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Abstract 
 

This dissertation is focused on the development and characterization of a novel x-ray tube 

prototype for digital breast tomosynthesis (DBT) and the application of this multisource approach 

to cone beam CT (CBCT) and dedicated breast CT (bCT). The design and testing of a prototype 

Multi-X-ray-source Array (MXA) for DBT is reported. The MXA is comprised of an array of 

tungsten filament cathodes with focus cup grid-controlled modulation and a common rotating 

anode housed in a single vacuum envelope. Prototypes consisting of arrays of three-source 

elements and eleven-source-elements were fabricated and evaluated. The prototype sources 

demonstrated focal spot sizes of 0.3 mm at 45 kV with 50 mA. Measured X-ray spectra were 

consistent with the molybdenum anode employed, and the tube output (air kerma) was between 

0.6 mGy/100 mAs at 20 kV and 17 mGy/100 mAs at 45 kV with a distance of 100 cm. HVL 

measurements ranged from 0.5 mm Al at 30 kV to 0.8 mm Al at 45 kV, and X-ray pulse widths 

were varied from 20 ms to 110 ms at operating frequencies ultimately to be limited by source turn-

on/off times of ~1 ms. Initial results of reconstructed tomographic data were presented.  

Multisource configurations were applied to CBCT using phantom imaging and Monte 

Carlo simulations. Image quality, scatter, and dose were evaluated in both overlapping (large cone 

angle) and collimated (small cone angle) configurations for CBCT. Four x-ray tube configurations 

were considered: traditional one source, three source overlapping, six source overlapping, and six 

sources collimated. Image quality was evaluated on a prototype breast CT system using the 

following five phantoms: a Defrise phantom, a previously reported CBCT QA phantom (Corgi), a 

polyethylene cylinder, and two anthropomorphic phantoms (hand and knee). Scatter contamination 

and radiation dose were evaluated using Monte Carlo simulations of a voxelized polyethylene 

cylinder.  
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The modulation of the Defrise phantom disks on average was 2.7X greater for the six-

source collimated configuration than the six-source overlapping configuration. The data lost from 

cone beam artifact (spatial domain) and the null cone (frequency domain) in the overlapping 

configuration were completely recovered using the collimated configuration. The maximum 

scatter to primary ratio (SPR) for the overlapping configuration was 0.81 and the maximum SPR 

for the collimated configuration was 0.26. The average dose and maximum dose was 4X less in 

the collimated six source configuration when compared with the overlapping configurations. The 

maximum dose for the overlapping configurations (one, three & six) remained constant, but the 

average dose for the multisource (three & six source) overlapping configurations increased 25% 

when compared to the one source configuration. Use of a collimated multisource x-ray tube 

configuration was shown to provide significant improvements in image quality throughout the 

cone-beam geometry field-of-view, reduction in scatter contamination, and more efficient use of 

dose in comparison to both traditional cone-beam CT geometry with a single source and the 

overlapping multisource configurations. 

A phantom was developed to simulate microcalcification lesions and a non-prewhitening-

matched filter (NPW) model was applied to evaluate detectability for various technique parameters 

and cone angle regions in bCT. The detectability of microcalcifications was improved with smaller 

pixel size (75 µm) and higher dose (6 mGy) when compared to larger pixel size (150 µm) and 

lower dose (3 mGy). The number of projections (N = 250 or N = 500) did not affect the 

detectability significantly. The detectability decreased from small to medium cone angle regions 

and from small to large cone angle regions but was not significantly affected from medium to large 

cone angle regions. The differences in detectability across cone angle regions was more prominent 

in the coronal plane than the sagittal and axial planes. 
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Chapter 1: Background 
 

 1.1. Breast cancer screening 

 

The American Cancer Society predicts that 1 in 8 women will get breast cancer during their 

lifetime1. Breast cancer is the second leading cause of cancer death in women, and the rate of 

survival is highly dependent on the stage of detection. Digital mammography (DM) is the standard 

technique for breast screening in the normal risk population, but still 1 in 6 cancers are missed on 

average using this technique2. This has led to the investigation of tomographic x-ray imaging 

techniques such as digital breast tomosynthesis (DBT) and dedicated breast CT (bCT) to overcome 

the limitations of DM. 

