles 

were plotted at similar locations as in the previous sections (Figure 3-20) and the results 

show similar dose distribution as for the cylinder cases described previously.  

Table 3-7: Average dose, standard deviation and range measured on the central slice for 
the 12.5 cm cylinder scanned with a Ce-filtered beam. Values are normalized to match W 

filtered beam exposure; W values from Table 3-5 are reported here for comparison. 

Filter 

 
Orbit 

Mean 

Dose 

(mGy) 

Std Dev 

(+/-) 

Min 

(mGy) 

Max 

(mGy) 
Skewness 

Dose 

Difference 

(%) 

W 
AZOR 3.87 0.66 2.48 5.44 1.03 

1.20 
Saddle 3.82 0.65 2.50 5.43 1.36 

Ce 
AZOR 3.84 0.91 1.78 6.40  1.09 

-0.25 
Saddle 3.85 0.97 1.91 6.58 1.29 

 

Average dose values measured on the central slice indicate that dose delivered 

by the saddle scan is marginally different from the dose delivered by the AZOR orbit 

(Table 3-7). The W dose values are also reported here for ease of comparison with the 

Ce. The average dose values between the two filters are also marginally different, as 

expected after linear exposure normalization. However, the range of dose values for the 

Ce filter is wider, and the standard deviation is higher as well, which is due to the linear 

scaling of the exposure values. 
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Figure 3-21: (CLOCKWISE from TOP LEFT) 1. Digitized dose distribution images of the 12.5 cm cylindrical phantom scanned with 
Ce filtration.  Arrows indicate locations of the three profiles at approximately 1, 3 and 6 cm below the water line. 2. Histogram 
depicting the distribution of dose values for the two orbits. 3. Chest, mid and nipple profiles measured at indicated locations, 
depicting the dose distributions in the phantom filled with 75% water – 25% methanol mixture. All values are exposure normalized 
for accurate comparison of a similar scan with W filtration. 
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3.3.6. Skin Dose 

A novel way to estimate skin dose was devised for this study using radiochromic 

film cut outs. The film was placed inside the phantom volume, along the periphery, such 

that the film would be exposed to x-rays entering the volume and attenuated only by the 

phantom material, which would represent patient “skin” in a clinical setting. The film 

would also record dose delivered by scatter arising inside the volume from multiple 

acquired views (Figure 3-22), similar to the patient skin during a clinical scan. Skin dose 

estimation was only done for the 12.5 cm cylinder phantom, filled with 75% water – 25% 

methanol mixture. The phantom was scanned with a W filtered beam using the two 

different orbits: saddle and AZOR.  Rectangular film cutouts that were 12.5 x 25 cm were 

used but were not long enough to cover the entire 39.25 cm periphery of the cylindrical 

phantom.  The arc length covered by the film was calculated and found to be ~230° (25 x 

360° / 29.35), out of the full 360° circumference of the phantom. Since only 240 azimuthal 

projection angles are acquired over the full 360 circumference, this ~230° arc length 

corresponds to ~154 projection angles out of the 240 (Figure 3-22).  

The cylinder had a depth of 18 cm after being filled with the fluid mixture and 

the films were placed approximately centered at a depth of 9 cm. Care was taken to 

place the film cutouts in approximately the same location for scans with both acquisition 
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orbits, in order to allow accurate inter-comparison. The 4 corners of the cutouts were 

adhered to the internal periphery of the phantom using tape; however the central 

portion which remained free from the phantom surface, showed some buoyancy due to 

lack of attachment to the surface. 

 

Figure 3-22: (LEFT) Photograph depicting placement of the radiochromic film inside the 
12.5 cm cylindrical phantom volume for skin dose approximation studies. Some specific 
details of the system have been blurred for copyright protection. (RIGHT) Illustration 
depicting the geometrical placement of the film, with respect to the 39.25 cm 
circumference of the phantom. The azimuthal projection angle (θ) and polar tilt angle 
(ɸ), at a few representative locations, are depicted as (θ, ɸ). 

After exposure, the cutouts were flattened out and scanned to obtain dose 

distribution images as described in previous sections. Three profiles were measured 

along the cutout near the top, mid and bottom regions of the horizontal film such that 

the mid profile would correspond with the central x-ray beam going azimuthally around 
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the phantom. For the saddle orbit, the length of this central x-ray beam for a fixed point 

on the phantom changes as a function of tilt angle as the source moves around the 

volume. Therefore, intuitively we would expect to see a sinusoidal variation in incident 

dose as the system traverses azimuthally around the phantom. This phenomenon is 

indeed visible for the saddle images (Fig 14) where the deposited dose follows a 

sinusoidal shape, corresponding to the polar tilt angle of the system. A minor sinusoidal 

variation in dose can also be seen from the AZOR scans; however, this variation is likely 

due to misalignment of the film, such as a possible angled placement of the film with 

respect to the central x-ay beam as it traverses around the circumference, which would 

cause a sinusoidal variation even for an AZOR orbit.  

Maximum dose is delivered at the point of incidence of the shortest path length 

x-ray, which is the central x-ray beam and corresponds to the “mid” profile. The “mid” 

profile through the saddle images shows the maximum sinusoidal variation with ~13% 

difference between the dose values measured at the maxima and minima points of the 

sinusoidal shape. Similar measurements for the AZOR scan revealed a difference of ~7%. 

Although some of the sinusoidal variation can be attributed to the misalignment of the 

film cut outs, the difference in the sinusoidal shape of the AZOR and saddle dose 

profiles, is clearly evident from Figure 3-23. 
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The average skin dose was measured across the entire film and is reported in 

Table 3-8. The differences in the average dose delivered are marginal; however the range 

of dose values for the saddle scan is considerably larger than its AZOR counterpart. This 

is expected, and validates the basis of a saddle scan where we expect a more uniform 

distribution of dose around the edges of the phantom. The film cutout used was only 

12.5 cm wide and therefore could not encompass the entire height of the phantom; 

therefore no noticeable difference can be seen between the top and bottom profiles as 

they would correspond to parts of the x-ray cone diverging from the central beam. The 

difference between the top or bottom profile vs the mid profile would be more apparent 

as we move farther away from the central x-ray beam.  
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Figure 3-23: (TOP) Digitized dose distribution images from the radiochromic film cutouts used for the skin dose measurement on the 
12.5 cm cylindrical phantom. Dotted arrows indicate locations of the three profiles. (BOTTOM) Measured profiles at the indicated 
locations. The sinusoidal variation in dose values for the saddle orbit is apparent as we move laterally along the film, which 
corresponds to the central x-ray beam moving azimuthally around the phantom. The location of the maximum and minimum polar 
tilt angles (±15°) of the system are depicted by dashed RED lines, at the corresponding location on the length of the film. 
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Figure 3-24: Histogram of the skin dose values measured for the two acquisition orbits. 
The range of dose values for the saddle orbit is greater than AZOR. 

Table 3-8: Average dose, standard deviation and range of dose values corresponding to 
skin dose  measured for the 12.5 cm cylinder filled with 75:25% water: methanol 

mixture. 

Orbit 

Mean 

Dose 

(mGy) 

Std Dev 

(+/-) 

Min 

(mGy) 

Max 

(mGy) 
Skewness 

Dose 

Difference 

(%) 

AZOR 5.17 0.13 4.66 5.78 1.03 
0.58 

Saddle 5.14 0.16 4.57 7.22 1.36 
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The results from the skin dose measurements are inconclusive due to the 

possible misalignment errors during the scan. More robust measurements are required 

to follow up on the initial findings, where a better way of securing the film in fluid filled 

phantoms needs to be incorporated to diminish misalignment of the films used for two 

different scans. Larger film cut outs, covering the entire circumference of the phantom, 

in addition to providing more coverage near the chest and nipple regions of the 

phantom, need to be incorporated in future studies, for more accurate measurements of 

skin dose values. 

3.4. Comparison of Monte Carlo and Physical Results  

Overall the experimental results align well with the Monte Carlo simulation 

results (cf. Figure 3-25). Although the central x-ray beam was centered on the target 

volume in each case, the heights of the two target volumes are considerably different: 10 

cm for the simulations vs 20 cm for the physical phantoms. In both cases, the angle of 

incidence of the cone beam at the profile locations would be different due to the 

different heights of the volumes, except at the center where the central x-ray beam is 

incident. Therefore, the raw dose values cannot be compared between Monte Carlo and 

measurement; however the comparison of trends is still valid due to the symmetrical set 

up geometry in all cases. Comparison is made possible by the fact that the 
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experimentally measured exposure at the iso-center of the physical system was used in 

the simulations, thereby providing dose estimates at the same exposure level as that 

used for the radiochromic film measurements. The trends are consistent with higher 

dose near the phantom edges that reduces towards the center of the volume. Also, the 

mid region has the highest dose values since the central x-ray beam is centered there 

through the volume, and the values taper off towards the chest and the nipple area. 

 

Figure 3-25: Overlaid Chest, Mid and Nipple profiles measured for a 10 cm diameter, 
water-filled cylinder from Monte Carlo simulations as well as the radiochromic film 
measurements. Individual profiles shown in Figure 3-5 andFigure 3-13 were used here 
for comparison.  

3.5. Conclusions 

The 3D dose distribution in a target volume was characterized for two different 

acquisition trajectories and two cone beam x-ray spectra for dedicated breast CT 

imaging using Monte Carlo simulations as well as with physical experiments using 
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embedded radiochromic film. For a fixed tilt trajectory (simple circular orbit), the 

distribution of x-rays from the 2-dimensionally divergent cone beam is identical for 

every view as the source moves around the object. However, for the sinusoidally variant 

trajectory (i.e. saddle), while the cone beam divergence is fixed, the distribution of x-rays 

changes with each azimuthal position viewing the object, and therefore the energy 

deposited is more uniformly distributed throughout the volume. In both cases, due to 

the symmetrical nature of the orbits about the COR and the cylindrical object shapes, the 

dose deposition in the volume is radially symmetric. This is easily seen in the coronal 

Monte Carlo results (Figure 3-4). Therefore, using the central sagittal slice to compare 

the dose distribution throughout the measured volumes would highlight any acquisition 

orbit related differences.  

Simulation results show that the mean dose absorbed from a saddle scan around 

a pendant breast is marginally different than a traditional circular acquisition. Moreover, 

the spread (standard deviation) is ~10% worse for the circular orbit than saddle 

throughout the entire volume (Table 3-1). The Monte Carlo simulations were only used 

as a guide to provide initial results of a simple set-up that could then be compared to 

experimental results. Additionally, the simulations took an enormous amount of time 

(up to 10 CPU-days per tomographic simulation on our most advanced computer) due 

to the large number of particle interactions in the 1 cc voxels. Therefore, we neither 
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pursued multiple simulations to further lower noise, nor did we decrease the voxel size 

to improve sampling, especially around the edges of the cylinder inscribed in the 

coarsely voxelized grid. Variance reduction techniques e.g. forced detection, could help 

in that regard, but the resulting data is consistent in the overall trends of the dose 

deposition throughout the volumes, and corroborates the measurements as well. 

Although water and methanol mixtures were chosen as surrogates for breast 

tissue due to their similarities in linear attenuation coefficients (Section 3.3), to compare 

deposited dose, it is important to obtain the ratios of mass energy absorption 

coefficients. The ratio of energy-absorption coefficients between 100% fibroglandular 

breast and water, and between 50-50 breast and 75-25 water-methanol mixture were 

calculated following the guidelines set by the AAPM[103] and found to be 0.90 and 0.85 

respectively for the utilized W spectrum. These ratios indicate that the measured 

absorbed dose values are slightly overestimated by the water and methanol mixtures as 

compared to human breast tissues. Additionally, skin (µ = 0.284 cm-1) plays an important 

role in overall dose deposited to the breast, both due to its absorption of photons, but 

also since it acts to further harden the beam. Studies have reported typical skin thickness 

measurements of ~1.5 mm[116, 187]. The cylindrical phantom walls were composed of 1.5 

mm of acrylic (µ = 0.279 cm-1) whereas the breast phantom walls were composed of 0.5 

mm of polyethylene terephthalate (µ = 0.317 cm-1). The overall attenuation caused by 
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acrylic is comparable to the attenuation caused by skin (<3%), however the attenuation 

by the polyethylene terephthalate is lower (~2.5%), thereby slightly overestimating dose 

values in the breast phantom. 

Self-developing radiochromic film was used to determine the measurable dose 

distribution in a multitude of phantom volumes and shapes, under different conditions. 

Results of the phantom scans show that the distribution within a phantom volume is 

similar in all cases: higher at the edges and reduced towards the center, with a 50-100% 

difference between the peak periphery dose and the center, depending on the diameter 

of the phantom. Vertical dose profiles demonstrate ~30% variability from the chest wall 

to the mid region of the phantom with the highest dose concentrated around the mid 

region. For the same technique factors during acquisition, results also indicate that the 

average dose values measured reduce with the increasing diameter of the phantoms, 

regardless of acquisition trajectory. This is consistent with the conical (changing radius) 

dose values from previous studies[104]. The range of dose values also broadens with an 

increase in phantom diameter likely due to the longer path length of x-rays traversing 

the volume. Dose values for the lower density water - methanol mixture used were 

lower than that for the higher density 100% water composition.  

All average dose values measured from complete CT scans using different 

trajectories, material compositions and filter configurations were lower than the ACR 
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recommended upper limit of 6 mGy. Based on these results of this chapter, we can 

conclusively state that the difference in dose deposited from the two acquisition orbits is 

minimal, thereby mitigating the concern for over exposure of a patient breast in future 

clinical studies. Finally, saddle acquisition orbits have previously shown to have a 

significant advantage in overcoming cone beam sampling artifacts [89] and also 

promoting routine chest wall imaging of the posterior breast[90]. This capability 

demonstrates the superior performance of non-traditional, spherically symmetric cone 

beam acquisition trajectories for breast CT, at dose levels comparable to traditional CT 

orbits, which could be extended to other potential cone beam applications.  
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4 Effect of Acquisition Orbits on Hounsfield Units 

4.1 Introduction 

Hounsfield Units (HU) or CT Numbers provide a standardized scale, across 

different CT imaging systems, corresponding to a physical radiodensity, i.e. 

radiographically different type of tissue[107, 188-190, 191, Hsieh, 2009 #202]. HU values are a linear 

transformation of attenuation coefficients with respect to water, which assists 

radiologists to identify and characterize differences between radiographically similar 

tissues[188]. For any reconstructed CT volume, the HU value at a voxel of interest can be 

calculated as follows: 

퐻푈 =  1000          (4-1) 

where, μ  is the effective linear attenuation coefficient of the voxel under 

consideration, μ  is the effective linear attenuation coefficient of water measured 

under the same imaging conditions. The HU for distilled water is defined as 0, and that 

for air is defined as -1000. 

HU values depend on a number of factors like x-ray beam energy, scattered 

radiation, beam hardening, and reconstructed image artifacts. Since x-ray beams used in 

CT are not monochromatic, the incident x-ray energy, and subsequent beam hardening 

inherently affect HU values. Simply put, objects of different size but otherwise identical 
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properties will yield images different average HU values; moreover, the gray level 

distribution (and contrast and noise) between those objects will be different. Scattered 

radiation, especially in cone beam imaging, and the accuracy of the scatter correction 

method employed would also affect HU values; these differences can be easily 

characterized. Previous work by Dr. Priti Madhav has investigated the accuracy of 

reconstructed linear attenuation coefficients of various breast tissue types imaged with 

cone beam CT, following BSA scatter correction[145]. Results showed that reconstructed 

attenuation coefficients were within 8% of standard NIST reported values, and for 

densities lower than water within 5% [93, 145]. The dependence of scatter corrected 

attenuation coefficients on object diameter has also been previously investigated by Dr. 

Steve Mann [159, 192]. The study reported a linear increase in attenuation coefficients with 

reduction in object diameter; the results also validated that reconstructed attenuation 

coefficients were within 5% and 10% of NIST values for the cylinder and cone phantoms 

respectively [192]. However, these studies did not take into consideration the effect of 

different acquisition orbits on linear attenuation coefficients. For tilted trajectories, as the 

polar tilt angle of the system changes, the angle of incidence of the x-ray beam changes, 

thereby changing the path length of the x-rays incident on the target volume. This 

results in differences in the scatter distribution[186], as seen in Chapter 2, which in turn 

would affect the HU values. 
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The quality of images and accuracy of HU values of different scanned targets are 

important metrics to determine the performance of any CT system. This chapter 

characterizes the differences in HU values between two different acquisition trajectories, 

in an effort to determine any differences of tilted trajectories over simple circular orbits. 

Additionally, characterizing HU values, instead of linear attenuation coefficients 

directly, allows comparison to other CBCT imaging systems, as well as helps establish 

the accuracy of our system compared to recommendations established by governing 

bodies like the American College of Radiology (ACR). The ACR has specific guidelines 

for accreditation of clinically used CT scanners[193, McCollough, 2004 #228]; however similar 

guidelines for CBCT systems are currently non-existent. The CT guidelines cannot be 

directly applied to CBCT systems due to a large difference in scatter radiation, which is 

much higher for wide cone angle x-ray beams; the reconstruction algorithms used for 

CBCT systems are also necessarily different, and substantially increase image noise [194, 

195]. Various manufacturers and other authors have experimentally determined some 

quality assurance (QA) guidelines and a range of image quality values that CBCT 

systems can comply with[196, 197, Yoo, 2006 #235]. 

4.2 ACR Accreditation Requirements 
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 Commercial CBCT systems developed by different manufacturers use system 

specific offset, gain, scatter, and artifact correction protocols, which are usually 

proprietary. In addition to different image correction and reconstruction methods, the 

quality of reconstructed images within each individual system also depends on a 

combination of system geometry and x-ray technique factors. These system specific 

differences alone result in a large variability in HU values, making it difficult to 

determine specific materials based on absolute HU values alone[198]. In order to 

standardize the image quality (including HU values) obtained across different systems, 

and to establish clinically acceptable limits for HU variation, the ACR has developed a 

CT accreditation program and associated guidelines for CT [193]. The guidelines 

recommend scanning the 20 cm diameter ACR CT accreditation phantom (Model 464, 

Gammex Inc, Middleton, WI) under different clinically used adult and pediatric 

acquisition protocols. The phantom is constructed of solid water and consists of 4 

modules designed to measure HU accuracy, low contrast resolution, uniformity and 

noise measurements. The uniformity module consists of only solid water equivalent 

material, and is used to measure the linear attenuation coefficient of water (μ ) 

which can later be used to convert the images to HU scale. The CT HU accuracy 

modules consists of 2 cm diameter inserts made of water, acrylic, bone and air. The ACR 

guidelines state that, regardless of acquisition protocols, average water HU values 
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measured with the ROI on the solid water insert should be within ±7 HU. Additionally, 

the center to edge uniformity in a coronal slice measured on the uniformity module, 

should be within ±5 HU of the mean measured in the center. 

Despite the immense research efforts in CBCT, there is currently no ACR 

accreditation program or guideline(s) in place for cone beam systems, and therefore we 

try to conform to the general CT guidelines wherever possible. Hobson et al.[197], recently 

published a study using the ACR CT accreditation phantom on CBCT systems, and 

proposed image quality recommendations for CBCT, after comparing 4 different 

radiation therapy CBCT devices. The Hobson report states that due to the high 

variability introduced by x-ray cone beams, the ±7 HU limit for water is unrealistic, and 

therefore based on experimental measurements, suggest a range of ±16 HU for water in 

a reconstructed volume, and ±22 HU variation from center to edge in a coronal slice. 