Digital mammography (DM) produces 2D images of a 3D object, leading to the 

superposition of tissues and a high false positive rate. Breast MRI is used for screening high risk 

populations but is not suitable for the normal risk population because it uses contrast injection 

which is more invasive, and it is more expensive and time consuming. Ultrasound imaging is most 

often used to investigate lesions after they are detected and sometimes with automated breast 

ultrasound scanning (ABUS), which results in many images for the radiologist to sift though. 

Digital breast tomosynthesis (DBT) and dedicated breast CT (bCT) are x-ray imaging 

techniques that both aim to overcome the superposition of tissues in DM by collecting images 

around the breast and reconstructing them into a volume dataset. DBT is a modified version of 

digital mammography, with a rotating x-ray tube that collects several projection images (11-49) of 

the compressed breast over a limited angle range (15-50°). Dedicated bCT is a specialized 

geometry of cone beam CT that collects 300-500 projections in a complete rotation (360°) around 

the pendant (uncompressed) breast. The projection images in DBT are used to reconstruct a 
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pseudo-3D volume dataset of image slices, while the projection images in bCT are reconstructed 

into a true 3D volume dataset. There are several DBT scanners and one dedicated bCT scanner 

that is FDA approved. DM and DBT both use compression of the breast between two plates, which 

is uncomfortable for the patient and can deter women from returning for regular screenings. 

Dedicated bCT does not use breast compression, therefore it is more comfortable and has the 

potential to increase screening compliance. 

Breast cancer lesions are generally categorized as either masses or microcalcifications, and 

both are important for breast cancer screening. Masses are low contrast larger soft tissue lesions 

and microcalcifications are high contrast small calcium deposits. Since they are structurally 

different, it is challenging to optimize one imaging protocol that will maximize the visibility of 

both lesion types. The generation of volume datasets in bCT and DBT overcomes the anatomical 

noise caused by superposition of tissues in DM, but the volume datasets contain more noise than 

DM and the longer scan times enable patient motion artifacts. A comparison of parameters 

including number of projections, exposure per projection, pixel size, and slice separation is 

reported in Table 1.1.  

 

Table 1.1 Summary of the relevant parameters in digital mammography, digital breast 

tomosynthesis, and dedicated breast CT systems that account for the tradeoffs in spatial 

resolution and noise levels. 
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1.2. Multisource x-ray systems 

The use of multiple x-ray sources in medical imaging systems that produce tomographic data is of 

interest for reasons ranging from reducing or eliminating mechanical motion to decreasing image 

acquisition times and system costs. The various approaches and their history have been thoroughly 

reviewed,3 so a summary is provided here which captures the key aspects as they relate to the 

technology underlying the multi-x-ray source array (MXA). 

Beginning in the 1980’s the earliest and most direct approach to incorporating multiple x-

ray sources in imaging systems was implemented by the use of multiple conventional, rotating 

anode x-ray tubes, and such designs are commercially available today.4 About this same time 

sophisticated systems were developed in which an electron beam was scanned over a spatially 

distributed target to produce an x-ray source that moved through space without mechanical motion, 

creating a “stationary” x-ray source5. Subsequent approaches to multiple x-ray source systems 

grew to include the use of arrays of discrete, addressable cathodes distributed in space, often within 

a single vacuum envelope and referred to as ‘distributed x-ray sources’. The cathodes used in 

distributed x-ray sources include thermionic cathodes6 (tungsten filaments, dispenser, and oxide) 

and field electron emission cathodes (cold-cathodes)7. This work has continued with arrays of 

cathodes being used to produce distributed x-ray sources for CT7,8 and stationary x-ray sources for 

digital breast tomosynthesis (DBT)9.  For applications in CT, this source development has focused 

on the use of thermionic cathodes due to their proven performance and generally robust 

characteristics. Over the last decade the development of stationary sources for DBT has focused 

on the use of field electron emission cathode-based systems due to attractive features such as their 

operation at room temperature. However in the case of field emission cathodes, unfortunately, 

despite efforts that started nearly 100 years ago10 and subsequent support by large financial 
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investments from both industry and government in the US and abroad, no commercially available 

medical imaging system using field emission cathodes is used routinely in a clinical setting, 

principally due to their poor reliability in the x-ray tube environment11.  

One common feature of distributed x-ray source systems that was reported in the scientific 

literature employed stationary anodes.  X-ray tube anodes have inherent limitations to the sustained 

x-ray flux per source element they can support due to target heating considerations12. In principle 

distributed x-ray source systems can employ enough individual source elements such that anode 

power densities per source element are acceptable for a stationary anode. However, for 

tomographic imaging applications like DBT and CT, as the number of source elements is 

increased, the detector frame rate can become the rate-limiting step with respect to acquisition 

(scan) time. This can lead to systems with scan times that are too long to be clinically relevant. 

The other approach to increase the sustainable flux per source element is to use a rotating 

anode. Rotating anodes first became commercially available12 in the late 1920’s reflecting the need 

to increase the sustained output of bremsstrahlung x-ray tubes by distributing the electron beam 

power density over a larger anode surface area. A rotating anode can easily provide, for a given 

exposure time, ten-times the x-ray output of a stationary anode. Although the use of rotating anodes 

in distributed x-ray source systems has been proposed theoretically3 and in the patent literature, 

there appears to be no published research in which a rotating anode-based distributed x-ray source 

has been investigated before this investigation13,14,15,16. This dissertation will report on the initial 

prototype development and characterization of a novel multi-x ray-source array (MXA). 

 



5 

 

1.3. Cone beam CT systems 

 

Cone beam CT (CBCT) was originally developed in 1982 for angiography17, but it was not until 

the late 1990s that advancements in flat panel detectors (FPD) and computer technology made it 

possible to produce CBCT systems for routine clinical use. In the last 20 years, clinical use and 

continued research in CBCT has expanded its application to include angiography18, oral and 

maxillofacial imaging19, interventional radiology20, image guided radiotheraphy21, 

musculoskeletal imaging22 and breast imaging23,24. The main benefits of CBCT over traditional 

multi-detector CT (MDCT) are higher spatial resolution with reduced cost, dose, and space 

requirements22. This has greatly increased accessibility to CT imaging for both researchers and 

clinicians and has allowed unique geometries to be designed for specialized applications. 

Conventional CBCT scanners expose the patient extremity with a cone shaped x-ray beam that 

covers the entire object. Projection data is collected on a flat panel detector (FPD) with a typically 

circular trajectory and that data is reconstructed into a 3D volume dataset. This dissertation will 

investigate the application of a multisource x-ray system in various configurations for cone beam 

CT using quantitative and qualitative analysis.  

1.4. Mathematical observers  

 

The performance of an imaging system depends on both the ability of the system to portray the 

necessary signal and the degree to which the clinician perceives that information for the clinical 

task25. The most common method for evaluating diagnostic image quality for a clinical task is 

through visual observation of phantom or patient images. When optimizing the scan technique 

over many parameters, it is not practical to use human observers to review the many datasets. It is 

more practical to apply mathematical observers26 based on statistical decision theory to evaluate 
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the ability of the system to portray the necessary signal, which often correlates with human 

observation27. This dissertation will report on the development of a specialized breast phantom to 

evaluate the detection of microcalcifications in bCT for various technique parameters as well as 

comparisons across regions and planes within the field of view. 
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Chapter 2: Prototype Multi-X-ray-source Array (MXA) for digital 

breast tomosynthesis 

 