Other vendors and authors recommend a more generous HU tolerance range of ±40 [196, 

199], likely due to the difficulty in achieving tighter tolerances with broad beam x-ray 

spectra, even after the various corrections they employ. In general, it makes sense to try 

to achieve the smallest variability possible in a given CBCT system. 
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4.3 Cylindrical Phantom Measurements 

In order to make a robust measurement of HU uniformity, three uniform 

cylinders of different diameters (15, 12.5 and 10 cm) filled with three different water-

methanol mixtures (100% water, 75%:25% water:methanol, and 50%:50% 

water:methanol (Table 2-2) filled to 14-18 cm height in the cylinders), were scanned 

using the dedicated breast CT system (System 3) described in the previous chapters. The 

cylinders were placed at the center of the rotational axis with the fluid level above the 

top of the x-ray cone beam (cf. Figure 2-32), and 240 total projections were acquired over 

360 azimuthal angles. CT scans were performed with two different acquisition orbits 

(±15° saddle and AZOR, cf. Figure 2-34) for all phantom diameter and density 

conditions. The AZOR orbit used for this study had a 6.5 degree fixed tilt, similar to 

what was described in Chapter 2 (Section 2.5.1). The x-ray technique factors used were 

similar to studies reported in the previous chapters, and were set to 49 kVp, 1.25 mAs, 

with 0.005 cm W filtration. The projection images were scatter corrected using the 

protocol specified in Section 2.2 of Chapter 2, and reconstructed using the OSC 

algorithm to a 768 x 768 x 768 image volume of linear attenuation coefficients, having 

0.388 mm voxels. Sagittal slices of the reconstructed volumes for different diameter and 

density conditions for the two different orbits are illustrated in Figure 4-1 and Figure 

4-2. 
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Due to the unavailability of the ACR accreditation phantom, the average linear 

attenuation coefficient of water (μ ) was measured on the cylindrical phantoms 

itself, to establish the HU scale. Since the amount of scatter, and consequently 

uniformity of attenuation coefficients is dependent on the size of the phantom, a 

separate measurement was made for each of the three different diameter cylinder 

reconstructions for two different acquisition orbits. A few (25) artifact free slices, near 

the 3D center of the phantom, near the level of the central x-ray beam, were used to 

avoid any cone beam artifacts introduced by the diverging beam when 

measuring μ . A circular ROI, having an area of ~400 mm2 (ACR recommended), 

was used to measure the average μ  (Figure 4-3), and results are reported in Table 

4-1. Histograms of these measured ROIs were also plotted and are illustrated in Figure 

4-4. The histograms are depicted as scatter plots, to better delineate trajectory related 

differences in attenuation coefficients. These μ  values were used to convert the 

attenuation coefficients of individual reconstructed volumes to HU. 
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Figure 4-1: Image grid illustrating central sagittal slices of the reconstructed cylinder 
phantoms of different diameters, under different density conditions simulated using 
water:methanol mixtures. Reconstructed images are of cylinders acquired using the 
AZOR orbit, and have visibly worse sampling and uniformity near the top and bottom 
regions corresponding to the “chest” and “nipple” regions, respectively, in a clinically 
encountered pendant breast volume. Shading artifacts due to the sharp edges of the 
cylinder and incomplete sampling there are also evident. 
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Figure 4-2: Image grid illustrating central sagittal slices of the reconstructed cylinder 
phantoms of different diameters, under different density conditions simulated using 
water:methanol mixtures. Reconstructed images are of cylinders acquired using the 
saddle orbit, and have visibly better sampling and uniformity near the top and bottom 
regions corresponding to the “chest” and “nipple” regions, respectively, in a clinically 
encountered pendant breast volume. 
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Figure 4-3: Reconstructed (LEFT) Coronal and (RIGHT) Sagittal slices of an example 
cylindrical reconstruction, depicting the ROIs used to measure the average attenuation 
coefficient of water in the central, artifact-free region of the volume. 

Table 4-1: Measured average attenuation coefficients of different fluid densities, on the 
central artifact-free slices of the reconstructed volumes, for the three different diameter 

cylinder phantoms acquired with different trajectories. Corresponding NIST values at 40 
keV are also reported for comparison. 

Diameter 
(cm) 

Atten Coeff (cm-1) 

100% Water 75% Water 50% Water 

AZOR Saddle AZOR Saddle AZOR Saddle 
15 0.0255 0.0258 0.0249 0.0248 0.0235 0.0230 

12.5 0.0259 0.0260 0.0251 0.0253 0.0239 0.0241 

10 0.0267 0.0267 0.0258 0.0258 0.0243 0.0244 

NIST 0.0268 0.0249 0.0230 
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Figure 4-4: Histograms of the ROIs measured in Figure 4-3 illustrating the distribution of attenuation coefficients within the 
volume for (LEFT) 15 cm, (MIDDLE) 12.5 cm and (RIGHT) 10 cm cylinders filled with 100% water. Measured values for 
AZOR and Saddle are overlaid for comparison.  The overall spread of the attenuation values decreases, and the mean value 
increases, for the smaller diameter cylinders. 
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Figure 4-5: Plot of average attenuation coefficients against density, for the three different cylinders filled with three different 
water-methanol mixtures, and scanned with two different orbits. The AZOR and saddle reconstructed attenuation 
coefficients are similar. Linear functions were used to fit the data points, however due to insufficient data points, confidence 
in the linear model is uncertain. 
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The attenuation coefficient values of the 75:25% and 50:50% water:methanol 

mixtures were also measured in a similar fashion and are also reported in Table 4-1. As 

expected, attenuation coefficients decrease with decreasing density. For the same 

density material, measured attenuation coefficients increase with decreasing diameter 

(Figure 4-5), likely due to lower scatter in smaller phantom volumes resulting in more 

accurate attenuation measurements. This is also evident from the histograms which 

show a tighter distribution of attenuation values for the smallest cylinder (Figure 4-4). 

Overall, the AZOR and saddle reconstructed attenuation coefficients are within 8% of 

NIST values, except the 15 cm cylinder filled with water and scanned with the AZOR 

orbit which shows values within 10%. The attenuation coefficients are very similar in all 

cases and suggest that acquisition orbit does not affect the central region of the phantom, 

which is directly incident by the central x-ray beam.  

4.4 HU Variability & Accuracy - Entire Volume 

The HU variability throughout the entire volume was determined by measuring the 

average HU in every slice. A MATLAB based algorithm was developed to measure 

circular ROIs encompassing about 70% of the coronal slice (not explicitly shown here) 

and measuring the average HU, slice by slice, throughout the entire volume. The ACR 

does not specify any guidelines for slice by slice HU variability measurements in a 
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reconstructed volume. However, since we used uniform cylindrical phantoms filled 

with water, we performed slice by slice measurements in order to investigate location 

and trajectory related differences throughout the entire volume. The measurements were 

repeated for all water filled phantoms of different diameters. HU variability throughout 

the volume was determined as the range of average HU values recorded across all slices. 

The average HU measured at each slice was plotted for the saddle and AZOR 

reconstructed volumes to visualize the differences in uniformity from the “chest” to the 

“nipple” region (Figure 4-6, Figure 4-8 and Figure 4-10). Note that the 12.5 cm cylinder 

was positioned lower than the other phantoms in the FOV; this was unintentional from 

the setup point of view, however it only results in the 12.5 cm slice by slice HU plot 

having a wider abscissa than the other two phantoms (Figure 4-8). Histograms were 

measured at three coronal slices across the volume: top (slice 150), mid (slice 350) and 

bottom (slice 500) (Figure 4-7, Figure 4-9 and Figure 4-11). Locations of the slices were 

selected to include the cone beam artifacts near the top and the bottom, thereby allowing 

comparison between HU distributions for AZOR and saddle orbits. Therefore, for the 

12.5 cm phantom which was positioned lower, the bottom measurements were made on 

slice 530. 
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Figure 4-6: (Top) Central Sagittal slices of the reconstructed 15 cm diameter cylinder, 
filled with 100% water, acquired with the AZOR and saddle orbits. (BOTTOM) Plot of 
average HU measured in each slice, from the top to the bottom region of the cylinder. 
Images are rotated 90 degrees for better correspondence with the plot of HU values. 
Dashed black arrows on the plot and white arrows on the slices indicate location of the 
histogrammed slices 150, 350 and 500 (Figure 4-7). The HU accuracy was measured from 
slice 150 to 500. 
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Figure 4-7: Histograms measured on coronal slices of the reconstructed 15 cm cylinder volumes at three different locations: (LEFT) 
top -slice 150, (MIDDLE) mid – slice 350 and (RIGHT) bottom – slice 500. The HU value distribution within the slice is more uniform 
for the saddle case than the AZOR. Slice 500 measures the area affected by the shading artifact and clearly highlights the better 
performance of the saddle orbit, with tightly bound HU values, as compared to the AZOR. Note that the abscissa is wider (-500 - 500 
HU) for the bottom slice to accommodate the large variation in AZOR reconstructed values. 
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Figure 4-8: (Top) Central Sagittal slices of the reconstructed 12.5 cm diameter cylinder, 
filled with 100% water, acquired with the AZOR and saddle orbits. (BOTTOM) Plot of 
average HU measured in each slice, from the top to the bottom region of the cylinder. 
Images are rotated 90 degrees for better correspondence with the plot of HU values. 
Dashed black arrows on the plot and white arrows on the slices indicate location of the 
histogrammed slices 150, 350 and 530 (Figure 4-9). The HU accuracy was measured from 
slice 150 to 530. 
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Figure 4-9: Histograms measured on coronal slices of the reconstructed 12.5 cm cylinder volumes at three different locations: (LEFT) 
top -slice 150, (MIDDLE) mid – slice 350 and (RIGHT) bottom – slice 530. The HU value distribution within the slice is more uniform 
for the saddle case than the AZOR. Slice 530 measures the area affected by the shading artifact and clearly highlights the better 
performance of the saddle orbit, with tightly bound HU values, as compared to the AZOR. Note that the abscissa is wider (-500 - 500 
HU) for the bottom slice to accommodate the large variation in AZOR reconstructed values. 
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Figure 4-10: (Top) Central Sagittal slices of the reconstructed 10 cm diameter cylinder, 
filled with 100% water, acquired with the AZOR and saddle orbits. (BOTTOM) Plot of 
average HU measured in each slice, from the top to the bottom region of the cylinder. 
Images are rotated 90 degrees for better correspondence with the plot of HU values. 
Dashed black arrows on the plot and white arrows on the slices indicate location of the 
histogrammed slices 150, 350 and 500 (Figure 4-11). The HU accuracy was measured 
from slice 150 to 500. 
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Figure 4-11: Histograms measured on coronal slices of the reconstructed 10 cm cylinder volumes at three different locations: (LEFT) 
top -slice 150, (MIDDLE) mid – slice 350 and (RIGHT) bottom – slice 500. The HU value distribution within the slice is more uniform 
for the saddle case than the AZOR. Slice 500 measures the area affected by the shading artifact and clearly highlights the better 
performance of the saddle orbit, with tightly bound HU values, as compared to the AZOR. Note that the abscissa is wider (-500 - 500 
HU) for the bottom slice to accommodate the large variation in AZOR reconstructed values. 
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The fixed tilt 6.5° AZOR orbit results in insufficient sampling close to the chest 

wall and nipple and introduces visible cone beam sampling artifacts (Figure 4-6); as a 

result, the HU values close to these regions are highly variable. Near the nipple region, 

insufficient sampling coupled with the higher density PMMA phantom wall (3 mm) 

results in amplification of the large HU variation. The higher HU values near the bottom 

edge are also evident in the saddle acquired volumes, where we see a peak towards the 

bottom few slices, followed by a sharp drop which corresponds to the transition from 

phantom to the air outside (HU = -1000). HU variability was measured between the top 

and bottom slices, clearly demarcated in the plots illustrated above.  

Another metric evaluated was the HU accuracy, in order to compare our results 

with ACR recommended values. For HU accuracy measurements, the ACR recommends 

measuring a 200 mm2 ROI on the reconstructed water insert of the HU accuracy module. 

These measurements are generally made on data acquired with the Gammex phantom 

centered in the CT FOV, after applying all system corrections, in order to obtain an 

artifact free coronal slice. Since we used uniform water filled-cylinders, HU accuracy 

measurements were made using a 200 mm2 ROI, on an artifact free coronal slice in the 

center of the volume – slice 350 (marked in the plots above).  

Results indicate that HU variation in all cylinders scanned with the AZOR orbit 

ranges up to ±150 HU. Comparatively, the saddle orbit samples the volume more 
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completely and therefore has more uniform HU values near the corresponding chest and 

nipple regions. The maximum HU variability measured for the saddle orbit was ±30 HU, 

for the 15 cm diameter cylinder. It is evident from Figure 4-6, Figure 4-8Figure 4-10, that 

the HU variability depends more on the geometry of the object, and possibly the 

accuracy of scatter correction method employed, than the diameter. HU accuracy 

however, likely depends on diameter since the smallest diameter cylinder provided 

closest to 0 HU values for water, regardless of orbit. Detailed results are provided in 

Table 4-2 below. Additionally, the HU accuracy values align well with the ACR 

recommended ±7 HU and Hobson recommended ±16 HU limits. 

Table 4-2: HU variability and accuracy measurements, for different diameter cylinders, 
measured at different slices. 

Metric Measured Slices 
Phantom 
Diameter 

(cm) 
AZOR Saddle 

HU Variability 
(Volume) 

150 - 500 15 

12.5 

10 

± 150 HU 

± 143 HU 

± 140 HU 

± 30 HU 

± 20 HU 

± 32 HU 

150 - 530 

150 - 500 

HU Accuracy 
(Slice) 

350 

15 

12.5 

10 

9 HU 

2 HU 

1 HU 

-4 HU 

-1 HU 

0 HU 
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Minor edge artifacts and interpolation errors due to the scatter correction 

process, similar to the errors described in Chapter 2, are also visible. These artifacts 

likely amplify the HU variability in the volume, for both saddle as well as AZOR orbits. 

The shading artifact[107, 119] visible close to the nipple region is a consequence of the sharp 

edges and flat bottom of the cylindrical phantom that are insufficiently sampled by the 

simple circular orbit, and completely disappears for the saddle scans. The intensity of 

the shading artifact does not depend on the diameter of the cylinder, which is evident 

form the 10 cm cylinder having a shading artifact very similar to the 15 cm cylinder. 

Although this artifact is unlikely for smoothly curved breast shaped objects, it is 

important to note that that region is insufficiently sampled. In other words, just because 

a different geometric object (or one that has different frequency components [89]) might 

qualitatively “look better” in that same nipple region, it is nevertheless insufficiently 

sampled there, leading to undependable results. For larger, more cylindrical shaped 

breasts which occupy the complete CT FOV, similar shading artifacts can be expected 

when using AZOR orbits.  

Lastly, it is significant to note that every single BCT device currently developed 

[200] suffers from an additionally exaggerated nipple region artifact, since those devices 

all rely on a half cone beam geometry, where the chest-wall portion of the cone beam is 
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the central plane (of a virtual, complete cone beam), hence the nipple region has an even 

wider beam divergence than simulated by these no-tilt scans. 

4.5 HU Uniformity - Center to Edge 

In addition to characterizing the HU variability and accuracy, the uniformity of 

HU values within a coronal slice also needs to be investigated. The ACR guidelines for 

(non-cone beam) CT recommend using circular ROIs ~400 mm2 in area, on a 10 mm thick 

coronal slice of the volume, at one center position and 4 edge positions (Figure 4-12). The 

centers of the edge ROIs were manually placed approximately one ROI diameter away 

from the phantom edge.  The mean HU for all 5 ROIs was recorded. The guidelines for 

CT recommend that HU values for all 5 ROIs must be within ±5 HU of the center ROI 

mean value. Similar to their recommendations for the volume, Hobson et al.[197] reported 

comparative recommendations for CBCT, and state that due to the higher fraction of 

scatter encountered in cone beam imaging, the center to edge HU variation in 

reconstructed image slices should be more generous, namely within ±22 HU. The 

measurement was repeated at 5 different coronal slice locations between slice numbers 

200-400, to obtain more robust, artifact free average values in the sagittal plane (Figure 

4-12). At each indicated location, an average of 25 subsequent slices was obtained to 

create a 10 mm thick slice for measurements. 
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Figure 4-12: Reconstructed (LEFT) Coronal and (RIGHT) Sagittal slices of an example 
cylindrical reconstruction, depicting the ROIs used to measure the average center to 
edge variation in HU values at 5 different locations in the cylinder (indicated by the slice 
numbers). 

Minimal variation in HU values is observed between the center and edge of the 

phantoms, indicating successful removal of cupping artifacts by the scatter correction 

process (Table 4-3). The variation in HU values is similar for the AZOR and saddle 

reconstructed volumes, and is <±27 HU in all cases, which is very close to the Hobson 

recommendation. Optimization of the scatter correction process, and removal of the 

interpolation artifacts still seen in the images, will further minimize this variation in the 

future. A summary of all measured HU values in the volume, and their comparison to 

the recommended values is provided in Table 4-3 below. 
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Table 4-3: Summary of water HU accuracy and uniformity, for different diameter 
cylinders, compared to ACR[193] and Hobson[197] recommendations. 

Metric 
ACR (CT) 

Recommendations 

Hobson et al. 
(CBCT) 

Recommendations 

Phantom 
Diameter 

(cm) 

AZOR 
(HU) 

Saddle 
(HU) 

HU Accuracy ± 7 HU ± 16 HU 
15 

12.5 
10 

9  
2  
1 

-4  
-1  
0  

HU 
Uniformity  

± 5 HU ± 22 HU 
15 

12.5 
10 

± 26  
± 19  
± 13  

± 27  
± 16  
± 13  

 

4.6 HU Accuracy of Water: Methanol Mixtures 

Similar to the sections above, the HU variability in the reconstructed volume was 

also measured for the cylinders filled with the water:methanol mixtures. Since methanol 

is not a commonly used substance in CT, there are no guidelines or recommendations 

for methanol HU values. As in earlier Chapters, we use the 75:25% and 50:50% water: 

methanol mixtures to simulate 50:50% glandular:adipose and 100% adipose tissue 

compositions, respectively, given the spectrum of our x-ray source having a mean of 40 

keV. Yang et al.[201] have recently reported a study characterizing the performance of a 

new scatter correction method for BCT, wherein they also investigate HU accuracy for 

different breast tissue compositions. Although those HU values are specific to their BCT 
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system, the individual HU values can be used for comparison with the water: methanol 

HU values measured on our system. Yang et al.[201] reported that the measured HU 

values of 100% glandular, 50:50 glandular: adipose and 100% adipose tissue were 

approximately 47, −35 HU, and −94 HU, respectively; note that the variability of their 

system was not reported. 

The HU variability measured slice by slice for the various cylinders and densities 

are illustrated in Figure 4-13. As expected, since the density of these fluid mixtures is 

lower than that for water (cf. Table 2-2), the HU values measured are negative. The 

insufficient sampling artifacts are visible on the AZOR volumes (Figure 4-13) and result 

in HU variation of as high as ±200 near the nipple region. Due to the more complete 

sampling of the saddle orbit, this artifact is removed.  HU variability up to ±30 can still 

be seen near the nipple region with the saddle scans. Representative histograms were 

measured on the 15 cm cylinder, across three different slices, as detailed in section 4.4, to 

visualize the distribution of HU values. As in the 100% water case, the distribution of 

saddle HU values is tighter for the water methanol mixtures also; the extremely 

unreliable AZOR values near the nipple region are evident where saddle images   yield 

more correct HU values (Figure 4-14). To evaluate effect of diameter, representative 

histograms were also measured on the middle slice (350) of the 125 and 10 cm phantoms 

(Figure 4-15). 
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Figure 4-13: Plots of average HU measured in each slice and plotted against slice number, from the top to the bottom region of the 
(TOP) 15 cm, (MIDDLE) 12.5 cm and (BOTTOM) 10 cm diameter cylinder. The (LEFT) 75:25% water: methanol mixture and (RIGHT) 
50:50% water: methanol mixture are illustrated alongside each other for the same diameter phantom, for easier comparison. The HU 
variability was measured from slice 150 to 510; however HU accuracy was measured only between slices 200 and 400 for comparison 
with published HU values. 
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Figure 4-14: Histograms measured on coronal slices of the reconstructed 15 cm 
cylinder filled with (LEFT) 75% water and (RIGHT) 50% water. Measurements were 
made at three different locations: (TOP) top -slice 150, (MIDDLE) mid – slice 350 and 
(BOTTOM) bottom – slice 500. The HU value distribution within the slice is more 
uniform for the saddle case than the AZOR. Slice 500 measures the area affected by the 
shading artifact. 
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Figure 4-15: Histograms measured on slice 350 of the reconstructed 15 cm cylinder filled 
with (LEFT) 75% water and (RIGHT) 50% water. Measurements were made two cylinder 
diameters (TOP12.5 cm and (BOTTOM) 10 cm. The distribution of HU values gets 
tighter with decreasing diameter. 

For HU accuracy investigation, the mean HU was measured in the artifact free 

central region between at slice 350 (Figure 4-12), for accurate comparison with the Yang 

reported values. These mean HU values are reported in Table 4-4. Overall, the average 

measured HU for the 75:25% water:methanol mixture is -35 ±4 for AZOR and-34 ±5 for 
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the saddle orbit. The average measured HU for the 50:50% water:methanol mixture is 91 

±7 and 88 ±6 for AZOR and saddle respectively. These values align extremely well with 

the Yang reported values and thereby confirm (again, but by a different means) that 

water and methanol mixtures can be used as realistic surrogates for breast tissue 

composition (Chapter 2, Section 2.3.1). 

Table 4-4: Average measured HU for water:methanol (W:M) mixtures, at different 
diameters and acquisition orbits. Average measured HU for glandular:adipose (G:A) 

breast tissue compositions, measured by Yang et al[201]. are also reported here for 
comparison. 