2.1. Introduction 

In this chapter we discuss a prototype multi-x-ray-source array (MXA) system as a stationary x-

ray source for DBT. The MXA employs tungsten filament-type cathodes for reliability, focus-cup 

grid control for modulation of the individual source elements, and a rotating anode to significantly 

increase the sustained x-ray flux per source element over that which can be achieved with 

stationary anodes. Besides the elimination of any possible image blurring effects due to x-ray tube 

movement or vibration inherent to a stationary source,28,29 the associated simplified system design 

and reduction in system size has the potential to increase reliability and decrease capital, operating, 

and maintenance costs. In addition, the lack of mechanical motion associated with moving the x-

ray source through space combined with the use of a rotating anode to increase the sustainable x-

ray flux per source element imparts the potential to significantly reduce scan times relative to 

proposed9 or existing28 commercial systems. Scan time is one of the most important parameters of 

a DBT system30,31 with short scan times helping to minimize instances of image blurring due to 

patient motion. 

2.2. Methods 

2.2.1. Source design and fabrication   

The MXA uses an array of tungsten filament cathodes opposing a cylindrically symmetric, rotating 

anode. Grid-controlled cinefluoroscopic-type-tube cathode modulation is employed to define the 

beam spot (i.e., x-ray focal spot) size on the anode and allow for the individual x-ray source 
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elements to be turned on and off. Figure 2.1 illustrates the rotating anode based MXA source 

concept for DBT and Figure 2.2 illustrates the breast tissue within the field of view. In a clinical 

DBT setting, the x-ray beam coverage would be restricted to the breast tissue with a half beam 

geometry designed to avoid the lungs. No collimation was used for our prototyping experiments 

because the source was operated in an unoccupied room. Tungsten filament cathodes were chosen 

Figure 2.1. Schematic of the multi-x-ray-source array (MXA) with rotating anode assembly 

as applied to tomosynthesis and a close look at the custom filament and focusing cup. 

ANODE AND CUSTOM 

FILAMENT ELECTRON 

FOCUSING CUP GRID 

 

TOMOSYNTHESIS 

SIDE VIEW 
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due to their simple robust nature. For DBT, a stationary source replicating projection image 

positions of existing commercial systems requires: 1) Source densities of no greater than 1 source 

per degree of scan angle, equivalent to a linear power density of ~ (24 W/filament) x (1 filament/2 

cm) = 12 W/cm with a total power of 15 projections x (24 W/projection) = 360 W (Hologic 

Dimensions 3D) and 2) and total power of less than 25 projections at 25 W = 600 W at a linear 

power density of ~ (24 W/projection) x (1 filament/4 cm) = 8 W/cm (Siemens Mammomat with 

Figure 2.2. Schematic of the multi-source x-ray array (MXA) for digital breast tomosynthesis 

with the breast tissue positioned in the field of view. 
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Tomo Option). These are manageable powers and power densities given typical x-ray source duty 

cycles.  

For prototyping studies two 3-source element and one 11-source element MXA sources 

were designed, built, and tested. The 3-element sources served as a prototype for the 11-element 

DBT source. Figure 2.3 is a photograph of the first 3-element prototype and shows the 

molybdenum rotating anode opposing three focus-cup grid-controlled tungsten filament cathodes. 

In this version the rotating anode was machined from molybdenum rod-stock. Prototyping for a 

DBT MXA source will allow comparison with a commercially available system. The 11-element 

anode was fabricated with a source separation of 2.3 cm (equivalent to a total scan angle of 20
o
) 

to produce a projection number and scan angle between that of the Hologic Dimensions 3D (15 

projections over 15
o
) and the GE Senoclair system (9 projections over 25

o
).  