Composition 
Phantom Diameter 

(cm) 
AZOR  
(HU) 

Saddle 
(HU) 

100:0 (W:M) 
15 9  

2  
1 

-4  
-1  
0  

12.5 
10 

75:25 (W:M) 
15 -39 

-32 
-35 

-38 
-29 
-35 

12.5 
10 

50:50 (W:M) 
15 -98 

-85 
-90 

-91 
-82 
-91 

12.5 
10 

100:0 (G:A) 10-18 47 - 

50:50 (G:A) 10-18 -35 - 

0:100 (G:A) 10-18 -94 - 
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To further characterize the distribution of HU values, the mean HU from 

respective histograms was calculated; measurements were performed across all sizes 

and densities and are reported in Table 4-5. The spread of the distribution, about the 

mean value was also measured and the (± HU) bounds are reported with the average 

values. The “mid” mean values are similar to the values reported in the table above, as 

expected. The bottom values for AZOR show the high variability due to the shading 

artifact, rendering them useless. Overall, these values highlight the better performance 

of saddle orbit compared to simple circular AZOR. 

4.7 Conclusions  

The HU accuracy and variability was investigated for reconstructed volumes 

obtained using two different acquisition orbits, using a cone beam BCT system. Different 

diameter cylinders, filled with water:methanol mixtures simulating breast density, were 

used for this study. Due to lack of any standard figure of merit for image QA in CBCT 

systems, we rely on standard ACR guidelines[193] and other authors’ 

recommendations[196, 197, 199]. The results quantitatively indicate reasonable compliance of 

the BCT system with the above mentioned guidelines, as well as establish the benefits of 

using a saddle acquisition orbit over traditional circular orbits.  
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Table 4-5: Mean and spread (±) of the HU values, calculated from measured histograms for the three different diameter 
cylinders, filled with three water:methanol (W:M) mixtures. Top, Mid and Bottom correspond to slices 150, 350 and 500 

respectively, used to measure histograms. Bottom slice values for AZOR show the highest HU spread due to the shading 
artifact. Saddle values overall show tighter distribution and better accuracy. 

  AZOR Saddle 

Composition 
Diameter 

(cm) 
Top Mid Bottom Top Mid Bottom 

  
Mean Spread Mean Spread Mean Spread Mean Spread Mean Spread Mean Spread 

100:0 (W:M) 15 7.03 150.00 5.42 110.00 -28.94 500.00 -18.68 92.00 -10.05 80.00 16.69 90.00 

 
12.5 -23.59 100.00 2.66 75.00 -45.64 350.00 -9.31 75.00 -0.33 75.00 -9.28 62.00 

 
10 8.49 80.00 7.14 65.00 -62.32 175.00 10.91 70.00 4.24 60.00 -11.00 62.50 

75:25 (W:M) 15 -51.23 100.00 -39.69 85.00 27.67 400.00 -58.51 90.00 -41.82 70.00 2.40 85.00 

 
12.5 -37.99 110.00 -32.26 65.00 37.72 350.00 -39.17 90.00 -38.96 65.00 -8.61 70.00 

 
10 -42.04 60.00 -35.76 60.00 27.35 230.00 -32.79 50.00 -38.46 55.00 -40.48 65.00 

50:50 (W:M) 15 -76.33 140.00 -99.14 60.00 -42.74 500.00 -105.83 75.00 -110.22 60.00 -79.87 75.00 

 
12.5 -89.07 110.00 -92.39 60.00 -66.78 500.00 -94.60 70.00 -99.45 55.00 -81.49 75.00 

 
10 -106.24 65.00 -93.58 95.00 -74.30 380.00 -93.43 60.00 -90.42 82.00 -83.46 65.00 
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The uniformity of CBCT HU values is largely dependent on the size of the target 

scanned, beam quality and subsequent beam hardening, digital projection images 

corrections, the reconstruction algorithm, the scatter correction technique used, etc. 

Results in section 4.4, specifically Table 4-3, show that the HU values observed across 

different diameter cylinders are not consistent; similar to the effect of phantom diameter 

on SPR (cf. Chapter 2), the HU values are also dependent on the size of the object. 

However, the intensity of the shading artifacts near the nipple region is independent of 

object diameter and therefore results in similar HU variability across different phantoms 

and densities. ACR guidelines for clinical CT recommend that water HUs should be 

between ±7 HU throughout the entire reconstructed volume, and ±5 HU as we move 

from the center to the edge of the phantoms. Hobson et al. recommend that for CBCT 

systems, water HUs should maximally be ±16 in the volume, and ±22 as we move from 

the center to the edge of a coronal slice. All other authors and manufacturers 

recommend a more generous tolerance of ±40 HU. Of course, it makes sense to 

practicably have as tight a tolerance as possible. 

For the three water-filled cylinders, slice by slice investigation of HU values was 

performed; the HU values are less variable for the saddle acquisitions. The AZOR orbit 

results in insufficient sampling near the top and bottom of the cylinder, and causes 

shading artifacts that amplify HU variability in these volumes to as high as ±150. The 
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maximum variability seen in HU values with the saddle orbit was ±32. The center to 

edge difference for all cylinders, regardless of acquisition orbit, is less than ±27. The HU 

accuracy was also investigated and for the 100% water case, all measured HU values in 

the center of the volume, are within the recommended ACR and Hobson limits. The 

water: methanol mixtures were also investigated, and compared the Yang et al. reported 

values for breast compositions. Results show, in a different means than as in Chapter 2, 

that water: methanol HU values are extremely similar to real breast tissue composition, 

and therefore can be used as surrogates in the lab. Overall, these results clearly 

demonstrate the superiority of saddle orbits in terms of both better sampling and 

qualitative imaging, and better HU accuracy for CBCT applications. 
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5 Evaluation of a Custom, High Resolution, 4030 Flat 
Panel Detector 

5.1 Introduction 

The performance of any integrated imaging device is dependent on the limits of 

each individual component. For cone beam BCT, the image quality and spatial 

resolution of the system are inherently limited by the capabilities of the FPD employed. 

Therefore evaluating detector performance and the subsequent system performance 

after integration of the detector is of utmost importance. The first generation SPECT-CT 

system developed in our lab[90, 93, 96, 97, 181], described in Section 1.4 as System 1, was 

originally developed with a 25 x 20 cm2 FPD (PAXSCAN 2520, Varian Medical Systems, 

Mountain View, CA). At the 60 cm SID, with a 14 degree anode angle x-ray source and 

1.57 magnification of the system, the central ray of this detector-source configuration 

was offset by 5 cm, providing a larger sampled and reconstructed FOV than with a 

source-detector centered on the axis of rotation[202]. Due to some centralized circular 

artifacts arising from the overlapped, conjugate acquisition that we could not entirely 

remove, the 2520 FPD was re-centered on the system axis prior to clinical patient 

scanning. This centered system provided a FOV that was ~15.4 cm about the isocenter of 

the system (Figure 5-1). Various investigations of clinically encountered breast sizes 

have since revealed that breast diameters range from 8 – 21 cm with the mean diameter 
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around ~13 cm[72, 116, 203]. Therefore, having a system where the FOV at the isocenter is 15.4 

cm is less than optimal, as evidenced by the clinical studies reported in Section 2.4, 

where some patient scans suffer from truncation due to the small detector FOV.  

Two ways to address the truncation problem include the mentioned offset 

source-detector configuration, and employing a larger FOV detector. While the former is 

the less expensive alternative and has been previously investigated, here we worked 

with Varian Medical Systems to upgrade existing detector hardware, and also custom 

design a large area (40 x 30 cm2), high resolution detector (PAXSCAN 4030E) for specific 

BCT applications, for inclusion in our hybrid imaging system[204]. For integration with 

the SPECT-CT system, having the same magnification and necessarily increased SID of 

80 cm, the new FPD would provide a FOV of ~24 cm at isocenter (Figure 5-1). This 

arrangement would be sufficient for the largest reported clinically encountered breast 

diameters. Additionally, the new 4030E detector has very narrow 8 mm bezel edges on 

two orthogonal sides, rendering it well suited for pendant breast imaging by allowing 

the FPD closer to the chest wall.  

A metric routinely used to evaluate a system’s spatial response is the modulation 

transfer function (MTF) (described in Section 1.3.5)[101, 205-213]. The MTF of a system 

quantifies the transfer characteristics of a system for an input signal to an output signal 

across all frequencies. An ideal MTF, consisting of a uniform response for all spatial 
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frequencies, illustrates that all input components are faithfully represented in the output 

image from the system. However, no system is ideal and various system parameters can 

have an effect on the overall MTF.  

 

Figure 5-1: Illustration depicting the system geometries, and the increase in FOV at the 
isocenter from 15.4 cm for the 2520, to 24 cm for the 4030 FPD. 

Therefore, a detailed understanding of the response of any imaging system is 

important to understand the reliability of the images obtained from it. Various methods 

for measuring the MTF of an x-ray imaging system have been previously reported 

utilizing edge [205, 207, 208, 213],wire [209], or slit[212, 214] techniques. These are planar methods 

that measure the response of a detector from projection images, but do not directly 

translate to tomographic systems which produce image volumes and additionally 
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incorporate reconstruction algorithms. Thus, it is useful to measure the 3D MTF of 

systems, since such measurements would include effects of scattered radiation, photon 

attenuation, acquisition procedure, system motion, detector response, as well as the 

reconstruction algorithm used[206]. 

Therefore, for the new 4030E detector, the 2D and 3D MTFs were evaluated. This 

chapter focuses on the integration of the 4030 detector into the existing SPECT-CT 

system, and subsequent characterization of the FPD by the evaluation of various image 

quality metrics, using the MTF, Catphan© [215] and resolution rod phantoms. Other, well-

known metrics such as the Noise Power Spectrum (NPS) and Detective Quantum 

Efficiency (DQE) were also characterized on 2D projection images in order to determine 

the intrinsic performance of this newly developed detector. Finally, the NPS was further 

evaluated at different diameters of a 3D reconstructed (non-scatter corrected) uniform 

conical phantom dataset.  

5.2 Technical Specifications of the 4030 FPD 

The 4030E FPD developed by Varian Medical Systems (Mountian View, CA) is 

based on the architecture of other similar panels (4030CB), which have reasonably fast 

frame rates (upto 30 fps), but lower resolution (194 µm pixels)[216]. The custom made FPD 

has superior resolution, with 127 µm pixel size (identical in pixel size to the PAXSCAN 
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2520) for an active ~40 x 30cm2 area with 3200 x 2304 total pixels. The readout and driver 

Application Specific Integrated Circuit (ASIC) Tape-Automated Bonding (TAB) pads 

were arranged only on two edges of the imager plate, to facilitate the minimal space 

requirements of having two narrow edges (the contra-lateral side with wider edge is 

now more densely packed with electronics). A special housing was necessarily 

developed to accommodate this imaging plate, providing very narrow 8 mm edges 

(bezels) on two orthogonal sides (Figure 5-2), where there are no TAB bonding pads. The 

TFT array imager was coated with 600 µm thick micro-columnar CsI layer, which 

provides >90% absorption in our breast CT x-ray energy range (60 kVp and 36 keV 

mean, quasi-monochromatic). In general, the CsI layer provides >70% absorption for 

RQA5 compliant (70 kVp, 21 mm Al filter) x-ray beams[204].  

 

Figure 5-2: Photographs of the (LEFT) front and (RIGHT) back view of the 4030E FPD. 
White arrows indicate the 8 mm bezel edges. 
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The readout ASICs are connected to 14 bit A/D converters; special Varian readout 

ASICs with dynamic gain switching capability provide an additional 4 bit virtual (2-3 

effective) bits of resolution (see ahead to Figure 5-19)[217]. The data are transmitted via a 

Gigabit Ethernet interface at a maximum rate of 7 frames per second (fps) in 2 x 2 pixel 

binned mode, and 3 fps in full resolution mode. The FPD has a simple high voltage (HV) 

supply line for power. The back panel includes LED indicators for detector status, frame 

rate and the Ethernet connector (Figure 5-3), where solid or blinking LEDs indicate 

whether the detector is functioning in the correct configuration or is an error state. These 

error states and configurations are detailed in the documentation provided with the 

detector. The back panel also includes an outlet for the detector timing synchronization 

(“SYNC” signal), with the x-ray generator. 

 

Figure 5-3: Photograph of the back panel of the detector showing the (Left cable) HV 
power supply, (Center cable) Ethernet connection, LED indicators, and the SYNC outlet 
for extracting the detector timing signal used for synchronization with the x-ray 
generator. 
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Table 5-1:Comparison of technical specifications of the Varian 4030 and 2520 FPDs. 

Varian Flat Panel Detector Comparison 

Model 4030E (Custom) 2520 

Scintillator Material CSI – TFT CSI - TFT 

Scintillator Crystal Size 600 µm 600 µm 

Detector Type Indirect Indirect 

Active Area 40.64 x 29.26 cm2 24.38 x 19.51 cm2 

Total Pixels 3200 x 2304 1536 x 1920 

Pixel Size 127 µm 127 µm 

FOV (Isocenter) 24 cm 15.4 cm 

Data Transfer Method Gigabit Ethernet Fiber Optic 

Acquisition Speed 

(frames / second) 

3 fps - 1x1 binning  

7 fps -2x2 binning 

10 fps - 1x1 binning  

30 fps – 2x2 binning 

 

As mentioned earlier, the larger active area of the 4030 detector provides an 

increase of ~55 % in reconstructed FOV at the isocenter of the configured CT system. 

Additionally, the 8 mm bezel edges allow closer to chest wall imaging compared to the 

15 – 20 mm edges on standard FPDs, making this new detector ideally suited for 
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pendant breast imaging. The custom FPD is therefore a significant upgrade over the 

2520 FPD used on the earlier SPECT-CT system. A comparison of detector specifications 

of the two FPDs is provided in Table 5-1. 

5.3 Integration of the 4030 with SPECT-CT System 

The first step towards integrating the new detector on to the existing SPECT-CT system 

was to design and develop a new detector holder. The detector included 4 mounting 

holes / contact points on the back panel (Figure 5-4, right). However, due to the difficult 

re-design and placement of internal circuitry for allowance of the 8 mm bezel edges, the 

location of these holes was somewhat arbitrary. Each mounting hole was located, such 

that the distance of each hole from another, as well as from the edges of the detector, 

was disproportionate (Figure 5-4). As a consequence, designing a detector holder was 

more complicated than expected.  

The holder was designed using Solidworks software and consisted of three 

separate parts: an aluminum contact plate attached to the 4 mounting holes, an 

intermediate plate to connect the contact plate to other parts, and finally 80-20 bars to 

mount the complete assembly to the system (Figure 5-5). The intermediate aluminum 

plate was designed such that it included flexibility to move the 80-20 bars laterally as 

well as vertically. This allowed minor adjustments for centering the detector with the x-
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ray source, once mounted on to the gantry (Figure 5-5, right). However, this flexibility 

also introduces additional degrees of freedom, in terms of detector tilt, rotation, and 

pitch (as illustrated in Chapter 1, Fig Figure 1-8), making accurate alignment in all 

directions rather cumbersome.  
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Figure 5-4: Technical drawings generated using Solidworks of the 4030 detector (LEFT) front and (RIGHT) back panels, provided to 
us by Varian Medical Systems. All dimensions are provided in [millimeters] and inches. The red dotted circles highlight the four 
attachment points on the back panel of the detector, provided for mounting the FPD. Note that each mounting hole is somewhat 
arbitrarily placed, and does not align with any of the other holes in the X or Y directions. 
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Figure 5-5: (LEFT) Solidworks design of the detector holder and 3 mounting components; wide orange arrows indicate the lateral and 
vertical flexibility for adjusting detector position (aka degrees of freedom of positioning error). (RIGHT) Photograph of the final 
completed detector holder with the 4030 FPD attached to the system; the x-ray source can be seen in the background. Red indicator 
arrows show the three different parts in the detector holder assembly. 
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Figure 5-6: Photograph of the assembled SPECT-CT system with the 4030 detector attached with the custom detector holder. Various 
system components are labeled. As described in the section above, the detector mount is externally attached to the rotation stage, and 
not mounted on the C-arm. 
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To maintain the 1.57X magnification of the system, and also achieve full field 

illumination of the 4030E detector using the Varian RAD-94 source, the SID of the system 

had to be enlarged to 80 cm (from 60 cm).  As a result, the detector could not be 

mounted to the existing C-arm (gantry), and had to be externally attached to the 

azimuthal rotation stage at the fixed SID (Figure 5-6).  

The hardware integration of the detector with the system was followed by 

installation of the detector software, and initiating detector communication with the 

acquisition computer. Software installation instructions were provided by Dr. Michelle 

Richmond at Varian Medical Systems and the final documentation has been provided to 

the MMIL for future reference. A key upgrade necessary for installation of the detector 

was the acquisition computer; to this effect, a new desktop computer with custom 

specifications was assembled and purchased from CyberPower Inc (Los Angeles, CA). 

The high performance computer (named “Mbaba”, after the African goddess of beer) 

consists of Intel’s 2nd generation i7 extreme processor (3.47 GHz), 24 GB RAM, Intel Pro 

1000 Gigabit Ethernet card and a 2 GB NVIDIA GeForce GTX 560 graphics processor 

essential for optimal performance of the detector. The computer runs on a 64 bit 

Microsoft Windows 7 operating system. The detector and its accompanying software: 

Varian Image Visualization and Acquisition (VIVA), version L07B25 were installed on the 

upgraded computer.  



 

256 

 

The last step of the process was synchronizing the detector with the x-ray 

generator (CPX160, Electromed Inc., Motreal, PQ) and the acquisition computer in order 

to initiate CT acquisitions. CPX160 generator used to operate the x-ray tube requires a 

series of three states to be initialized in sequence for operation: PREP, RAD, and 

EXPOSE. Each state is controlled by its own wire lead from the generator which, when 

grounded, initialized the given state. A USB controlled solid state relay box (Model USB-

IDIO-16L, Acces IO Products Inc, San Diego, CA) serves as the interface between the x-ray 

generator and the FPD. The box provides 16 isolated digital input ports as well 16 relay 

actuators for generator control. The PREP, RAD and TRIGGER ports within the x-ray 

generator are wired to relays 1, 2 and 4 respectively. For x-ray exposure, relay 1 is closed 

to initiate PREP and start the x-ray tube rotor; relay 2 is closed to provide a RAD signal 

to the generator; and finally, when the system is ready for exposure, relay 4 is closed to 

send the TRIGGER signal to the generator for one x-ray exposure. 

In order to ensure that x-ray exposures occur when the detector is idle, as 

opposed to when it is reading out pixels, the timing of the exposure requires 

synchronization with the timing of the detector. To slave the generator to the receptor 

timing, the “Expose_OK” signal from the detector is used to drive the generator. These 

signals are extracted from the SYNC port using a DB-9 cable. The pinouts of each of the 

9 detector outputs are provided in Varian’s instruction manual. Pins 5, 6 and 7 
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correspond to Ground, Expose_OK and constant 5V signal respectively. The detector 

Ground is connected to the generator Ground; the Expose_OK and 5V signals are 

coupled and connected to input port 1; and the Expose_OK signal is also connected to 

the TRIGGER signal at relay 4. The Expose_OK signal is monitored by a C++ acquisition 

software, via the input port, to determine when an exposure can be initiated. During a 

CT acquisition using this C++ software, at each projection angle, relays 1 and 2 are closed 

to ready the generator, when the Expose_OK is received, relay 4 is closed to TRIGGER 

the generator and expose the detector. The entire communication between the relay 

board and the acquisition computer is controlled via USB. 

The circuit connections and synchronization process was done under the 

guidance and expertise of Dr. Randolph McKinley, since he established the 

synchronization technique on the first generation system, as part of his dissertation 

work [218]. The C++ acquisition software was also initially developed by Dr. Mckinley for 

the first generation system (System 1), and was later modified by Dr. Steve Mann to 

incorporate the new USB controlled relay box and Ethernet communication with the 

4030 detector (System 2). Following detector installation and integration, initial 

calibrations were performed to correct offset and gain anomalies, and a new defective 

pixel map was generated (see Section 1.3.3 for details). A few test and calibration CT 
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scans were performed to ensure seamless performance of the detector, generator and CT 

acquisition code, before initiating more quantitative measurements. 

 

 

Figure 5-7: Schematic of the general hardware setup for the CT sub-system. Each piece 
of hardware is marked with the function and interface method. All components are 
linked and coordinated to allow for the systematic timing of x-ray production, detection, 
and gantry motion for performing a CT acquisition. Schematic courtesy of Dr. Steve 
Mann. 
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5.4 MTF measurements 

The overall MTF calculation in 2D as well as 3D was performed using an existing 

MATLAB algorithm previously developed in our lab[206]. A flow chart of this algorithm 

and a few representative images are illustrated in Figure 5-8. The 2D wire / edge 

projection image, or the 3D reconstructed wire image, placed at a slight angle compared 

to the vertical was used as the initial input. Using a slightly angled line source allows 

data to be sampled at intervals smaller than the size of the detector pixels / reconstructed 

voxels and avoid aliasing with the Cartesian oriented detector pixels. A Sobel edge 

detection function was used in MATLAB to detect the line and generate a binary outline 

of the line source. The angle and position of the wire were determined by applying the 

Radon transform to this image. The detected line was then re-projected and resampled 

into sub-pixel bins to measure the line spread function (LSF). For the edge phantom, the 

derivative of the detected edge was taken to obtain the LSF which was then sub-pixel 

binned. The LSF was smoothed using a three pixel moving average window, to reduce 

measurement noise. Finally, the MTF was obtained by taking the one dimensional 

discrete Fourier Transform of the LSF, and normalizing the zero frequency of the 

obtained values. 