Although the machined-anode approach is physically robust and simple, it becomes costly 

and more difficult to fabricate as the diameter of the anode is increased for greater power handling 

Figure 2.3. Photograph of the 3-source element MXA showing the solid molybdenum rotating 

anode and grid-controlled tungsten filament cathodes. 
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capability and/or the number of source elements is increased. This is because the amount of metal 

that is removed by the lathe is excessive with this approach. We have therefore transitioned to a 

modular approach in which anode components are fabricated and then brazed together. 

The anodes were mounted on Varian RAD-92 x-ray tube rotor assemblies and driven by 

the associated Varian stator. For the 3-element prototype, a single RAD-92 bearing assembly was 

Figure 2.4. Photograph of the 11-source element DBT MXA with a close-up of the 

filament and focus-cup-grid assembly of one source element. 
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used. For the 11-source element MXA, two bearing assemblies were used with one at each end of 

the anode. Anode rotational speeds have been as high as 3600 rpm. The anode speeds were 

maintained at 1000 rpm to limit bearing wear and because the combination of current (limited to 

50 mA at 45 kV by the generator, a Spellman STR120P6 high voltage supply) and focal spot size 

(0.3 mm 𝑥 1.0 mm) allowed these lower speeds. A photograph of the 11-source element MXA 

mounted on a demountable vacuum flange is shown in Figure 2.4.  

The source elements are focus-cup grid-controlled with a focus cup (grid) bias of one to 

several hundred volts negative with respect to the grounded filament used to form the line focus 

on the anode. A grid bias of between -1000 V and -1200 V is used to turn off the x-ray source 

elements. The source elements are operated using an in-house, custom-built source controller 

which controls the beam current on the anode, the beam focusing and turn-off voltages of the grid, 

the exposure time of each source, and the time between turning on and off each source element. 

The filament current of each individual source element is controlled allowing for the resulting tube 

current from the individual elements to be adjusted/tuned, e.g. to be the same. In these prototyping 

experiments positive HV was applied to the anode to allow the filament and grid control circuity 

to be at ground potential.  
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Source studies were conducted using an ion-pumped stainless-steel vacuum envelope to 

house the MXA source (Figure 2.5). This chamber was operated in the 10-7 to 10-6 Torr range 

during experiments. The high voltage was applied to the RAD-92 rotor/stator assembly. Electrical 

feedthroughs supply the filament power and focus-cup voltages. A custom built, 1-mm-thick 

rectangular aluminum x-ray window with dimensions of 35 cm x 3.8 cm forms a vacuum seal at 

the bottom of the envelope. The current field of view at a source to imager distance (SID) of 65 

cm is 21 cm x 30 cm, sufficient to accommodate our upgrade to a Varian 2520 detector in the 

future. No fundamental source constraints prevent having a field of view of 24 cm by 29 cm to be 

compatible with standard mammography/DBT detectors. Two commercial Conflat glass viewports 

were used to view the source assembly with a video camera during operation. No collimation was 

used for our prototyping experiments because the source was operated in an unoccupied room. 

Ultimately the MXA the collimator would nominally consist of a metal (such as lead or tungsten) 

plate having perforations that appear as parallelograms when viewed in cross-section from the 

Figure 2.5. Photographs of a) The prototype DBT system used for the 3-source element and 11-

source element MXA, and b) The 11-source element MXA installed in prototype DBT system. 



14 

 

edge of the plate. The orientation of the perforations can be designed to keep the x-ray coverage 

slightly smaller than the active area of the detector and constant for each projection to help 

minimize the risk of irradiating non-breast portions of the patient. This can be done in a relatively 

straightforward manner using, for example, water jet machining. 

2.2.2. Anode angle and line focus 

 

The anode target in this design does not have a traditional anode angle, however the effective 

anode angle is defined by the position of the cathode relative to the curvature of the perpendicular 

anode edge. The line focus geometry was implemented with the elongated portion positioned in 

the direction of anode rotation which is unconventional when compared to the standard anode 

design where the long axis of the focal track is normal to the direction of anode rotation. Generally, 

the heel effect is a result of anode self filtration that causes falloff in the intensity toward the anode. 