To evaluate the measured MTF and allow comparison of MTF curves obtained under 

different conditions, the MTF at the Nyquist cut-off frequency was measured. As is 
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standard practice, the number of line pairs that could be discerned (spatial resolution) at 

10% MTF (MTF10) and 50% MTF (MTF50), were also recorded. 

 

Figure 5-8: Flowchart of the algorithm used to calculate the MTF of the system, from 2D 
projections or 3D volumes. Note that for the edge phantom, the derivative of the edge is 
used to obtain the LSF. 
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5.4.1 2D MTF 

The 2D MTF of the 4030 detector was measured on the SPECT-CT system 

(System 2) at the MMIL, using a 50.8 µm tungsten wire as well as a 5 mm thick lead 

edge. Both, the wire and the edge, were aligned at ~4° angle with respect to the detector 

panel (Figure 5-9). The x-ray technique factors used for the measurements were 60 kVp, 

1.25 mAs with 0.506 mm Ce filtration, which is the setting used for clinical studies on 

this system. One hundred projection images were acquired with 1 x 1 (127 µm pixel size) 

and 2 x 2 (254 µm pixel size) binning, with the detector acquiring at 1 fps. An average of 

the 100 projection images was used to measure the 2D MTF.  The MTF was characterized 

using the algorithm described above. All measurements were made on ~2 cm section of 

the wire and edge, in the center of the FOV, after completion of offset, gain and defective 

pixel corrections. The resolution measurements at MTF10 and MTF50 measurements were 

used to compare the wire and edge techniques.  

The 2D MTF of the system was also measured by the Varian R&D team using 

RQA5 [219] x-ray beam guidelines: 70kVp beam from a tungsten (W) anode with 21 mm 

aluminum (Al) filtration. A standard edge device was placed flat on the detector at a 2-

3° angle relative to the detector panel (Figure 5-9). The detector was configured to 

acquire images in 1 x 1 binning mode and at 2 fps. Measurements were performed with 

a G-1092 x-ray tube (Varian Medical Systems) at an SID of 117 cm. To evaluate the 
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uniformity of the MTF along different directions, the 2D MTF was measured vertically 

and horizontally using an average of 32 projection images [204, 217]. The measured 2D MTF 

curves for the edge and wire under different detector pixel binning are illustrated in 

Figure 5-10.  

 

 

Figure 5-9: (LEFT) Projection images of the 50.8 µm tungsten wire and (CENTER) and 5 
mm thick lead edge, used for MTF measurements. (RIGHT) Photograph of the MTF 
measurement setup with a standard edge device at Varian Medical Systems. 
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Figure 5-10: MMIL measured 2D MTF curves for using the (LEFT) edge and (RIGHT) wire technique, under different detector pixel 
binning conditions. Dashed gray lines indicate representative locations of the MTF50 and MTF10 resolution measurements. The MTF 
curves illustrate the excellent spatial resolution capabilities of the 4030 detector, even at higher frequencies.
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Figure 5-11: (LEFT) Comparison of the measured 2D MTF curves obtained using the edge and wire techniques at the MMIL. The 
curves show minimal differences between the two techniques, with both measurements indicating excellent spatial resolution at 
higher frequencies. (RIGHT) Varian measured 2D MTF curves in the horizontal and vertical directions, using a standard edge device. 
The curves show no difference between the two directional MTFs. All curves illustrated here were measured at 1x1 detector pixel 
binning. 
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Results show that for the MTF measured at the MMIL, the wire and edge 

techniques show comparable results. For the 127 µm and 254 µm pixel sizes, the Nyquist 

cut-off frequencies are 3.94 lp/mm (1 / 2* 127 µm) and 1.96 lp/mm (1 / 2* 254 µm), 

respectively. Comparison between the 1 x 1 measured MTF for edge and wire 

techniques, as well as the Varian measured MTF curves are shown in Figure 5-11. The 

MTFNyquist and resolution measured at MTF10 and MTF50, for all MTF curves, are reported 

in Table 5-2. These metrics were also re-measured on the previously reported MTF 

curves for the 2520 FPD, and are reported here for comparison. 

Table 5-2: Measured 2D MTF values for the 4030E using the wire and edge technique, 
under different detector binning conditions. 

Technique Binning 
MTF50  

(lp/mm) 

MTF10  

(lp/mm) 

MTF  

(% @ Nyquist) 

Edge 
1x1 1.17 2.82 0.90 

2x2 0.99 2.00 8.77 

Wire 
1x1 1.17 3.08 4.00 

2x2 1.05 2.17 12.00 

Edge - Varian 1x1 1.00 3.42 6.67 

Edge - 25 x20 2x2 0.84 1.90 10.45 

Wire - 25 x 20 2x2 0.83 1.72 8.90 
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Results indicate that at higher frequencies and low input modulation (10%), the 

wire performs slightly better than the edge technique, regardless of detector binning. 

This is likely due to the higher scatter and attenuation associated with a lead edge, 

coupled with better penetration of x-rays obtained with the wire. Slight differences are 

observed between the MMIL and Varian measured 2D MTF values at the cut-off 

frequency: 4% vs. 7%. This effect is most likely due to the difference in acquisition 

techniques, since both sets of data were acquired with different filtration, at different 

mean x-ray beam energies, and different SIDs. The type of edge device used in both 

cases could also be a contributing factor. The primary goal of this measurement was to 

determine if there were any major differences between the edge and wire techniques, as 

well as between MMIL and Varian measured MTFs. These differences are considered 

marginal. Overall, these MTF values show the excellent spatial resolution capabilities of 

the 4030E detector, even at higher frequencies. The 2 x 2 results align well with past MTF 

studies on the 2520 detector[206], which reported 2D MTF values of 8-10% at the 1.94 

lp/mm cut-off frequency. 

5.4.2 3D MTF 

Once the 2D MTF was determined using planar methods, the 3D MTF of the 

tomographic system was measured, which includes the a compendium of all other 
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effects like x-ray scatter, beam hardening, reconstruction code and geometrical 

alignment of the system. Various methods have previously been proposed to measure 

the 3D MTF of a system, using spheres [220], blocks [210] or repeated measurements of a 

metal wire in different orientations [211]. Using a sphere limits measurements to only 

around the sphere’s surface rather than throughout the image volume; additionally, the 

density of the sphere may introduce artifacts (e.g. beam hardening and edge scatter 

streaking) in the reconstructed images. Blocks and wires require repeated scanning to 

assess the resolution in different spatial directions. To overcome these limitations, a 

simple 3D MTF phantom was previously designed in our lab Madhav, 2006 #247] (Figure 5-12), 

consisting of three nearly orthogonal tungsten wires suspended in an acrylic framed 

cube. The acrylic cube provides a sturdy frame, with minimal scatter and attenuation of 

the incident x-ray beam, while the three wires allow simultaneous measurement of MTF 

along three orthogonal directions. 

The 3D MTF phantom was suspended in the FOV and 360 projections images 

were acquired with 1x1 detector pixel binning (Figure 5-12). Projections were 

reconstructed using the previously described iterative OSC algorithm (Section 1.3.4), 

using the upgraded acquisition computer, Mbaba. The volume was reconstructed with 5 

iterations and 16 subsets to a grid size of 1000 x 1000 x 1000 having 127µm voxels. 

Previous MTF measurements indicate that this number of iterations and subsets yields 
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an optimal contrast for 5 mm sized objects embedded in a larger volume and differing in 

intrinsic contrast by 2% [167], and has been used to successfully and fully characterize 

such a FPD[93]. 

 

Figure 5-12: Projection image of the 3D MTF phantom, acquired with 1x1 detector pixel 
binning, after applying the necessary offset, gain and defective pixel corrections. 

 Initial reconstructions revealed unprecedented artifacts on the 3D MTF 

phantoms images, which showed visible divergence of two of the wires (Figure 5-13). As 

a consequence, accurate MTF measurements could not be made on this data. The 

diverging wires in two directions of the 3D volume indicated three possibilities: 1) 

incorrect detector offset parameters in the reconstruction input deck, 2) minor swinging 
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of the pendant phantom due to its minimal weight or 3) possible misalignment of the 

new 4030 detector. Each of these possibilities was systematically eliminated by using 

different reconstruction parameters and securing the phantom better, which had no 

effect on the final reconstructions.  

Subsequently, the alignment of the 4030 in all directions was re-measured and a 

minor tilt (<1°) was discovered in the XZ plane on the detector (Figure 1-8, Chapter 1 

illustrating possible misalignment errors). As mentioned earlier, the multiple degrees of 

freedom of the new detector mount resulted in variable tilts about the 3 orthogonal axes, 

requiring very careful alignment of the detector with reference to the rest of the system. 

The minor tilt was eliminated by the use of 0.1 mm copper (Cu) shims on one side of the 

detector. The 3D MTF data were re-acquired and the divergence of the wires 

disappeared, providing a high resolution reconstructed volume, with all three wires 

visible. The before-and-after shimming volume rendered images are illustrated in Figure 

5-13.  

Volume rendering a 1000 x 1000 x 1000 image takes an extremely long time, and 

each updated rotation, window, level or threshold parameter extends this time. 

Therefore exact matching of the two rendered volumes was not performed, and some 

qualitative differences in the renderings are evident. 
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Figure 5-13: Volume rendered images of the reconstructed 3D MTF phantom (LEFT) 
before and (RIGHT) after shimming the detector to nullify the <1° tilt. One corner of the 
volume on the RIGHT is not visible due to volume rendering artifacts and the threshold 
applied to suppress these artifacts. All three wires are clearly visible in the RIGHT 
volume, whereas for the LEFT volume, the divergence of two wires is evident, in 
addition to the near invisibility of the third wire. 

 

Thus, the 3D MTF measurements were performed on this accurately reconstructed 

volume. The volume was “manually” rotated in 3D to isolate each wire into a single slice 

using the ‘Volume Viewer’ function of ImageJ software; no interpolation was enabled 

during rotation to prevent any artificial smoothing of the data. The wires were labeled 

A, B and C, and represent three orthogonal directions in the FOV; depending on the 

required orientation of the wires, there is flexibility to define the direction of each of the 

three wires.  



 

 

 

271 

 

Figure 5-14: (LEFT) The 3D MTF of the system using each of the three tungsten wires and (RIGHT) the average MTF and standard 
deviation across the three wires. The average MTF for the wires is ~8% at the Nyquist. 



 

272 

 

The MTF was then characterized on each of these wires, on ~2 cm section of the wire in 

the center of the volume individually, as described in the above section. The average 

MTF was determined by averaging the values obtained for each wire, at all frequencies. 

The MTFNyquist and resolution at MTF10 and MTF50 were also measured for all three wires 

(Table 5-3). Figure 5-14 shows the MTF curves for the three wires as well as the average 

± standard deviation. The 3D MTF values measured on the three nearly-orthogonal 

wires, for the 1 x 1 reconstructed volume, were 7-10% at the 3.94 lp/mm cut-off 

frequency (Table 5-2); the average reconstructed 3D MTF for the three wire was ~8%. 

Detailed values are listed in the table below.  

Table 5-3: Measured 3D MTF values for each individual wire A, B and C, as well as the 
average MTF measured between the three wires. 

Wire 
MTF50  

(lp/mm) 

MTF10  

(lp/mm) 

MTF  

(% @ Nyquist) 

A 1.91 3.73 7.29 

B 2.21 3.99 10.58 

C 2.17 3.64 7.22 

Average 2.08 ± 0.18 3.7 ± 0.18 8.36 ± 1.92 

 

The 3D MTF measured on the three wires varies only slightly, indicating that the 

resolution of the imaging system may be spatially independent. The 3D MTF also 

indicates excellent resolution at high frequencies, especially in scatter free conditions. 
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Results compare well with the 3D MTF measurements previously made on the older 

2520 FPD, also having 127 µm pixellation [206]. Due to limitations in processor capacity at 

the time, the 3D MTF measurements for the 2520 FPD were only made in 2 x 2 and 4 x 4 

binning mode. The reported MTF values in 2 x 2 binning mode at the Nyquist cut-off 

frequency were 4 – 8% for the three wires, under an otherwise similar acquisition 

technique. The MTF50 values were calculated from the pre-existing data and were found 

to be 0.70, 0.63 and 0.75 respectively for wires A, B and C respectively; whereas, MTF10 

values were 1.24, 1.13 and 1.33 lp/mm. 

5.5 Phantom Based Spatial Resolution Measurements 

The Catphan® phantom (Model CTP 500)[215], The Phantom Lab, Salem, NY) with a 

20 cm diameter, which is used to measure spatial resolution on commercial systems, was 

also scanned on the CT sub-system. The phantom is composed of various 15 cm 

modules embedded within the 20 cm diameter, which can be used for sensitometry, low 

contrast resolution, high resolution, as well as uniformity studies. The 15 cm diameter 

high resolution module of the phantom was CT scanned to evaluate the spatial 

resolution in the presence of x-ray scatter. The module is embedded with tungsten 

resolution bars ranging from 0.1 to 2.1 line pairs per mm (lp/mm). These line pairs are 

cast in a uniform material which is reported to have <2% HU variability. The phantom 
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was vertically suspended in the CT FOV. As explained in Chapter 1 (section 1.3.4.1), a 

greater number of angular samples provides best resolution for reconstructed volumes. 

In order to evaluate the intrinsic system resolution, a large number (512) of azimuthal 

projections were acquired to completely sample the phantom volume and obtain the 

best results. Projections were acquired with the detector reading out in 1 x 1 pixel 

binning mode. 

The acquired data were then reconstructed using OSC to a 1000 x 1000 x 1000 

grid size. Reconstruction parameters were set to 5 iterations, 16 subsets and 127 µm 

voxel sizes, identical to the 3D MTF phantom reconstructions in the previous section. 

Reconstructing to smaller voxel sizes allows minimal loss of spatial resolution from 

averaging of neighboring voxels. The resultant reconstructed Catphan® phantom 

coronal slices are illustrated in Figure 5-15. An average of 20 coronal slices where the 

line pairs were visible was used for visual analysis of the smallest discernible line pairs.  

Results show that that the 1.7 lp/mm line pairs could reasonably successfully be 

resolved using the system with the 4030 FPD, despite the plastic scatter medium 

surrounding the embedded line pairs (Figure 5-15). The 1.6 lp/mm lines are easily 

resolved, and it could be argued that the 1.8 lp/mm lines could also be distinguished. 

Profiles were measured across these line pairs to visualize the contrast (Figure 5-15, 

BOTTOM). Profiles clearly show that the 1.6 lp/mm bars are clearly visible; ~50% peak to 
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valley difference (modulation) can be observed which is comparable to the MTF50 

measurement.  

 

 

Figure 5-15: (TOP-LEFT) Coronal slice through the reconstructed volume of the 20 cm 
diameter Catphan® phantom showing the line pairs ranging from 0.1 – 2.1 lp/mm. 
(TOP-RIGHT) A zoomed image of the same coronal slice, showing that the 1.7 lp/mm set 
of resolution lines could be resolved reasonably well even without scatter correction. 
(BOTTOM) Line Profiles measured across the 1.8, 1.7 and 1.6 lp/mm bars. 
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The 1.7 lp/mm bars star getting blurrier but are still discernible and show ~10% 

modulation, whereas the peaks in the 1.8 lp/mm bars are considerably diffused and 

greater blurring effects can be seen. This exceptional 3D performance is tempered by the 

additional scatter surroundings in the Catphan® phantom, which overestimates the 

scatter expected in 10-15 cm diameter average uncompressed breast diameters. 

 

Figure 5-16: (LEFT) Projection image and (RIGHT) volume rendered 3D reconstruction 
of the rod phantom. 

In order to make similar measurements in a low scatter medium, the resolution 

rod phantom (Model ECT/DLX-MP, Data Spectrum Corp, Hillsborough, NC) was 

scanned on the CT system. The phantom is a 12 cm diameter cylinder, embedded with 

1.1 to 4.7 mm diameter acrylic rods, spaced on twice their diameters (so-called Nyquist 
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spacing). The same acquisition and reconstruction parameters as the Catphan© phantom 

were used (Figure 5-16). 

 

Figure 5-17: Coronal slice through the reconstructed image of the resolution rod 
phantom showing excellent spatial resolution and minimal blurring. Profiles plotted 
through the (TOP-BOTTOM) 1.1, 1.5 and 2.3 mm rods show minimal blurring and 
excellent uniformity of reconstructed attenuation coefficients (cm-1) for the smallest 
spaced rods. 

An example coronal slice through the reconstructed volume is illustrated in 

Figure 5-17 and shows excellent separation between rods of all diameters. Profiles were 

plotted across the three smallest diameter rods (1.1, 1.5 and 2.3 mm). Spatial resolution 

appears to be uniform throughout the phantom slice; the rods appear circular as we 
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move from the center to the periphery of the phantom, as well as tangentially on the 

outer edge. The peak to valley ratio of the profile across the smallest rods shows some 

evidence of scatter due to the rods themselves, with the valleys having non-zero values. 

Overall, the phantom analyses show the exceptional resolution capability of the new 

4030E detector, when used with the CT sub-system of the SPECT-CT imaging device.   

5.6 Noise Power Spectrum (NPS) and Detective Quantum 
Efficiency (DQE) 

The NPS & DQE measurements were performed by Dr. George Zentai’s detector 

development group at Varian Medical Systems, and are included here to demonstrate all 

aspects of the detector characterization (these data appeared in the co-authored 

presentation at the 2012 AAPM [204]. The NPS is a measure of the noise transfer 

properties of the system, and was obtained by a method similar to that described by 

many authors including Dr. Dobbins [221].  Flat field projection images were acquired at 

three different known x-ray exposures: 115 µR, 406 µR and 1.044 mR. Pixel ROIs 

measuring 128 x 128 were measured on the projection images, and the 2D fast Fourier 

transform (FFT) was calculated for each individual region, with the results then 

averaged for multiple regions.  The 2D NPS was calculated from the 2D FFT by scaling 

by  where 푓  is the frequency increment given by: 
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 푓 =
∗ _

           (5-1)  

where, N is the size of the region used (128 pixels in this case).  Provided the data 

indicates no directional preference, the 1D NPS was obtained using all points in the 2D 

plane. 

 The DQE is a measure of the efficiency with which a system utilizes incoming 

quanta.  It requires knowledge of the MTF, NPS and the average x-ray flux. A practical 

definition applicable to linear systems[222] is:  

푫푸푬(풒,풖) = 풅
ퟐ
∗푴푻푭ퟐ(풖)

풒∗푵푷푺(풒,풖)
       (5-2) 

where, the DQE is expressed as a function of the spatial frequency 푢 and the photon flux 

푞, which is expressed as photons/(mm2  * mGy) ; 푑 is the average pixel signal expressed 

in the same pixel detected units (PDU) as those used in the calculation of NPS.  The 

photon flux for RQA5 illumination was 30,174 photons/(mm2 * mGy), obtained from IEC 

62220-1[219]. 

 . 
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Figure 5-18: Plots of the Varian measured (TOP) NPS and (BOTTOM) DQE curves for the 
4030E detector. Data courtesy of Varian Medical Systems. 
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Results indicate that the NPS increases with increased exposure, but reduces with 

increasing spatial frequency (Figure 5-18), which is a characteristic of all indirect FPDs. 

The excellent DQE(0) measured at RQA5 is ~ 75% in the 0.1 - 1 mR dose range, and ~ 10 

% at the 3.94 lp/mm Nyquist frequency. There is good consistency between the DQE’s 

measured at different exposures, indicating that the FPD should perform uniformly 

under different imaging conditions. The NPS and DQE plots are illustrated in Figure 

5-18.  

The linearity of the 4030E was also characterized at different gain settings. Different 

internal gain settings can be achieved by changing the feedback capacitance of the 

readout ASICs and the switching the gain stage between 1, 2 and 4.  Measurements were 

made at different dose values to highlight the performance of the FPD for potential 

applications beyond BCT. The FPD shows excellent linearity over the full dynamic range 

(Figure 5-19); the linearity line at gain1 (G1) with 4 pF feedback perfectly matches the 

gain4 (G4) with 16 pF feedback line, validating the internal gain settings.  

Additionally, NPS measurements on reconstructed BCT images were also performed 

in our lab by Jan Pachon, to investigate the spatial correlation of quantum noise of a CT 

sub-system under non-scatter corrected and scatter corrected conditions, as a function of 

object radius [194]. Detailed results from that study are provided in Appendix C. 
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Figure 5-19: Plot of the detector pixel intensity at different exposures, at various internal 
gain settings. Data courtesy of Varian Medical Systems. 

 

5.7 Clinical Patient Study 

The IRB approved clinical protocol was continued on the system after the 

inclusion of the 4030E. Similar to other clinical studies detailed in Chapter 2, one (1) 

healthy volunteer was scanned with this system. Projection mages as well as 6 BSA 

projection images (ref Chapter 2) were acquired in 2 x 2 binning mode (254 µm pixels), 
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however due to advances in computer hardware, the images were reconstructed without 

additional pixel binning to 254 µm voxels, as opposed to the 508 µm reconstructions in 

prior studies. Reconstruction parameters were set to 5 iterations, 16 subsets and a grid 

size of 700 x 700 x 700. Scatter corrected, reconstructed slices of this patient data set are 

illustrated in Figure 5-20. Due to improper alignment of the Rad 94 x-ray tube on the 

trunion ring tube holder, ~15 pixel rows at the top of the FPD, near the patient’s chest 

region, were not fully illuminated by the x-ray cone beam. This resulted in some artifacts 

close to the chest wall, in addition to blurring due to patient motion.  

 

Figure 5-20: (LEFT) Coronal and (RIGHT) sagittal reconstructed slices of the only patient 
scanned on the SPECT-CT system after inclusion of the 4030 FPD. Note the fiducial 
marker visible on the coronal slice and the artifacts near the chest wall due to improper 
placement of the Ce filter. 
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5.8 Conclusions 

A custom made 40 x 30 large area FPD designed to have higher spatial resolution 

than existing similar sized FPDs for CT was developed by Varian Medical Systems for 

breast imaging applications. The 8 mm bezel edge on two sides allows closer to chest 

wall imaging than previous 4030 designs. The 4030E detector was integrated into the 

existing dual modality SPECT-CT system using a custom detector mount. The hardware 

integration was followed by synchronization of the detector with the x-ray generator 

and the CT acquisition computer to allow seamless acquisition of projection images. 

Geometric alignment of the detector was performed with reference to the CT gantry, to 

minimize or eliminate possible detector tilts in any direction.  

The spatial resolution of this detector was evaluated by characterizing the MTF 

in 2D and 3D, based on well-established methods[206]. Results show that the 3D MTF is 

fairly uniform in the imaged FOV, indicating spatial independence of the system 

resolution. These results compares well with previously reported data for the smaller 

Paxscan 2520 FPD, having otherwise identical detector specifications (e.g. scintillator, 

pixellation and read-out characteristics). The resolution was also qualitatively evaluated 

with a Catphan© phantom and the previously described resolution rod phantom, which 

revealed that the 1.7 lp/mm bars were visually discernible in the reconstructed images. 
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The NPS and DQE were evaluated using standard methodology[221], and the 

results further proved the excellent performance of the 4030 FPD as compared to the 

2520. The measurement technique can be used in the future to determine optimal 

detection of low contrast signals in clinical breast data. Finally, inclusion of this larger, 

finer resolution detector considerably improves the reconstructed field of view to 24 cm 

from the previous 15.4 cm with the 2520 detector, without associated ring artifacts [202] 

and will significantly reduce truncation artifacts previously seen clinically for patients 

with larger breast sizes. 
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6 Design and Development of Fully Tilt Capable SPECT-
CT System 

Over the years, the SPECT-CT system in our lab has undergone several changes 

and upgrades. As a significant part of this dissertation work, the hybrid imaging system 

was completely re-designed to include polar tilting capabilities for the CT sub system, 

allowing both the CT and SPECT sub-systems to traverse complex arbitrary acquisition 

trajectories around a pendant volume (Figure 6-1). A novel mechanism to tilt the CT 

system in the polar direction was developed and is detailed in further sections. This 

system iteration makes this the third generation of hybrid SPECT-CT imaging system in 

our lab (hereafter referred to as System 4 to account for the CT-only System 3). The 

individual components were designed using Solidworks software (Dassault Systems 

Solidworks Corp., Waltham, MA), and the parts were machined at the Duke Medical Center 

Instrument Shop (Durham, NC) by Mr. Don Pearce.  
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Figure 6-1: Isometric view of the final SolidWorks design for the third generation hybrid SPECT-CT system. List of components: 1. X-
ray source (Rad 70D); 2. Tube holder; 3. 4030E FPD; 4. Detector holder; 5. Heat Exchanger (HE 233); 6. Gantry / O-arm, 7. Pivots; 8. 
Linear Stage; 9. Pulleys; 10. Goniometer; 11. SPECT Gamma Camera; 12. Base Plate; 13. Rotation stage. The cone beam emitted by the 
x-ray source is illustrated, and the pivot axis of the system is illustrated as a blue cylindrical cutout (rod) in the cone beam. 



 

288 

 

 

6.1 Design and Development of Components 

6.1.1 X-ray Tube 

A key component for any CBCT system is the x-ray source which defines the 

cone angle as well as maximum voltage capability of the scanner. In order to achieve a 

balance between minimal focal spot, large cone angle and therefore smaller SID, and 

maximum achievable tube voltage, the Rad70D (Varian Medical Systems, Salt Lake City, 

UT) was purchased for the newly designed CT sub-system.  

The source is specifically designed for breast imaging applications and consists 

of a rotating tungsten anode, providing a 32° full cone angle. The tube can achieve a 

maximum potential of 49 kVp with a nominal 0.3 mm focal spot. The tube has a 

maximum heat rating of 700 kHU (518 kJ) and requires water-glycol cooling, provided 

by a heat exchanger (model HE 233). The tube and heat exchanger were designed 

(Figure 6-3) based on drawings provided by Varian (Figure 6-2).The x-ray tube has 4 

mounting holes near the collimator and 2 more on a protrusion on the body (Figure 6-3). 

These mounting holes are later used to attach the x-ray tube to the custom designed tube 

holder as well as the CT gantry (see ahead to section 6.1.3).  
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Figure 6-2: Technical drawing of the Rad 70D housing with dimensions in inches and 
[millimeters]. Figure adapted from Varian Medical Systems Rad70D documentation. 
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Figure 6-3: Solidworks design of the Rad 70D x-ray tube and the HE 233 heat exchanger. 

6.1.2 4030E Flat Panel Detector 

The 4030E detector (described in detail in Chapter 5) was also designed in Soldiworks, 

for integration with the other components, based on drawings provided by Varian 

(Figure 6-4). The detector was placed opposite the x-ray tube at a distance of 70 cm. The 

16° anode angle of the tube allows for a shorter, more compact SID. The detector holder 

described before was modified for use on the new system where instead of three 

components (Figure 5-2, Section 5.3), only one aluminum plate attached directly to the 4 

mounting holes on the detector was used to hold the detector upright. A 2” thick 

aluminum flange was created and the detector – holder assembly was screwed in to the 

flange first and then the CT gantry (see ahead to Figure 6-17). 
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Figure 6-4: Solidworks design of the (LEFT) front and (RIGHT) back panel of the 4030E 
FPD. The black area on the front panel represents the active area. The Sync, Frame rate 
LEDs and Power supply ports are also shown on the back panel. 

6.1.3 CT Gantry (O-Arm) 

The CT gantry or ‘O-arm’, was designed using 80/20 industrial erector 

components (model 1530) and a 1.25” thick aluminum plate. The SID required for full 

field illumination of the FPD is 70 cm, therefore the O-arm was designed such that after 

mounting the detector and the x-ray tube, the distance between them would be 70 cm. 

Additionally, the width of the O-arm was decided to be 57.5 cm based on the width of 

the goniometer which would be nested in the cavity. Two aluminum plate cutouts, one 

each for the x-ray source and detector, were placed opposite each other, and 87 cm long 

80/20 bars were attached under the aluminum plates using 4 screw holes on each side. 

Doing so would allow flexible assembly of the gantry, where the aluminum plates 

would be able to slide closer to or farther away from each other. On the tube side of the 
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gantry, a 1” pocket was cut out with 2 screw holes to allow the protrusion on the tube to 

slide in and fit snugly in the pocket (Figure 6-5 and 6-6).   

 

Figure 6-5: Solidworks design of the CT gantry (O-arm) illustrating the (LEFT) Top, 
(RIGHT) side and (BOTTOM) isometric view. Note the pocket cut-out with two screw 
holes for the tube protrusion. All dimensions are listed in millimeters. 
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Figure 6-6: Photographs of the (TOP) x-ray tube side and (BOTTOM) detector side 
aluminum plates of the O-arm, during the manufacturing process at the instrument 
shop. Red arrows indicate the mounting holes to attach the 80/20 bars.  

6.1.4 X-ray Tube Holder 

The tube holder for the Rad70D was designed using aluminum pieces such that 

it would grip the source using the 4 mounting holes near the collimator. The lower part 
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of the holder flared out to create a wider base and allow additional support when 

attached to the O-arm. A flange was created at the base for attachment to the O-arm, 

while not interfering with the 2 screws attached to the protrusion of the tube (Figure 

6-7). This setup allowed firm, vertical attachment of the tube to the system, allowing the 

focal spot to get closer to the patient bed / chest wall in a pendant BCT geometry. 

 

Figure 6-7: (LEFT) Solidworks design of the x-ray tube holder and (RIGHT) photograph 
of the manufactured tube holder. Red arrows indicate the mounting holes for 
attachment to the tube and the O-arm. All dimensions are provided in millimeters. 
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6.1.5 Pivots 

One of the most significant components of the system are the pivots which were 

designed to support the weight of the gantry including all other components attached to 

it, by suspending it similar to a cradle. The idea was to have two vertical posts: one fixed 

post attached to the rotation stage base plate and a shorter post attached to the O-arm. 

The fixed post has a high load capacity bearing mounted on top, and connected to the 

shorter post by an aluminum shaft. The shaft is freely able to rotate in the bearing, but is 

fixed on the end connected to the shorter post, facilitating back and forth cradling of the 

shorter post, and the O-arm that it’s attached to. Having these pivots on both sides of the 

gantry completely suspends the gantry between the fixed pivot posts, such that the 

center of the mounted bearing is the pivot point that establishes the polar tilting 

capabilities of the system (Figure 6-8 and 6-9).  

The pivot posts were constructed out of 80/20 bars. The fixed post consists of two 

bars attached to each other to make a 75° angle, providing the pivot a wide base to rest 

on. The high-load, mounted bearing (Model 6244K56, 1” shaft, 2322 lbs max. load) was 

obtained from McMaster-Carr (Atlanta, GA). A 1” cylindrical aluminum shaft was 

machined at the instrument shop and used to connect the two parts. A 1” circular hole 

was created on the shorter post, and was fit with a collar and set screw mechanism to fix 

the aluminum shaft in place, once inserted. 
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The height of the pivots was critical since the center of the bearing would act as 

the pivot point of the entire load attached to the shorter post. Having the pivot axis at 

the same height as the central x-ray beam emitted from the source would allow the 

creation of a virtual pivot point at the intersection of the pivot axis with the central x-ray 

beam (see ahead to Figure 6-18). Thus, when the system undergoes polar tilting, all 

components would pivot at the same virtual pivot point, making geometrical calibration 

of the system and image reconstructions much simpler. Technical drawings (Figure 6-8), 

designs (Figure 6-9) and the manufactured pivots (Figure 6-10) are illustrated below.  
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Figure 6-8: (LEFT) Technical drawing of the pivot posts, mounted bearing and 1” aluminum shaft. All dimensions are provided in 
millimeters.
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Figure 6-9: Solidworks design of the pivots based on Figure 6-8 drawings. LEFT and CENTER figures illustrate the movement of the 
shorter post once attached to the fixed post and bearing via the aluminum shaft. The bottom of the fixed post is attached to the 
rotation stage assembly whereas the bottom of the short post is attached to the O-arm. Figure on the RIGHT shows an isometric view 
of the pivot assembly. Dashed black line represents the pivot axis. 
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Figure 6-10: Photographs of the (LEFT) fixed post and the (RIGHT) pivot assembly with the 
short post, mounted bearing and aluminum shaft. Note that the shaft has not been cut down to 
the appropriate size in the photograph.  

At this stage, all the manufactured parts were assembled to form a basic “frame” of the 

CT system. The pivots were assembled and attached to the O-arm such that the distance from 

the x-ray source to the central axis of the pivots (SOD) would be 45 cm. The Al shaft was cut 

down to make it flush with the bearing surface. The tube holder and detector base flange were 

attached to the gantry and the complete assembly was placed on a base plate made out of 80/20 

and aluminum (see ahead to Figure 6-15). This assembly facilitates smooth, cradle-like motion 

when force is applied to either end, such that the entire CT gantry swings between the two fixed 

posts (Figure 6-11).  
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Figure 6-11: (LEFT) Solidworks design and (RIGHT) photograph of the pivots and O-arm assembled on the base plate. The 4030 base 
flange and the tube holder are attached to the O-arm. The design image was cropped to match the photograph. Note that the 4030 
base flange was not part of initial designs and therefore is absent (LEFT), but was added while developing the system as a better way 
to attach the FPD to the gantry. 
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6.1.6 Tilting Mechanism 

The next step was to control the swing and devise a way to tilt the system 

effectively in required increments to allow complex orbits. Various different methods 

can be used to tilt a system: using complicated motors, designing a track on which the 

system moves, using pistons or a goniometer to drive the tilting motion, etc. All of these 

methods would be difficult to implement and most certainly expensive. A simple, yet 

efficient and economical way to drive the tilting motion of the system was developed 

using a linear motor, a system of pulleys and a fixed length of metal cable. 

A linear motor (Model ILS 250, Newport Corp, Irvine, CA) was placed off to one 

side under the O-arm. A combination of two pulleys, one on each side, was used with a 

fixed length of metal cable on both ends of the linear motor. One end of the cable was 

attached to the O-arm, and the other end was looped around the pulley and attached to 

the plate on the linear motor. Due to the fixed length of the cable, when the linear stage 

moves in any direction, the opposite end of the cable connected to the gantry is pulled, 

thereby pulling down that end of the gantry and tilting the system (Figure 6-12).  

An indispensable requirement for employing this mechanism was the load 

bearing capacity of the linear stage. When the system is resting in the ‘home’ or un-tilted 

position, the entire load of the gantry is supported by the bearing and the pivots. 
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However, when the system tilts on either side, the gantry exerts a force on the linear 

stage in a direction opposite to the swing direction. If the force exceeds the maximum 

load capacity of the stage, then the tilt position of the system would not hold, and the 

linear stage would slide back to its home position. The maximum recommended load 

capacity of this ILS250 model is 10 lbs along the direction of travel. The weight of 

components on the two ends of the CT gantry is disproportionate. Additionally, to 

achieve a magnification of 1.57, the system SOD was set at 45 cm; therefore, the distance 

of each end of the gantry from the vertical axis of rotation is different. This results in 

varying inertia at each tilt location for the system, which the linear stage has to 

overcome.  

 

Figure 6-12: Solidworks design of the pulley mechanism devised for tilting. Cable 
connects the O-arm to the linear motor via the pulleys. The whole system is placed on a 
base plate composed of 80/20 bars. Note that the pivots and pivot point are not explicitly 
shown in this illustration and for tilting, the pivots bear the load of the gantry. 
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To counter this problem, first, the weights on both the ends of the gantry were 

balanced by placing the heat exchanger and a 25 lb lead brick behind the FPD. Secondly, 

based on pulley mechanics, two pulleys were used on each side of the linear motor to 

reduce the load by a factor of 2[223]. Two 3” and 2” diameter, double turn, flat mount, 

stainless steel pulleys were purchased from McMaster-Carr. A few different pulley 

configurations were tested to investigate the load reduction offered by each one. The 3” 

pulleys were mounted by the linear motors and the 2” pulleys were mounted under the 

80/20 bar of the O-arm. A simple turn buckle was attached to the linear motor, and the 

metal cables were threaded through the hole in the turn buckle. Tightening this turn 

buckle would clamp the cables and make them taut. The cable was looped over the two 

pulleys, one end of the cable was attached to the O-arm and the other end was clamped 

by the turn buckle on the linear stage (Figure 6-13).   

Different pulley configurations were investigated based on: amount of load 

reduction and maximum system tilt achievable. However, the combinations with the 

most effective load reduction could not provide adequate tilt to the system (<7°). 

Therefore, a configuration with a single turn / loop of the wire over each pulley 

provided just enough load reduction and redirection of force, to allow tilting up to a 

maximum ±15.2°. This pulley mechanism was tested initially without placing any other 

components on the gantry to ensure smooth functioning with minimal weight (Figure 
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6-14). Once the system was capable of the tilting motions without any additional weight 

(three 25 lbs lead bricks) were used to simulate extra weight on each side of the O-arm. 

The system was able to tilt the 75 lbs load on each side, which confirmed that the 60 lbs 

load exerted by the x-ray tube and 30 lbs by the FPD and heat exchanger (before 

balancing) would be well tolerated. 

 

Figure 6-13: Photographs of the (LEFT) two pulley mechanism with the metal wire and 
(RIGHT) turn-buckle attached to the linear stage used to clamp the cable to maximum 
tension. 

6.1.7 Final Assembly 

Once all major parts and the tilting mechanism were assembled, the final 

assembly of the hybrid system was undertaken. The base plate that supported the entire 

system consisted of a circular plate which was attached to the rotation stage (model 

RV350CC, Newport Corp, Irvine, CA) (Figure 6-15), and parallel 80/20 bars coupled with 
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a ¼” thick aluminum plate. The goniometer (model BGM200PE, Newport Corp) and the 

SPECT gamma camera from the old version of the system remained unaltered and were 

orthogonally nested in the center of the gantry. 

.  

Figure 6-14: Photograph of the system at maximum tilt after implementing the tilting 
mechanism consisting of the linear motor, pulleys and metal wire. 

In order to place make sure the top of the gamma camera and the top of the FPD 

were at the same height, the goniometer was raised using 4 80/20 bars to the appropriate 

height (Figure 6-15). Custom made 9” bolts were used to screw the 80/20 bars to the 
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goniometer, from underneath the circular plate (Figure 6-16) attached to the rotation 

stage.  

 

Figure 6-15: Photographs of the (LEFT) base plate consisting of the circular plate 
attached to the rotation stage, 80/20 bars and Al plates to support the pivots; and 
(RIGHT) the four 80/20 blocks used to raise the goniometer to the appropriate height. 
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Figure 6-16: Photographs of the SPECT system integration process illustrating (TOP) 
attachment of the 9” bolts from underneath the circular plate, securing the 4 80/20 bars  to 
the plate and the goniometer. (BOTTOM) Completion of SPECT assembly with gamma 
camera attached to the goniometer  
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Next, the Rad70D x-ray tube and the 4030E FPD were mounted on their holders 

(Figure 6-17). The heat exchanger was mounted behind the FPD and acts to 

counterbalance the source-detector displacement. The closed loop (self-contained) 

cooling cables run between the tube and the heat exchanger and were securely fastened 

to the underside of the CT gantry.  

 

Figure 6-17: Photographs of the mounted (LEFT) 4030E FPD and (RIGHT) Rad70D x-ray 
tube. Note the goniometer and SPECT camera nested orthogonally in the center of the 
gantry. 

This complete set up allows polar tilting of the system about the pivot axis, and since the 

system is centered on the rotation stage such that the pivot axis is perpendicular to the 

vertical axis of rotation, the system tilts about a virtual pivot point placed at the 3D COR 
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(Figure 6-18 and Figure 6-19). The circular motion of the rotation stage coupled with the 

tilting of the CT system about the pivots allows the system to traverse complex 3D 

trajectories (e.g. a saddle) around a pendant volume (Figure 6-20 and Figure 6-21).  

 

 

Figure 6-18: Solidworks design of the final system assembly showing all the different 
components of the hybrid SPECT-CT system. Dashed orange lines represent the pivot 
axis, central x-ray beam and the vertical axis of rotation (VAOR); the intersection of 
these axes represents the 3D COR. 
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Figure 6-19: Photograph of the completed system and fully integrated assembly 
including all components. This is the finally assembled third generation hybrid SPECT-
CT system, where each sub-system is capable of traversing complex orbits around a 
pendant breast. 
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Figure 6-20: Photographs of the system at (LEFT COLUMN) minimum and (RIGHT COLUMNS) maximum polar tilt, from 
(TOP AND BOTTOM ROWS) different perspectives. 
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Figure 6-21: Photographs obtained at every 45° azimuthal angle of the third generation SPECT-CT system rotating about the 3D
COR, following a saddle trajectory. Polar plot of the ±15° saddle orbit is shown in the center. 
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6.2 Linear Stage Integration and Calibration  

The Newport ILS250 was installed on an existing motion controller (XPS C6, 

Newport Corp, Irvine, CA) which controls the goniometer and the rotation stage, using 

the interface on the CT acquisition computer. Additionally, a C++ script was generated 

to control the linear stage, using the motion controller commands provided in the 

documentation. Once the linear motion could be controlled via C++, the pre-existing CT 

acquisition code (section 5.2) was modified to incorporate saddle acquisition orbits. 