The unconventional design of this tube will result in a heel effect that occurs across the medial-

lateral direction rather than the posterior-anterior direction. 

Utilizing this unconventional design for a given anode rotational speed and incident electron beam 

power density, this decreases the power loading by a factor of 4. (The filament has a length of 5 

mm which is roughly the beam spot length on the anode, and the width of the beam on the anode 

was measured to be 0.3 mm, therefore [5 mm/ 0.3 mm]1/2 ~ 4). This design was more 

straightforward geometry to employ for our prototyping studies. Estimates indicate that a 5 cm 

diameter anode at 1000 rpm and an anode angle of 12° with 11 source elements can accommodate 

exposures of 100 mAs at 40 kV with 100 mA/(source element). The geometry was set to an 

effective anode angle of 12° for all the experiments reported here.  
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The existing geometry allows for the anode angle to be varied in situ by deflecting the electron 

beam from each source element in the direction perpendicular to the rotational axis of the anode. 

This deflection could be implemented using a second grid electrode placed between the focusing 

cup and the anode. In the existing assembly, the anode angle could be varied from a few degrees 

to several tens of degrees. Changing the anode angle has a significant influence on the effective 

size of the focal spot, the x-ray fluence rate, the heel effect, and the field coverage of the beam at 

the detector.  

2.2.3. Source evaluation 

Fundamental operating parameters of the MXA source investigated were the x-ray spectrum, x-

ray focal spot size, tube output, half value layer (HVL), and source modulation characteristics. The 

x-ray spectra were measured using an Amptek XR-100 detector calibrated with 55Fe and 241Am x-

ray standards.  

The focal spot size measurement can be performed in several ways, and in this study both 

a pinhole camera and a star pattern are utilized for two distinct measurements. A pinhole camera 

uses a thin, highly attenuating material with a small circular aperture positioned on the central axis 

and the focal spot is measured as the spread of the pinhole response at the detector. A star pattern 

test tool has a radial pattern of spokes with diminishing width and spacing, and the “equivalent” 

focal spot size is measured as the distance between the outermost unresolved spokes. These tools 

are illustrated in the schematic diagram in Figure 2.6. 
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In this study, the focal spot size was measured directly using a 10 µm diameter pinhole 

(Nuclear Associates, Inc., Carle Average) and the “equivalent” focal spot size was measured using 

a star x-ray test pattern (Model 07-503, Nuclear Associates, Inc., Carle Place, NY, USA) which 

contains 60 spoke pairs divided into four 15° sectors wherein each spoke diverges at an angle of 

0.5°). Equation 1.1 was used to calculate the effective focal spot size (𝑓) with the star pattern, 

where 𝜃 is the angle of the spokes, 𝑀 is the known magnification, and 𝑑 is the blurred diameter of 

the star pattern image at the detector.  

 

Figure 2.6. Schematic diagrams showing two tools for measuring the focal spot size from an x-ray 

tube (a) with a pinhole aperture and (b) with a star pattern. 

a) b) 

𝑓 =  
𝜋 𝜃

180
  

𝑀𝑑

𝑀 − 1
 (1.1) 
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The tube output and HVL measurements were made using a dedicated mammography 

ionization chamber (10X5-6M-3, RadCal Corp., Monrovia, CA, USA) connected to a model 9060 

electrometer and a model 9010 readout unit (RadCal Corp., Monrovia, CA, USA). The 

measurements of the x-ray pulse shape versus time were taken using an Amperex XP2262B 

photomultiplier tube and plastic scintillator with the output viewed by a Tektronix TDS540D 

oscilloscope. 

Initial imaging characteristics of the prototype source were evaluated using a Varian 

PAXSCAN 1313 flat-panel x-ray detector based on an indirect thin-film transistor design and a 

CsI scintillator. The 1313 panel incorporates 127 m pixels over a 13 cm x 13 cm field of view. 