The stage has a linear motion range of ±12.5 cm (total 250 mm). During the 

development process, it was determined that at the maximum linear displacement of the 

stage, the system could achieve a tilt of ±15.2°. Calibrating the linear stage to determine a 

relation between the degree of tilt and linear displacement is necessary for accurate 

reconstructions and precise movement of the system, when performing complex 

trajectories. The linear displacement in both directions was incremented in 10 mm steps 

(-125 to 125 as well as 125 to -125) and the corresponding polar tilt angle of the system 

was measured with a digital level (model Pro 3600, Flexbar Machine Corp.). The digital 

level was adhered to the O-arm surface in order to acquire angular measurements at the 

same location every time. Measurements were repeated 4 times, twice in each direction 

and the error in the measured tilt angle was < 0.2°. The linear displacement was plotted 

against the measured tilt angle, and the plot was fitted with a linear function which 

shows excellent linearity (R2 = ~1) (Figure 6-23). This linear relation was used in the CT 
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acquisition code to define the polar tilt of the system and generate user defined saddle 

orbits.  

Hysteresis in the polar tilt angle of the system was evaluated based on multiple 

repetitions of the above measurements. The tilt angle was measured at the 10 mm linear 

increments, a total of 4 times.  The tilt angles were found to be within <0.02° at every 

linear step. The error bars for the data plotted in Figure 6-22 are about as big as the data 

markers and therefore not shown explicitly. 

 

Figure 6-22: Calibration plot of linear movement vs. polar tilt angle of the system. The 
error in tilt angle was less than 0.2°. 
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6.3 First CT Images 

On completion of system development, the x-ray generator to drive the Rad70D 

source could not be obtained. Since we were in the possession of an older, working x-ray 

source (Rad 94) and generator, in order to acquire images, the Rad70D was replaced 

with this tube. However, the Rad 94 only provides a 14° anode angle, thereby requiring 

a larger, 80 cm SID. Due to the flexibility incorporated in the O-arm during 

development, the modifications required were simple. The two Al plates holding the 

source and detector were simply slid farther away from each other to change the SID to 

80 cm, while keeping the magnification constant at 1.57. The Rad94 was held by 

previously designed[218] trunion rings. Since the Rad 94 is a horizontal tube, the central x-

ray beam was lower than the pivot axis. Therefore, the tube and the trunion ring holder 

were raised by 4”, with the help of aluminum blocks, to align the central x-ray beam 

with the pivot axis and re-create the previously described virtual pivot point at the 3D 

COR. This modified system (Figure 6-23) works similarly as the proposed system, albeit 

with a different SID and x-ray source.  
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Figure 6-23: Photograph of the modified tilt capable SPECT-CT system with an enlarged 
SID (indicated by RED arrows) and Rad 94 x-ray tube. Note that there is no heat 
exchanger needed for this tube and therefore lead bricks are placed behind the FPD as a 
counterbalance. 
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Figure 6-24: Cropped projection images of a Defrise disk + rod phantom, acquired at the indicated positions. Note that 
the SPECT gamma camera can be seen in the FOV at the lower left corner, and the amount of camera obstruction changes
with polar tilt angle. 
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 As an initial study, a cylindrical phantom containing: (1) the cold rod module 

from the resolution rod phantom described before, and (2) four Defrise disks, was used to 

evaluate tilted trajectories. Two hundred and forty (240) projection images were acquired with 

this system using an AZOR and a saddle acquisition orbit. Example saddle projection images at 

different tilt angles (±7.5° and ±15°) are illustrated in Figure 6-24. It is evident from the images 

that as the tilt angle changes, the distance between the Defrise disks changes; the disks are most 

visible and the separation between the disks is the largest at the +7.5° projection angles, when 

the x-ray cone beam is centered on the disks. The disks and rods are used to evaluate initial 

reconstructions of these projection images (see ahead to Figure 6-28). 

An important finding from these initial projection images was the unexpected effect of 

polar tilt on the offset and gain correction of the images. As the polar tilt of the system changes, 

the portion of the gamma camera visible on projection images changes. The gamma camera 

occludes the most FOV for the +15° polar angle when the x-ray cone beam is incident with the 

tube higher than the detector. Similarly, the least occlusion by the camera occurs at the -15 ° 

polar tilt. Therefore, in order to use the maximum possible detector FOV for gain correction, the 

offset and gain correction was initially performed using 40 flat field images acquired at -15° 

polar tilt. However, doing so affected the uniformity of the correction for all polar tilt angles 

except the ones at -15°. To characterize this effect, projections acquired with +15° polar tilt were 

corrected with flat field images acquired at three different tilts: -15°, 0° and +15° (Figure 6-25). 

Rectangular ROIs were measured on the corrected background, just outside the phantom, to 
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measure the uniformity of obtained intensity values (Table 6-1). Results indicate that the gain 

correction works best when flat field images at the same polar tilt, as the corresponding 

projection images, are used. This effect was unexpected and the gain calibration algorithm will 

need optimization in the future to account for this tilt dependent variability.  

Initial reconstructions were performed using the projection images corrected for gain 

and offset, using flat field images acquired at +15° polar tilt. The OSC reconstruction algorithm 

was used and reconstruction parameters were set to 5 iterations, 16 subsets, 0.254 mm voxels 

and 700 x 700 x 700 grid size.  
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Table 6-1: Statistics measured using the rectangular ROIs depicted in Figure 6-25. The mean values as well as standard deviation 
are lower when the +15° projections are corrected using flat field images acquired at +15° polar tilt. 

Flat Field Tilt Mean Standard Dev Min Max 

-15 1892.95 41.95 1672 2066 

0 1842.19 40.79 1626 2055 

+15 1674.51 19.55 1574 1762 

Figure 6-25: Projection images of the phantom corrected using flat field images acquired at (LEFT) -15°, (MIDDLE) 0° and 
(RIGHT) +15° polar tilt. Rectangular ROI measured is illustrated in yellow and results are reported in the table below. 
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The measurement of detector offsets was performed using the AZOR data by 

empirically varying the corresponding offset parameter in the reconstruction input deck. 

Once the detector offsets were determined, and an accurate reconstruction of the AZOR 

data was obtained, the same offsets were utilized for reconstruction of the saddle 

acquired data. Representative coronal and sagittal slices are illustrated in Figure 6-26. 

The considerably better sampling performance of the saddle orbit is evident from the 

sagittal reconstructed slices where for the AZOR scan, cone beam sampling artifacts can 

be seen near the sharp edges of the Defrise disks as well as the cylindrical housing. 

Additionally, the blurring of the disks is evident as we move from the center of the 

phantom toward the top, which would represent the chest region of a clinically 

encountered breast. For the saddle reconstruction, the Defrise disks show uniform 

spacing and no blurring in the reconstruction whatsoever. The cone beam sampling 

artifacts around the disks and the cylindrical housing completely disappear as well. 

For the coronal slices, the AZOR shows considerably better performance; the 

resolution rods are reconstructed perfectly, including the smallest spaced 1.1 mm rods 

(Figure 6-26), whereas for the saddle reconstruction, major blurring artifacts can be seen 

in the coronal plane. This is likely due to less than optimal synchronization between the 

x-ray generator and the “sync” signal from the flat panel detector (ref Section 5.3). The 

CT acquisition code is dependent on the time taken for the system to move from one 

projection angle to the other. An error in the timing would result in projections being 
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acquired out of sync, while the system is still in motion, resulting in a mismatch between 

the polar tilt angle defined by the saddle orbit, and the angle at which the projections are 

actually acquired. This hypothesis needs to be further investigated in the future.  

 Optimization of the geometric calibration of the system as well as the generator 

– detector synchronization, in order to obtain accurate reconstructions, is currently 

under way. Overall, these projection and reconstructed phantom data represent the first 

images acquired with a fully 3D tilt capable dual modality SPECT-CT. This system is 

currently the only one of its kind in the universe!  
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Figure 6-26: Reconstructed image slices of the Defrise disk + rod phantom scanned with 
(LEFT COLUMN) AZOR and (RIGHT COLUMN) saddle orbits. (TOP ROW) Sagittal 
slices show the better sampling performance of the complex acquisition orbit compared 
to the AZOR; (BOTTOM ROW) coronal slices of the phantom show an ideal 
reconstruction of the resolution rods with the AZOR orbit and some inconsistencies in 
the coronal plane for the saddle orbit, likely due to less than optimal synchronization 
between the x-ray generator and flat panel detector.  
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7 Concluding Remarks 
A first of its kind, hybrid SPECT-CT breast imaging device with each individual 

sub-system possessing the capability to perform complex arbitrary orbits, was designed 

and successfully developed. Saddle orbits and their effect on key physical measures like 

scatter, dose and reconstructed HU values, were thoroughly evaluated and compared to 

traditional simple circular AZOR orbits. These studies highlighted the significantly 

better performance of complex acquisition trajectories and emphasize the potential of tilt 

capable imaging systems for BCT, and possibly other imaging applications. The dual 

modality imaging system developed here would provide more complete sampling of the 

target volume and improved anterior chest wall access for pendant breast imaging, in 

addition to allowing the acquisition of anatomical and physiological information in a 

common FOV. The fully 3D images provided by the system can be used towards 

accurate localization and quantification of breast tumors; the system shows promise for 

use as a screening as well as diagnostic device. 

Initial studies for this dissertation were performed on the fixed tilt CT sub-

system (System 1) to characterize the effect of x-ray scatter on various geometric 

phantoms filled with simulated breast densities. Water and methanol were chosen as 

close matches to simulate glandular and adipose breast tissue respectively. A previously 

well-established BSA scatter correction method was used for this study and a new 

metric – “normalized scatter contribution” was developed as a means to investigate the 
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effect of scatter on 3D reconstructed volumes, in addition to gauging the performance of 

the employed scatter correction algorithm.  

The study illustrated the strong dependence of scatter on shape, size and 

material composition of the target object. The scatter correction algorithm yields 

reconstructed attenuation coefficients within 8% of standard NIST values. However, 

NSC volumes demonstrated that despite the excellent tissue quantification accuracy 

provided by scatter correction, the process introduces non-uniformity in the 

reconstructed volumes. NSC volumes provide a means to quantify and compare this 

non uniformity under different conditions. No significance could be established for 

dependence of NSC on physical parameter; however, this investigation highlighted the 

necessity of a residual correction method for scatter corrected volumes, for possible 

improvements in within-slice uniformity and achieve better than 8% quantification.   

Clinical studies on this system showed that these artifacts are somewhat reduced 

due to the high frequency detail present in a breast. Although the system demonstrated 

the effectiveness of acquiring dual modality images, a few shortcomings were observed 

during patient scans. The 2520 FPD employed has a ~4 cm dead edge at the top of the 

detector, thereby limiting chest wall access. The 15.4 cm FOV at isocenter provided by 

the 2520 was less than optimal and resulted in truncation artifacts for 3 out of the 7 

patients scanned under the ongoing IRB approved protocol. Additionally, the system 

only performed simple circular orbits which are known to cause cone beam divergence 
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artifacts away from the central x-ray beam (especially near the chest and the nipple). To 

overcome these drawbacks, firstly, a large area, high resolution 4030 FPD was acquired 

and secondly, a new system with polar tilting capability was developed. The 2520 was 

replaced with this new detector which provided a 24 cm FOV at the isocenter and thus, 

the second generation, fixed tilt SPECT-CT system came into existence. The detector was 

thoroughly evaluated by measuring the 2D and 3D MTF, spatial resolution, in addition 

to one clinical data acquisition. 

During the design and development of the third generation system, the effect of 

complex arbitrary orbits was concurrently investigated on a standalone BCT system. 

Although a different CT system is used for the characterization, the results hold true for 

the new system, since the saddle and AZOR data are acquired under the same system 

parameters and x-ray technique factors, rendering the trajectory related differences 

independent of the system. As a continuation of the scatter characterization study, the 

effect of acquisition orbits was investigated using the saddle (±15° polar tilt) and AZOR 

orbits. Results clearly portray the increase in scatter and therefore 2D SPR measured on 

projection images acquired with tilted orbits. Due to the longer path length of x-rays 

travelling through the target volume, the probability of x-ray photons scattering 

increases and therefore, the 2D SPR measured on projection images is higher.   

The next step was to evaluate the differences in dose delivered by the two orbits. 

Although saddle orbits provide better sampling close to the chest wall, dose is still a 
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concern from a patient safety stand point. Monte Carlo simulations as well as physical 

measurements with radiochromic film were performed. One Monte Carlo simulation of 

a CT scan took close to a month a small (10 cm diameter) cylindrical phantom. 

Simulations only serve as a guide towards the right answer of any experiment; the 

measured dose values in the cylindrical volume only showed a marginal difference from 

the simulation results. Therefore, we decided to not pursue additional simulation 

studies and rather focused on physical measurements. 

Radiochromic films offer a convenient alternative to standard TLDs for dose 

studies, since they are convenient to use and are unreactive to water and methanol, 

which are primarily used in our lab to simulate breast densities. Physical measurements 

also showed that dose delivered by a saddle orbit was marginally different from the 

dose delivered by AZOR orbits. All measured dose values were lower than the standard 

6 mGy mammography dose limit. These results prove that not only do saddle orbits 

provide better sampling, but they also deliver less dose than dual-view mammography. 

One limitation of this study was the lack of chest wall simulating material above the 

phantom volumes. Since saddle orbits have projection views looking into the chest wall, 

some dose might be delivered to the axillary region which needs to be further 

investigated in the future. 

Although differences in sampling between saddle and AZOR orbits have been 

studied before, a detailed investigation of attenuation coefficients and consequently HU 
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values had not been pursued until now. Cylindrical phantoms filled with water were 

used to investigate trajectory related differences in HU, as well as compare the HU 

accuracy of the saddle orbit to clinically recommended guidelines. The cylinders were 

scanned with two different orbits, and the data were reconstructed using the OSC 

algorithm. A slice by slice investigation of HU values in reconstructed volumes revealed 

that the AZOR orbit results in substantial artifacts near the chest and nipple region of a 

pendant volume. Visible shading artifacts on the images result in very high HU 

variability in slices near the nipple region. Although these shading artifacts would be 

less visible on clinical, smoothly varying, breast shaped volumes, they would still be 

present due to insufficient sampling near the chest and nipple. 

In comparison, the saddle orbit performs significantly better and has a much 

tighter distribution of HU values, in addition to adequately sampling the chest and 

nipple regions, with no artifact introduction. The ACR recommends that clinical CT 

scanners must have the mean value of water between ±7 HU. With the saddle orbit, the 

measured mean value of water was < ±6HU for all cases. These results show that saddle 

orbits provide better sampling and can possibly improve tissue quantification neat the 

chest and nipple regions of a breast compared to traditional orbits. These results also 

pave the way for use of complex arbitrary orbits for applications other than BCT. 

Several different ideas were considered to facilitate polar tilting of the CT system, 

such as the use of a goniometer, pistons, a fixed track, etc. The Solidworks designs of the 
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system also underwent multiple iterations before settling on the final version (Figure 

7-1) which was manufactured and assembled in our lab.  

 

Figure 7-1: Evolution of the Solidworks design of the SPECT-CT system from initial 
goniometer based polar tilting mechanism, to one with solid pivot posts and pulleys, to 
the final version where the pivot posts are constructed out of 80/20 bars and a mounted 
bearing.  

Initial calibration of the hardware and software integration of all components 

was performed in order to achieve seamless data acquisition. Due to the difficulty in 

acquiring a generator for the x-ray source intended for this system, an older x-ray tube 
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has been temporarily affixed to this system for geometric calibrations and detector offset 

measurements. Once a new generator can be acquired, the intended (Rad 70D) source 

will be integrated back into the system. 

With the current system set-up, a 240 projection AZOR scan requires ~4 minutes. 

At the same speed, a saddle scan requires ~8 minutes; however, since the system 

performs a full CT scan in a ‘step-and-shoot fashion’, the polar tilting and azimuthal 

rotation movement for each projection angle results in considerable system vibration. 

The enlarged SID due to the Rad 94 x-ray source results in a distribution of weight 

farther away from the pivot point, increasing the inertia that needs to be overcome when 

moving the system from a stationary position. This results in an amplification of the 

system vibration, which would otherwise be reduced with the Rad 70D x-ray source and 

smaller SID. This vibration can be reduced by slowing down the speed of the linear and 

azimuthal motors; however this would result in longer scan times (~12 minutes), which 

is not feasible in a clinical setting. Example projection images from a 12 minute scan and 

the corresponding sinogram are illustrated in Figure 7-2; at this speed, the system 

suffers from minimal vibration resulting in no motion artifacts, as evident from the 

smooth curves of the sinogram. An alternative way to resolve this problem in the future 

is by fortifying the pivots and / or using a more rigid mounted bearing to minimize the 

vibration. Effects of this vibration on image quality are yet to be investigated. 
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Figure 7-2: (CLOCKWISE from TOP LEFT) Projection image of Defrise disk + rod 
phantom acquired with an AZOR orbit, sinogram of the 240 projection scan and 
zoomed area of sinogram (depicted by Yellow dashed box) illustrating the absence of 
motion related artifacts on the sinogram. 
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Clinical studies performed on the first and second generation systems have 

shown that patient respiratory motion or other movement when lying on the bed, cause 

motion artifacts and affect image quality. This is primarily due to the duration of the CT 

procedure, which took ~ 6 minutes. With the added capability of polar tilting, the system 

currently  requires ~ 8 minutes to perform a full 360° azimuthal CT, in step and shoot 

mode. This longer scan time will potentially result in greater motion related artifacts. 

Therefore, a major future consideration for the system would be to explore the feasibility 

of continuous scans using complex trajectories.  

The evolution of the SPECT-CT system from a fixed tilt CT, to a fixed tilt CT with 

a larger detector and finally to a system where the SPECT and CT sub-systems are both 

capable of polar tilting, is illustrated in Figure 7-3. During the course of this thesis work, 

our vision of this tilt capable device went from a mere concept, to designs and finally to 

a fully functional system. In its current form, this SPECT-CT imaging system is the only 

device in the world where both sub-systems capable of performing saddle trajectories.   
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Figure 7-3: Evolution of the hybrid SPECT-CT imaging system from (TOP) the first 
generation system with the 2520 FPD, to (MID) a second generation, larger FOV, closer 
to chest wall system with the 4030 FPD and finally (BOTTOM) the third generation 
system with fully tilt capable SPECT and CT sub-systems. Note that the SPECT system, 
orthogonal to the CT, did not change during this evolution, except for the mounting 
mechanism which was redesigned for the current geometry. 
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Appendix A: MATLAB Code - Offset, Gain and Bad Pixel 
Correction  
% This code does all the Corrections for Varian 4030 
% 1. Manual Gain and Offset Corrections 
% 2. Line Corrections (hard coded based on pre-determined bad lines) 
% 3. Optional Cropping 
% 4. Rotate files and create .prj for OSC reconstruction 
  
% Created by: Jainil Shah 
% Last updated: 04/23/13 
% Last modified: 05/21/2014 
  
  
close all; clear all; clc; 
tic 
  
%%%%%%%%%%%%%%%%% Initializing Directories & Processes 
%%%%%%%%%%%%%%%%%%%% 
  
MainDirName = 'BreastTumorExpt_AJK\ReScan'; %Change this to parent 
directory name 
  
%MainDir = 'C:\IMAGERs\4030E_L07B30_FL_CT\BigLesion_1000ml'; 
MainDir = ['C:\IMAGERs\4030E_L07B30_FL_CT\' MainDirName ]; 
cd(MainDir) 
mkdir RAWDATA_Corrected 
% mkdir RAWDATA_BSA_Corrected 
% mkdir BSA_Air_Corrected 
mkdir Flats_Corrected 
  
ReconType = 'OSC'; % Change to 'OSTR' or 'OSC' 
  
Projections = 'y'; % Change 'n' if projections do not exist 
BSA_Projections = 'n'; 
  
if Projections == 'y' 
    %ProjDir = 
'C:\IMAGERs\4030E_L07B30_FL_CT\650mlW25ml_Cold_05022014\RAWDATA'; 
    ProjDir = ['C:\IMAGERs\4030E_L07B30_FL_CT\' MainDirName 
'\RAWDATA']; 
    Angles = 0:95; % Normally 240 
elseif BSA_Projections == 'y' 
    %ProjDir = 
'C:\IMAGERs\4030E_L07B30_FL_CT\650mlW25ml_Cold_05022014\BSA_Air'; 
    ProjDir = ['C:\IMAGERs\4030E_L07B30_FL_CT\' MainDirName 
'\BSA_Air']; 
    Angles = 0:359; 
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end 
  
%OutputProjDir = 
'C:\IMAGERs\4030E_L07B30_FL_CT\650mlW25ml_Cold_05022014\RAWDATA_Correct
ed'; 
OutputProjDir = ['C:\IMAGERs\4030E_L07B30_FL_CT\' MainDirName 
'\RAWDATA_Corrected']; 
%OutputFileName = 'Defrise_Test_04072014.prj'; 
OutputFileName = [MainDirName '_RAWDATA_Corrected.prj']; 
  
Flats = 'y'; 
%FlatsDir = 
'C:\IMAGERs\4030E_L07B30_FL_CT\650mlW25ml_Cold_05022014\Flats'; 
FlatsDir = ['C:\IMAGERs\4030E_L07B30_FL_CT\' MainDirName '\Flats']; 
Angles_Flats = 0:39; % Normally 40 
  
%OutputFlatsDir = 
'C:\IMAGERs\4030E_L07B30_FL_CT\650mlW25ml_Cold_05022014\Flats_Corrected
'; 
OutputFlatsDir = ['C:\IMAGERs\4030E_L07B30_FL_CT\' MainDirName 
'\Flats_Corrected']; 
%OutputFlatsFileName = 'Flats_04102014.prj'; 
OutputFlatsFileName = [MainDirName '_Flats.prj']; 
  
%GainDir = 
'C:\IMAGERs\4030E_L07B30_FL_CT\650mlW25ml_Cold_05022014\Offset'; 
GainDir = ['C:\IMAGERs\4030E_L07B30_FL_CT\' MainDirName '\Offset']; 
  
Crop ='n'; % Currently crops images to 1072 X 1300 
ScatterCrop ='n'; %Crop x=12:890, y=168:1528 for Scatter code 
  
Bin = 0; % Bin size = 0 (1X1; 2304X3200) 1 (normal; 1152X1300). 
Increments 2 (536X650), 4 (268X325), 8(134X163) etc 
  
% BadPixelCorrection = 'n'; % Change 'n' to 'y' for pixel corrections.  
                            % Use the right Bad Pixel Map 
  
LineCorrection = 'y'; % Change 'n' if not to have Pixel Correction on 
  
% CropImage = 'n'; % Change 'y' if cropping image is desired or 'n' if 
not 
  
% rows=1152;%1152; (2X2)     
% cols=1600;%1600;  
  
rows = 2304; 
cols = 3200; %(1x1) 
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rows_crop = 879; cols_crop = 1361; 
  
% if BadPixelCorrection == 'n' 
%             NewProjDir = '/home/mmilab/Jainil/Bad Pixel Maps'; 
%             cd(NewProjDir) 
%             fid3 = fopen('Badpixels_7Feb2012.raw','r'); %Change to 
filename of your mask 
%             badpix = fread(fid3,'uint16'); 
%             badpixels = reshape(badpix,rows,cols); 
% end 
  
%%%%%%%%%%%%%%%%%%%%%%% Average Flats and creat Gain file 
%%%%%%%%%%%%%%%%% 
cd (FlatsDir) 
if Crop == 'y' 
Sum_Flats = zeros(rows_crop, cols_crop); 
else 
Sum_Flats = zeros(rows, cols);    
end  
  
for i=1:length(Angles_Flats) 
    if i<=10 
        FileName = 
strcat('Flats_04132015_0',num2str(Angles_Flats(i)),'.raw'); 
        fid_flats = fopen(FileName,'r'); 
        im_flat = fread(fid_flats,'uint16'); 
        im_flat2 = reshape(im_flat,rows,cols); 
        if Crop == 'y' 
        im_flat3 = im_flat2(12:890, 168:1528);   
        else 
            im_flat3 = im_flat2; 
        end 
        fclose(fid_flats); 
    else 
        FileName = 
strcat('Flats_04132015_',num2str(Angles_Flats(i)),'.raw'); 
        fid_flats = fopen(FileName,'r'); 
        im_flat = fread(fid_flats,'uint16'); 
        im_flat2 = reshape(im_flat,rows,cols); 
        if Crop == 'y' 
        im_flat3 = im_flat2(12:890, 168:1528); 
        else 
            im_flat3 = im_flat2; 
        end 
        fclose(fid_flats); 
    end 
    clear im_flat im_flat2 
     
    Sum_Flats = Sum_Flats + im_flat3; 
end 
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Gain = Sum_Flats./length(Angles_Flats); 
  
%Save Sum of Flats 
cd(GainDir) 
fid_sum = fopen('Sum.raw','a'); 
fwrite(fid_sum,Sum_Flats,'uint16'); 
fclose(fid_sum); 
  
% Save Gain file 
cd(GainDir) 
fid_gain = fopen('Gain.raw','a'); 
fwrite(fid_gain,Gain,'uint16'); 
fclose(fid_gain); 
      
% Open Offset file 
fid_offset = fopen('offset_1x1_2102015.raw','r'); 
offset_im = fread(fid_offset,'uint16'); 
offset = reshape(offset_im,rows,cols); 
if Crop == 'y' 
offset = offset(12:890, 168:1528); 
end 
% figure; imagesc(offset); colormap gray; title('offset'); 
  
%Offset correct Gain file  
Gain = Gain - offset;      
avg_gain = mean(mean(Gain)); 
% figure; imagesc(Gain); colormap gray ; title('gain'); 
  
if Projections == 'y'; 
% Apply Gain, Offset and Line Corrections to Individual Projections 
     
for i = 1:length(Angles) 
    cd(ProjDir) 
    if i<=10 
        FileName = strcat('RAWDATA_Scan5_0',num2str(Angles(i)),'.raw'); 
        fid = fopen(FileName,'r'); 
        im1 = fread(fid,'uint16'); 
        im2 = reshape(im1,rows,cols); 
        if Crop == 'y' 
        im3 = im2(12:890, 168:1528); 
        else 
            im3 = im2; 
        end 
        fclose(fid); 
        clear im1 im2 
    else 
        FileName = strcat('RAWDATA_Scan5_',num2str(Angles(i)),'.raw'); 
        fid = fopen(FileName,'r'); 
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        im1 = fread(fid,'uint16'); 
        im2 = reshape(im1,rows,cols); 
        if Crop == 'y' 
        im3 = im2(12:890, 168:1528); 
        else 
            im3 = im2; 
        end 
        fclose(fid); 
        clear im1 im2 
    end 
  
      % Offset Correction 
      im4 = im3 - offset; 
      % Gain Correction 
      im5 = (im4./Gain); 
      im6 = im5 * avg_gain;  
             
      clear im3 im4 im5        
       
      % Line Correction  
       
        if LineCorrection == 'y' 
%             cd(MainDir) 
            im2_manip = im6; 
             
            for y = 2:1:cols-5 
  
                %%%% For 1X1 use x = 629, 1686 and 2202 
                %%%% For 2X2 use x = 315, 843 and 1101 
                 
    x = 629; 
    im2_manip(x,y)= (im2_manip(x-1,y)+ 
im2_manip(x+1,y)+(1/4)*im2_manip(x+1,y-1)+ 
(1/4)*im2_manip(x+1,y+1)+(1/4)*im2_manip(x-1,y-1)+ (1/4)*im2_manip(x-
1,y+1))/(2+(4*(1/4))); 
    x = 1686; 
    im2_manip(x,y)= (im2_manip(x-1,y)+ 
im2_manip(x+1,y)+(1/4)*im2_manip(x+1,y-1)+ 
(1/4)*im2_manip(x+1,y+1)+(1/4)*im2_manip(x-1,y-1)+ (1/4)*im2_manip(x-
1,y+1))/(2+(4*(1/4))); 
%     x = 274; 
%     im2_manip(x,y)= (im2_manip(x-1,y)+ 
im2_manip(x+1,y)+(1/4)*im2_manip(x+1,y-1)+ 
(1/4)*im2_manip(x+1,y+1)+(1/4)*im2_manip(x-1,y-1)+ (1/4)*im2_manip(x-
1,y+1))/(2+(4*(1/4))); 
%     x = 300; 
%      im2_manip(x,y)= (im2_manip(x-2,y)+ 
im2_manip(x+2,y)+(1/4)*im2_manip(x+2,y-1)+ 
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(1/4)*im2_manip(x+2,y+1)+(1/4)*im2_manip(x-2,y-1)+ (1/4)*im2_manip(x-
2,y+1))/(2+(4*(1/4))); 
%     x = 260; 
%     im2_manip(x,y)= (im2_manip(x-2,y)+ 
im2_manip(x+2,y)+(1/4)*im2_manip(x+2,y-1)+ 
(1/4)*im2_manip(x+2,y+1)+(1/4)*im2_manip(x-2,y-1)+ (1/4)*im2_manip(x-
2,y+1))/(2+(4*(1/4))); 
    
%     x = 315; 
%    im2_manip(x,y)= (im2_manip(x-2,y)+ 
im2_manip(x+2,y)+(1/4)*im2_manip(x+2,y-1)+ 
(1/4)*im2_manip(x+2,y+1)+(1/4)*im2_manip(x-2,y-1)+ (1/4)*im2_manip(x-
2,y+1))/(2+(4*(1/4))); 
%     x = 1101; 
%    im2_manip(x,y)= (im2_manip(x-2,y)+ 
im2_manip(x+2,y)+(1/4)*im2_manip(x+2,y-1)+ 
(1/4)*im2_manip(x+2,y+1)+(1/4)*im2_manip(x-2,y-1)+ (1/4)*im2_manip(x-
2,y+1))/(2+(4*(1/4))); 
%     
%      x = 842; 
%    im2_manip(x,y)= (im2_manip(x-2,y)+ 
im2_manip(x+2,y)+(1/4)*im2_manip(x+2,y-1)+ 
(1/4)*im2_manip(x+2,y+1)+(1/4)*im2_manip(x-2,y-1)+ (1/4)*im2_manip(x-
2,y+1))/(2+(4*(1/4))); 
%     x = 843; 
%    im2_manip(x,y)= (im2_manip(x-2,y)+ 
im2_manip(x+2,y)+(1/4)*im2_manip(x+2,y-1)+ 
(1/4)*im2_manip(x+2,y+1)+(1/4)*im2_manip(x-2,y-1)+ (1/4)*im2_manip(x-
2,y+1))/(2+(4*(1/4))); 
%     
%    x = 1087; 
%   im2_manip(x,y)= (im2_manip(x-2,y)+ 
im2_manip(x+2,y)+(1/4)*im2_manip(x+2,y-1)+ 
(1/4)*im2_manip(x+2,y+1)+(1/4)*im2_manip(x-2,y-1)+ (1/4)*im2_manip(x-
2,y+1))/(2+(4*(1/4))); 
   x = 2202; 
   im2_manip(x,y)= (im2_manip(x-2,y)+ 
im2_manip(x+2,y)+(1/4)*im2_manip(x+2,y-1)+ 
(1/4)*im2_manip(x+2,y+1)+(1/4)*im2_manip(x-2,y-1)+ (1/4)*im2_manip(x-
2,y+1))/(2+(4*(1/4))); 
     
     
            end 
         
            im7 = im2_manip; 
%             clear im2_manip im6 
%         else 
%             im7 = im6; 
        end 
            % Re-binning 
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            if Bin > 1  
            im8 = downsample(im7,Bin); 
            im9 = downsample(im8',Bin); 
            clear im7 
            im7 = im9'; 
            % Saving re-binned projections 
            cd(OutputProjDir) 
            %Added this check to prevent appending to existing files if 
a 
            %mistake is made - Steve 
            if i == 3 
                fid2 = fopen(FileName,'w'); 
                fwrite(fid2, im7, 'uint16'); 
                fclose(fid2); 
            else 
                fid2 = fopen(FileName,'a'); 
                fwrite(fid2, im7, 'uint16'); 
                fclose(fid2); 
            end 
            else 
                cd(OutputProjDir) 
                if ScatterCrop == 'y'; 
                    %Added this check to prevent appending to existing 
files if a 
                    %mistake is made - Steve 
                    if i ==3 
                        fid2 = fopen(FileName,'w'); 
                        fwrite(fid2, im7(12:890,168:1528), 'uint16'); 
%Image size 
                        fclose(fid2); 
                    else 
                        fid2 = fopen(FileName,'a'); 
                        fwrite(fid2, im7(12:890,168:1528), 'uint16'); 
%Image size 
                        fclose(fid2); 
                    end 
                else 
                    %Added this check to prevent appending to existing 
files if a 
                    %mistake is made - Steve 
                    if i == 3 
                        fid2 = fopen(FileName,'w'); 
                        fwrite(fid2, im7, 'uint16'); %Image size Normal 
                        fclose(fid2); 
                    else 
                        fid2 = fopen(FileName,'a'); 
                        fwrite(fid2, im7, 'uint16'); %Image size Normal 
                        fclose(fid2); 
                    end 
                end 
            end 
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            clear im8 im9 
         
        % Rotating projections for Recon 
        if ReconType == 'OSC' 
            im8 = rot90(im7); 
        end 
       
        % Write out .prj File 
        cd(OutputProjDir) 
        if Bin > 1 
            OutputFileName = strcat('BreastTumors_Scan5_', 
num2str(Bin),'X' , num2str(Bin),'.prj'); 
        else 
            OutputFileName = ['ReScan_BreastTumors.prj']; 
        end 
         
%         %Added this check to prevent appending to existing files if a 
%         %mistake is made - Steve 
%         if i == 1 
%             fidout = fopen(OutputFileName,'w'); 
%             fwrite(fidout, im8, 'uint16'); 
%             fclose(fidout); 
%         else 
            fidout = fopen(OutputFileName,'a'); 
            fwrite(fidout, im8, 'uint16'); 
            fclose(fidout); 
%         end 
        clear im7 im8 
         
        disp(['Completed Image Number: ' num2str(i)])    %Show progress 
of re-bin 
         
end 
clear im1 im2 im3 im4 im5 im6 im7 im8 
  
elseif BSA_Projections == 'y' 
for i = 1:1:length(Angles) 
    cd(ProjDir) 
    if i<=10 
        FileName = strcat('BSA_Air_0',num2str(Angles(i)),'.raw'); 
        fid = fopen(FileName,'r'); 
        im1 = fread(fid,'uint16'); 
        im2 = reshape(im1,rows,cols); 
        if Crop == 'y' 
        im3 = im2(12:890, 168:1528); 
        else 
            im3 = im2; 
        end 
        fclose(fid); 
        clear im1 im2 
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    else 
        FileName = 
strcat('PatientScan_BSA_061314_',num2str(Angles(i)),'.raw'); 
        fid = fopen(FileName,'r'); 
        im1 = fread(fid,'uint16'); 
        im2 = reshape(im1,rows,cols); 
        if Crop == 'y' 
        im3 = im2(12:890, 168:1528); 
        else 
            im3 = im2; 
        end 
        fclose(fid); 
        clear im1 im2 
    end 
        
      % Offset Correction 
      im4 = im3 - offset; 
      % Gain Correction 
      im5 = (im4./Gain); 
      im6 = im5 * avg_gain;  
             
      clear im3 im4 im5        
       
      % Line Correction  
       
        if LineCorrection == 'y' 
%             cd(MainDir) 
            im2_manip = im6; 
             
            for y = 2:1:cols-5 
  
                %%%% For 1X1 use x = 629, 1686 and 2202 
                %%%% For 2X2 use x = 315, 843 and 1101 
                 
    x = 315; 
    im2_manip(x,y)= (im2_manip(x-1,y)+ 
im2_manip(x+1,y)+(1/4)*im2_manip(x+1,y-1)+ 
(1/4)*im2_manip(x+1,y+1)+(1/4)*im2_manip(x-1,y-1)+ (1/4)*im2_manip(x-
1,y+1))/(2+(4*(1/4))); 
    x = 1686/2; 
    im2_manip(x,y)= (im2_manip(x-1,y)+ 
im2_manip(x+1,y)+(1/4)*im2_manip(x+1,y-1)+ 
(1/4)*im2_manip(x+1,y+1)+(1/4)*im2_manip(x-1,y-1)+ (1/4)*im2_manip(x-
1,y+1))/(2+(4*(1/4))); 
%     x = 274; 
%     im2_manip(x,y)= (im2_manip(x-1,y)+ 
im2_manip(x+1,y)+(1/4)*im2_manip(x+1,y-1)+ 
(1/4)*im2_manip(x+1,y+1)+(1/4)*im2_manip(x-1,y-1)+ (1/4)*im2_manip(x-
1,y+1))/(2+(4*(1/4))); 
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%     x = 300; 
%      im2_manip(x,y)= (im2_manip(x-2,y)+ 
im2_manip(x+2,y)+(1/4)*im2_manip(x+2,y-1)+ 
(1/4)*im2_manip(x+2,y+1)+(1/4)*im2_manip(x-2,y-1)+ (1/4)*im2_manip(x-
2,y+1))/(2+(4*(1/4))); 
%     x = 260; 
%     im2_manip(x,y)= (im2_manip(x-2,y)+ 
im2_manip(x+2,y)+(1/4)*im2_manip(x+2,y-1)+ 
(1/4)*im2_manip(x+2,y+1)+(1/4)*im2_manip(x-2,y-1)+ (1/4)*im2_manip(x-
2,y+1))/(2+(4*(1/4))); 
    
%     x = 315; 
%    im2_manip(x,y)= (im2_manip(x-2,y)+ 
im2_manip(x+2,y)+(1/4)*im2_manip(x+2,y-1)+ 
(1/4)*im2_manip(x+2,y+1)+(1/4)*im2_manip(x-2,y-1)+ (1/4)*im2_manip(x-
2,y+1))/(2+(4*(1/4))); 
%     x = 1101; 
%    im2_manip(x,y)= (im2_manip(x-2,y)+ 
im2_manip(x+2,y)+(1/4)*im2_manip(x+2,y-1)+ 
(1/4)*im2_manip(x+2,y+1)+(1/4)*im2_manip(x-2,y-1)+ (1/4)*im2_manip(x-
2,y+1))/(2+(4*(1/4))); 
%     
%      x = 842; 
%    im2_manip(x,y)= (im2_manip(x-2,y)+ 
im2_manip(x+2,y)+(1/4)*im2_manip(x+2,y-1)+ 
(1/4)*im2_manip(x+2,y+1)+(1/4)*im2_manip(x-2,y-1)+ (1/4)*im2_manip(x-
2,y+1))/(2+(4*(1/4))); 
%     x = 843; 
%    im2_manip(x,y)= (im2_manip(x-2,y)+ 
im2_manip(x+2,y)+(1/4)*im2_manip(x+2,y-1)+ 
(1/4)*im2_manip(x+2,y+1)+(1/4)*im2_manip(x-2,y-1)+ (1/4)*im2_manip(x-
2,y+1))/(2+(4*(1/4))); 
%     
%    x = 1087; 
%   im2_manip(x,y)= (im2_manip(x-2,y)+ 
im2_manip(x+2,y)+(1/4)*im2_manip(x+2,y-1)+ 
(1/4)*im2_manip(x+2,y+1)+(1/4)*im2_manip(x-2,y-1)+ (1/4)*im2_manip(x-
2,y+1))/(2+(4*(1/4))); 
   x = 2202/2; 
   im2_manip(x,y)= (im2_manip(x-2,y)+ 
im2_manip(x+2,y)+(1/4)*im2_manip(x+2,y-1)+ 
(1/4)*im2_manip(x+2,y+1)+(1/4)*im2_manip(x-2,y-1)+ (1/4)*im2_manip(x-
2,y+1))/(2+(4*(1/4))); 
     
     
            end 
         
            im7 = im2_manip; 
%             clear im2_manip im6 
%         else 
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%             im7 = im6; 
        end 
            % Re-binning 
            if Bin > 1  
            im8 = downsample(im7,Bin); 
            im9 = downsample(im8',Bin); 
            clear im7 
            im7 = im9'; 
            % Saving re-binned projections 
            cd(OutputProjDir) 
             
            %Added this check to prevent appending to existing files if 
a 
            %mistake is made - Steve 
            if i == 1 
                fid2 = fopen(FileName,'w'); 
                fwrite(fid2, im7, 'uint16'); 
                fclose(fid2); 
            else 
                fid2 = fopen(FileName,'a'); 
                fwrite(fid2, im7, 'uint16'); 
                fclose(fid2); 
            end 
            else 
                cd(OutputProjDir) 
                if ScatterCrop == 'y'; 
                     