The array of 1024 x 1024 pixels can be read out at up to 30 frames per second. The electronics 

associated with the flat-panel detector provides a 5 V transistor-to-transistor logic (TTL) pulse for 

each frame and this TTL pulse was integrated with the source controller to synchronize the firing 

of each x-ray source element. The source-to-detector distance was 72.5 cm. We have since 

transitioned to the use of a Varian 2520 detector, which simply replaces the position of the Varian 

1313 detector.  

Tomographic data sets and x-ray modulation experiments reported here were made with 

the 3-element MXA source serving as a prototype for the 11-element source. This is because the 

11-source element controller, for which the 3-source element controller served as a prototype, is 

still under construction. In order to mimic the tomographic data set produced by an 11-element 

source, the detector was physically translated under the MXA source (3 element source position 1 

served as 11-element source positions 1, 4, 7 and 10; 3 element source position 2 served as 11-

element source positions 2, 5, 8 and 11; 3 element source position 3 served as 11-element source 

positions 3, 6 and 9. A phantom used for geometrical calibration was made by cementing 1/16” 
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(1.59 mm) diameter stainless-steel spheres onto a 1/32”-thick (7.9 mm) sheet of 

polymethylmethacrylate sheet (i.e. Lucite™), to form a regular right pyramid, with one sphere at 

the apex and one at each of the four corners of the base. The base side-length of the pyramid was 

1 cm and the height of the center of the sphere at the apex above the center of the spheres at the 

base was 8 mm.  

2.3. Results 

2.3.1. X-ray spectra 

Figure 2.7 shows the x-ray spectrum from a single source element using electron beam energies 

ranging from 25 to 45 keV (in 5 keV intervals). The higher energies are typical for those required 

in DBT. The K-shell fluorescence lines of molybdenum at 19.6 keV and 17.4-17.5 keV are evident 

as peaks in the spectrum and the highest peak was used to normalize the counts in the spectrum. 

No discernable difference was observed between the spectra produced by the 11-source elements 

as expected using the same electron energy and x-ray beam filtration with each element. The kV 

was set to provide energy given and the mA was adjusted to prevent pulse ‘pile-up’ in the detector, 

FIG 2.7. X-ray spectrum of a typical source element operating at an electron energy range from 

25 keV to 45 keV in 5 keV increments. 
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which results in the spectrum drop off at the maximum energy for each curve. The offset in the 

spectra was added for the purpose of visual discrimination between the curves and does not 

correspond to real shifts in the data. 

2.3.2. X-ray focal spots 

Figure 2.8 shows x-ray pinhole camera images of a typical x-ray focal spot from a single source 

element as a function of voltage, Vgrid , applied to the focus cup grid relative to the grounded 

filament. As Vgrid is decreased from 0 V there is a gradual decrease in the size of the focal spot 

perpendicular to its elongated direction. Optimal focusing was achieved with a Vgrid between -200 

V and -300 V for anode voltages between 35 kV and 45 kV. Here, about 80% of the x-rays emanate 

from within 0.3 mm of the spot centerline. As Vgrid is decreased further, the spot becomes over 

focused and begins to broaden while there is a slight decrease in the width of the focal spot in the 

elongated direction as is evident in Figure 2.8 at - 400 V. A Vgrid of -1200 V reduced the anode 

current to zero amperes. The pinhole images were taken with the pinhole located slightly on the 

filament-side of the vertical line connecting the x-ray focal spot with the detector surface to view 

the focal spot without excessive geometrical foreshortening by the line focus principle.  

 

 

FIG 2.8. X-ray pinhole camera images of the x-ray focal spot as the grid bias (focus cup bias) 

is changed. 45 kV, 50 mA. 
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An x-ray star pattern radiograph (Fig 2.9) was taken with the same source element used to produce 

the pin-hole camera images. The star pattern was centered in the x-ray beam striking the detector, 

and the effective focal spot size was determined to be 0.30 mm. In this position, the focal spot 

appeared to have nearly equal dimensions from each of the 11-source elements and varied by less 

than ~ +/- 10%.  