                    %Added this check to prevent appending to existing 
files if a 
                    %mistake is made - Steve 
                    if i == 1 
                        fid2 = fopen(FileName,'w'); 
                        fwrite(fid2, im7(12:890,168:1528), 'uint16'); 
%Image size 
                        fclose(fid2); 
                    else 
                        fid2 = fopen(FileName,'a'); 
                        fwrite(fid2, im7(12:890,168:1528), 'uint16'); 
%Image size 
                        fclose(fid2); 
                    end 
                else 
                     
                    %Added this check to prevent appending to existing 
files if a 
                    %mistake is made - Steve 
                    if i == 1 
                        fid2 = fopen(FileName,'w'); 
                        fwrite(fid2, im7, 'uint16'); %Image size Normal 
                        fclose(fid2); 
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                    else 
                        fid2 = fopen(FileName,'a'); 
                        fwrite(fid2, im7, 'uint16'); %Image size Normal 
                        fclose(fid2); 
                    end 
            end  
            end 
            clear im8 im9 
         
        % Rotating projections for Recon 
        if ReconType == 'OSC' 
            im8 = rot90(im7); 
        end 
       
        % Write out .prj File 
        cd(OutputProjDir) 
        if Bin > 1 
            OutputFileName = strcat('PatientScan_BSA_061314__binned_', 
num2str(Bin),'X' , num2str(Bin),'.prj'); 
        else 
            %OutputFileName = 'PatientScan_BSA_061314__0502014.prj'; 
            OutputFileName = [MainDirName 
'_PatientScan_BSA_061314_.prj']; 
        end 
        %Added this check to prevent appending to existing files if a 
        %mistake is made - Steve 
        if i==1 
            fidout = fopen(OutputFileName,'w'); 
            fwrite(fidout, im8, 'uint16'); 
            fclose(fidout); 
        else 
             
            fidout = fopen(OutputFileName,'a'); 
            fwrite(fidout, im8, 'uint16'); 
            fclose(fidout); 
        end 
        clear im7 im8 
         
        disp(['Completed Image Number: ' num2str(i)])    %Show progress 
of re-bin 
         
end 
clear im1 im2 im3 im4 im5 im6 im7 im8     
  
  
end 
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%-----------------------------FLATS------------------------------------
-- 
if Flats == 'y' 
       
for i = 1:length(Angles_Flats) 
    cd(FlatsDir) 
    if i<=10 
        FileName = 
strcat('Flats_04132015_0',num2str(Angles_Flats(i)),'.raw'); 
        fid_flats = fopen(FileName,'r'); 
        im_flat = fread(fid_flats,'uint16'); 
        im_flat2 = reshape(im_flat,rows,cols); 
        if Crop == 'y' 
        im_flat3 = im_flat2(12:890, 168:1528); 
        else 
            im_flat3 = im_flat2; 
        end 
        fclose(fid_flats); 
    else 
        FileName = 
strcat('Flats_04132015_',num2str(Angles_Flats(i)),'.raw'); 
        fid_flats = fopen(FileName,'r'); 
        im_flat = fread(fid_flats,'uint16'); 
        im_flat2 = reshape(im_flat,rows,cols); 
        if Crop == 'y' 
        im_flat3 = im_flat2(12:890, 168:1528); 
        else 
            im_flat3 = im_flat2; 
        end 
        fclose(fid_flats); 
    end 
%     display('Jainil should not hard-code file names.') 
    clear im_flat im_flat2 
        
      % Offset Correction 
      im4 = im_flat3 - offset; 
      % Gain Correction 
      im5 = (im4./Gain); 
      im6 = im5 * avg_gain;  
             
      clear im3 im4 im5        
       
      % Line Correction  
       
        if LineCorrection == 'y' 
%             cd(MainDir) 
            im2_manip = im6; 
             
            for y = 2:1:cols-5 
 %%%% For 1X1 use x = 629, 1686 and 2202 
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                %%%% For 2X2 use x =  
                 
    x = ceil(629); 
    im2_manip(x,y)= (im2_manip(x-1,y)+ 
im2_manip(x+1,y)+(1/4)*im2_manip(x+1,y-1)+ 
(1/4)*im2_manip(x+1,y+1)+(1/4)*im2_manip(x-1,y-1)+ (1/4)*im2_manip(x-
1,y+1))/(2+(4*(1/4))); 
    x = 1686; 
    im2_manip(x,y)= (im2_manip(x-1,y)+ 
im2_manip(x+1,y)+(1/4)*im2_manip(x+1,y-1)+ 
(1/4)*im2_manip(x+1,y+1)+(1/4)*im2_manip(x-1,y-1)+ (1/4)*im2_manip(x-
1,y+1))/(2+(4*(1/4))); 
%     x = 274; 
%     im2_manip(x,y)= (im2_manip(x-1,y)+ 
im2_manip(x+1,y)+(1/4)*im2_manip(x+1,y-1)+ 
(1/4)*im2_manip(x+1,y+1)+(1/4)*im2_manip(x-1,y-1)+ (1/4)*im2_manip(x-
1,y+1))/(2+(4*(1/4))); 
%     x = 300; 
%      im2_manip(x,y)= (im2_manip(x-2,y)+ 
im2_manip(x+2,y)+(1/4)*im2_manip(x+2,y-1)+ 
(1/4)*im2_manip(x+2,y+1)+(1/4)*im2_manip(x-2,y-1)+ (1/4)*im2_manip(x-
2,y+1))/(2+(4*(1/4))); 
%     x = 260; 
%     im2_manip(x,y)= (im2_manip(x-2,y)+ 
im2_manip(x+2,y)+(1/4)*im2_manip(x+2,y-1)+ 
(1/4)*im2_manip(x+2,y+1)+(1/4)*im2_manip(x-2,y-1)+ (1/4)*im2_manip(x-
2,y+1))/(2+(4*(1/4))); 
    
%     x = 315; 
%    im2_manip(x,y)= (im2_manip(x-2,y)+ 
im2_manip(x+2,y)+(1/4)*im2_manip(x+2,y-1)+ 
(1/4)*im2_manip(x+2,y+1)+(1/4)*im2_manip(x-2,y-1)+ (1/4)*im2_manip(x-
2,y+1))/(2+(4*(1/4))); 
%     x = 1101; 
%    im2_manip(x,y)= (im2_manip(x-2,y)+ 
im2_manip(x+2,y)+(1/4)*im2_manip(x+2,y-1)+ 
(1/4)*im2_manip(x+2,y+1)+(1/4)*im2_manip(x-2,y-1)+ (1/4)*im2_manip(x-
2,y+1))/(2+(4*(1/4))); 
%     
%      x = 842; 
%    im2_manip(x,y)= (im2_manip(x-2,y)+ 
im2_manip(x+2,y)+(1/4)*im2_manip(x+2,y-1)+ 
(1/4)*im2_manip(x+2,y+1)+(1/4)*im2_manip(x-2,y-1)+ (1/4)*im2_manip(x-
2,y+1))/(2+(4*(1/4))); 
%     x = 843; 
%    im2_manip(x,y)= (im2_manip(x-2,y)+ 
im2_manip(x+2,y)+(1/4)*im2_manip(x+2,y-1)+ 
(1/4)*im2_manip(x+2,y+1)+(1/4)*im2_manip(x-2,y-1)+ (1/4)*im2_manip(x-
2,y+1))/(2+(4*(1/4))); 
%     
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%    x = 1087; 
%   im2_manip(x,y)= (im2_manip(x-2,y)+ 
im2_manip(x+2,y)+(1/4)*im2_manip(x+2,y-1)+ 
(1/4)*im2_manip(x+2,y+1)+(1/4)*im2_manip(x-2,y-1)+ (1/4)*im2_manip(x-
2,y+1))/(2+(4*(1/4))); 
   x = 2202; 
   im2_manip(x,y)= (im2_manip(x-2,y)+ 
im2_manip(x+2,y)+(1/4)*im2_manip(x+2,y-1)+ 
(1/4)*im2_manip(x+2,y+1)+(1/4)*im2_manip(x-2,y-1)+ (1/4)*im2_manip(x-
2,y+1))/(2+(4*(1/4))); 
           
            end 
       
            im7 = im2_manip; 
        else 
            im7 = im6; 
            clear im2_manip im6 
        end 
            % Re-binning 
            if Bin > 1  
            im8 = downsample(im7,Bin); 
            im9 = downsample(im8',Bin); 
            clear im7 
            im7 = im9'; 
            % Saving Re-binned projections 
            cd(OutputFlatsDir) 
         
            %Added this check to prevent appending to existing files if 
a 
            %mistake is made - Steve 
            if i == 1 
                fid2 = fopen(FileName,'w'); 
                fwrite(fid2, im7, 'uint16'); 
                fclose(fid2); 
            else 
                fid2 = fopen(FileName,'a'); 
                fwrite(fid2, im7, 'uint16'); 
                fclose(fid2); 
            end 
             
            else 
            cd(OutputFlatsDir) 
            if ScatterCrop == 'y'; 
                %Added this check to prevent appending to existing 
files if a 
                %mistake is made - Steve 
                if i == 1 
                    fid2 = fopen(FileName,'w'); 
                    fwrite(fid2, im7(12:890,168:1528), 'uint16'); 
%Image size 
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                    fclose(fid2); 
                else 
                    fid2 = fopen(FileName,'a'); 
                    fwrite(fid2, im7(12:890,168:1528), 'uint16'); 
%Image size 
                    fclose(fid2); 
                end 
            else 
                %Added this check to prevent appending to existing 
files if a 
                %mistake is made - Steve 
                 
        if i == 1 
            fid2 = fopen(FileName,'w'); 
            fwrite(fid2, im7, 'uint16'); 
            fclose(fid2); 
        else 
            fid2 = fopen(FileName,'a'); 
            fwrite(fid2, im7, 'uint16'); 
            fclose(fid2); 
        end 
            end 
            end 
            clear im8 im9 
             
        if ReconType == 'OSC' 
            im8 = rot90(im7); 
        end 
       
        % Write out .prj File 
        cd(OutputFlatsDir) 
        if Bin > 1 
            OutputFlatsFileName = strcat('Flats_binned_', 
num2str(Bin),'X' , num2str(Bin),'.prj'); 
        else 
            %OutputFlatsFileName = 'Flats_05022014.prj';  
            OutputFlatsFileName = [ 'Rescan_Flats.prj']; %MainDirName 
        end 
         
        %Added this check to prevent appending to existing files if a 
        %mistake is made - Steve 
        if i == 1 
            fidout = fopen(OutputFlatsFileName,'w'); 
            fwrite(fidout, im8, 'uint16'); 
            fclose(fidout); 
        else 
            fidout = fopen(OutputFlatsFileName,'a'); 
            fwrite(fidout, im8, 'uint16'); 
            fclose(fidout); 
        end 
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        clear im7 im8 
         
        disp(['Completed Image Number: ' num2str(i)])    %Show progress 
of re-bin 
        
end 
  
clear im1 im2 im3 im4 im5 im6 im7 im8 
  
end 
  
toc 
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Appendix B: MATLAB Code: Slice by Slice HU 
measurement 
%Measuring ROI statistics from recon volume, slice by slice 
%%%%%%%%%%% for single input volume - OSC%%%%%%%%%%%%%%%%%%%%%%%% 
%Created by : Jainil Shah 
%Date created: 07/14/2014 
%Date Modified: 07/01/201 
  
clear all 
close all 
clc 
  
tic 
  
MainDir = 
'F:\Research\MMILab\ZumatekDataCollection\MMIL_SPIE2014\Reconstructions
'; 
cd(MainDir) 
% Define Output Directory, create it and pick output filename 
OutputDir = 
'C:\Users\mmilab\Desktop\Recon_Code\ZumatekData\RoMeasurements_07012015
'; 
mkdir(OutputDir); 
OutputFilename = 'Cylinder_50Water_07062015.xlsx'; 
Orbit = 'AZOR'; 
Diameter = '5Inch'; 
  
noroi = 1; %Pick number of ROIS, either 1 or 3 
  
%User inputs file size 
prompt = {'Enter # of rows','Enter # of columns', 'Enter # of slices'}; 
defaultanswer = {'768','768','768'}; 
name = 'Input'; 
noline = 1; 
answer = inputdlg(prompt,name, noline, defaultanswer); 
rows = str2num(cell2mat(answer(1))); 
cols = str2num(cell2mat(answer(2))); 
slices = str2num(cell2mat(answer(3))); 
  
%User selects specified number of files 
[ProjFilename, ProjDir] = uigetfile ('*.*', 'Select Recon Volume', 
'Multiselect', 'on'); 
cd(ProjDir) 
  
%Create ROI on image 500 and use this ROI on all slices 
ProjectionFilename = char(cellstr(ProjFilename)); 
fid_proj = fopen(ProjectionFilename,'r'); 
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im1 = fread(fid_proj, 'float32'); 
fclose(fid_proj); 
im2 = reshape(im1, rows, cols,slices); 
  
%ROI 1 
figure; imagesc(im2(:,:,300)); colormap gray; axis square 
h=imellipse;        %Creates draggable ROI 
BW=createMask(h);   %Creates a Mask from the ROI 
wait(h); 
  
if noroi ==3 
%ROI 2 
figure; imagesc(im2(:,:,300)); colormap gray 
title('Create ROI 2'); 
h2=imellipse;        %Creates draggable ROI 
BW2=createMask(h2);   %Creates a Mask from the ROI 
wait(h2); 
  
%ROI 3 
figure; imagesc(im2(:,:,300)); colormap gray 
title('Create ROI 3'); 
h3=imellipse;        %Creates draggable ROI 
BW3=createMask(h3);   %Creates a Mask from the ROI 
wait(h3); 
end 
clear im1  
close all 
  
for i=1:slices 
  
    %******************* ROI 1 **************************% 
    %Multiply Mask with image 
    im_roi = BW.*im2(:,:,i); 
    im_roi2 = reshape(im_roi,1,rows*cols); 
    im_nonzero = find(im_roi2); 
    im_values = im_roi2(im_nonzero); 
     
    %Check if FIND function returned values, otherwise mean calc wont 
work 
    if isempty(im_nonzero)==1 
    pix_mean(i) = 0;       
    pix_std(i) = 0; 
    pix_max(i) = 0; 
    pix_min(i) = 0;   
    else 
    %Measure mean,std and other stats 
    pix_mean(i) = mean(im_values);       
    pix_std(i) = std(im_values); 
    pix_max(i) = max(im_values); 
    pix_min(i) = min(im_values); 
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    end 
    if noroi ==3 
    %******************* ROI 2 **************************% 
    %Multiply Mask with image 
    im_roi3 = BW2.*im2(:,:,i); 
    im_roi4 = reshape(im_roi3,1,rows*cols); 
    im_nonzero2 = find(im_roi4); 
    im_values2 = im_roi4(im_nonzero2); 
     
    %Check if FIND function returned values, otherwise mean calc wont 
work 
    if isempty(im_nonzero2)==1 
    pix_mean2(i) = 0;       
    pix_std2(i) = 0; 
    pix_max2(i) = 0; 
    pix_min2(i) = 0;   
    else 
    %Measure mean,std and other stats 
    pix_mean2(i) = mean(im_values2);       
    pix_std2(i) = std(im_values2); 
    pix_max2(i) = max(im_values2); 
    pix_min2(i) = min(im_values2); 
    end 
    %******************* ROI 3 **************************% 
    %Multiply Mask with image 
    im_roi5 = BW3.*im2(:,:,i); 
    im_roi6 = reshape(im_roi5,1,rows*cols); 
    im_nonzero3 = find(im_roi6); 
    im_values3 = im_roi6(im_nonzero3); 
     
    %Check if FIND function returned values, otherwise mean calc wont 
work 
    if isempty(im_nonzero3)==1 
    pix_mean3(i) = 0;       
    pix_std3(i) = 0; 
    pix_max3(i) = 0; 
    pix_min3(i) = 0;   
    else 
    %Measure mean,std and other stats 
    pix_mean3(i) = mean(im_values3);       
    pix_std3(i) = std(im_values3); 
    pix_max3(i) = max(im_values3); 
    pix_min3(i) = min(im_values3); 
    end 
    end 
    disp(['Completed Slice Number: ' num2str(i)]) 
    clear im_roi im_roi2 im_roi3 im_roi4 im_roi5 im_roi6 im_nonzero 
im_values im_nonzero2 im_values2 im_nonzero3 im_values3 
end 
Slices = 1:768; 
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if noroi ==3 
AB = [Slices; pix_mean; pix_std; pix_max; pix_min; pix_mean2; pix_std2; 
pix_max2; pix_min2; pix_mean3; pix_std3; pix_max3; pix_min3]'; 
else 
AB = [Slices; pix_mean; pix_std; pix_min; pix_max]'; 
end 
Slices = 1:768; 
cd(OutputDir) 
TF = strcmp(Orbit,'Saddle'); 
if TF == 1 
%dlmwrite(OutputFilename, 
AB,'newline','pc','delimiter','\t','precision',3); 
xlswrite(OutputFilename, Orbit, Diameter, 'I3'); %Start at cell B3/I3 
for AZOR/Saddle respectively 
xlswrite(OutputFilename, AB, Diameter,'I5'); %Start at cell A5/I5 for 
AZOR/Saddle respectively 
elseif TF == 0 
xlswrite(OutputFilename, Orbit, Diameter, 'B3'); %Start at cell B3/I3 
for AZOR/Saddle respectively 
xlswrite(OutputFilename, AB, Diameter,'A5'); %Start at cell A5/I5 for 
AZOR/Saddle respectively 
end 
  
  
toc 
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Appendix C: NPS of the CT sub-system 
The NPS of the complete cone beam BCT system was evaluated by making noise 

measurements on uniformly filled 3D reconstructed geometric volumes, and the same 

quasi-monochromatic x-ray beam (and imaging technique) illuminating each detector. 

This study was performed by another graduate student in our lab (Jan Pachon), and to 

consolidate all detector characterization results, these data are included here for 

completeness. 

The goal of this study was to characterize the spatial correlation of quantum 

noise of a CT sub-system under non-scatter corrected conditions, as a function of object 

radius, for the new 4030E as well as existing 2520 FPDs. The cone phantom, used earlier 

for scatter studies, was filled with 700 mL of water and scanned with the two different 

detectors. 360 projections were acquired azimuthally over 360 degrees, and projection 

images were reconstructed with the OSC algorithm to a 500 x 500 x 500 grid for the 

4030E and 350 x 350 x 350 grid for the 2520 detectors. NPS measurements were made at 

different diameter coronal slices. Four (4) overlapping 50 x 50 pixel ROIs with 50% 

overlap between adjacent ROIs were used (Figure ). An ensemble average of NPS 

measurements was obtained over 5 slices at each radius to create a VOI of 5x75x75 for 

each object radius. 

The 2D NPS in the reconstructed coronal slice was calculated as: 
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푁푃푆(푢, 푣) =  ∑ |  [ ( , )   ]|         (0-1) 

where N is the total number of ROIs, Nx and Ny are the number of elements in the two 

dimensions for each ROI, and Δx and Δy are the corresponding pixel sizes in each 

direction; DIi(x,y) is the indexed ROI, and  퐷퐼   is the mean of that ROI. The 1D NPS 

curve was determined by radial averaging of the 2D NPS results [195, 224, 225] (Figure ). The 

1D NPS allowed for a more quantitative comparison of the NPS results as the radius of 

the cone varied. The 0D NPS (i.e. variance) was calculated by integrating the 1D NPS 

curve [195, 224] (Figure ). The 1D NPS curve was verified by comparing the area under the 

curve to the variance determined from the ROI used to calculate the 2D NPS. 

 

Figure i: ROI selection for 2D NPS measurement on coronal slices of 8 - 12 cm cone 
diameter of the 4030 flat panel detector. Each plane contained four overlapping 50 x 50 
pixel ROIs with 50% overlap between adjacent ROIs. ROIs in figure are offset by 1 pixel 
to clearly illustrate overlap. Note that these data are not scatter corrected. 

 

The 0D and 1D NPS plots are illustrated below in Figure  and Figure . The 0D 

NPS (variance) increases with increasing object diameter. The overall trend is similar 
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between the 2520 and 4030 detectors; however, a slightly lower average variance is seen 

for the newer 4030 detector. The 1D NPS shows similar results: the noise is higher for the 

larger diameter objects and the NPS decreases for higher spatial frequencies, as seen 

earlier in Section 5.6. As observed in other analyses, these noise values are boosted after 

scatter correction [194]. 
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Figure ii: Variance (Noise) vs. Diameter plots measured on data acquired with the 
(LEFT) 2520 and (RIGHT) 4030 FPDs, (TOP) before and (BOTTOM) after scatter 
correction. Noise increases with diameters as well as scatter correction. 



 

359 

  

Figure iii: 1D NPS curves measured on data acquired with the (LEFT) 2520 and (RIGHT) 
4030 FPDs(TOP) before and (BOTTOM) after scatter correction. Noise increases with 
diameters as well as scatter correction. NPS decreases with spatial frequency as expected 
of indirect detectors. 

.  
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