 

2.3.3. X-ray tube output 

Figure 2.10 shows the tube output measured as a function of beam energy from 20 kV to 45 kV 

(in 5 kV intervals) for a single source element (Fig 2.9). The filament current of each source 

element can be independently controlled and the output of each energy level at each source is 

reported in Table 2.1 with the mean and standard deviation across source elements. 

FIG 2.9. X-ray star pattern of a typical individual source element. Spot size is 0.3 mm x 0.3 mm 

for Vgrid = -300 V at 45 kV and 50 mA. Magnification on detector = 1.8X. 
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Table 2.1. Tube output [mGy/100 mAs @ 100 cm] for 11 sources reported as individual 

measurements from 11 sources with the mean and standard deviation across the 11 sources. 
 

[kV] S1 S2 S3 S4 S5 S6 S7 S8 S9 S10 S11 MEAN SD 

20 0.50 0.50 0.60 0.50 0.60 0.60 0.50 0.60 0.60 0.50 0.60 0.55 0.05 

25 2.10 2.20 2.30 2.10 2.10 2.20 2.20 2.30 2.10 2.20 2.20 2.18 0.07 

30 4.90 4.90 5.20 5.10 5.00 5.10 4.90 5.10 5.00 5.10 5.20 5.05 0.11 

35 8.70 8.70 9.10 9.00 9.20 8.90 8.70 8.70 9.00 8.60 9.10 8.88 0.20 

40 12.50 12.80 12.50 12.60 13.00 12.70 12.70 12.60 13.00 12.60 12.70 12.70 0.17 

45 17.00 17.60 16.90 17.20 17.60 17.30 17.70 17.30 17.40 17.70 17.00 17.34 0.28 

 

 

 

FIG 2.10. Tube output from a typical element of the 11-source element MXA as a function of 

tube potential.  

Tube potential [kV] 
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2.3.4. Half-Value Layer 

The HVL was measured at 50 mA at beam energies of 30 kV, 35 kV, 40 kV, 45 kV using the 

molybdenum anode with the 1-mm of aluminum filtration built into the tube housing  (Fig 2.11).  

 

2.3.5. X-ray modulation  

The focus-cup grid control was designed to be compatible with DBT systems using from 9 to 25 

projections because these represent the range of most existing major manufacturer’s systems.15 A 

nominal total exposure for DBT of 100 mAs can be achieved with an operating current of 100 

mA/source element, and an appropriate DBT detector (such as the Varex Dexela CMOS 2923, 

which has 0.075-mm native detector elements and operates at 26 fps in the 1 x 1 binning mode), 

With these assumptions the maximum on-time for a given source element is (100 mAs / [100 

mA/source] / 9 sources) = 111 ms, at a source element switching frequency of (111 ms + 1/26 fps) 

= 149 ms/projection equivalent to ~ 7 Hz. The minimum on-time per source element and maximum 

operating frequency would occur with the source elements operating at the estimated12 200 mA 

maximum of our system with 25 projections. In this case the individual source element on-time is 

FIG 2.11 Half-value layer measured with the 11-source element MXA at 50 mA. 

Tube potential [kV] 
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(100 mAs / [200 mA / source] / 25 sources) = 20 ms giving a source switching time of (20 ms + 

1/26 fps) = 59 ms/projection equivalent to a rate of 17 Hz.  

Figures 2.12 and 2.13 show sequential x-ray pulses for each of the three individual 

elements comprising the 3-element MXA in the low and high-speed switching cases above using 

currents of 40 mA at 35 kV. Figure 2.12a shows the TTL logic pulse used to control the focus cup 

grid potential and switch it from -1200 V (x-ray off) to -200 V (x-ray on at minimum focal spot). 

When the TTL signal is high the source is on and when the signal is low the source is off. Figure 

13b shows the X-ray output versus time with 110 ms wide x-ray pulses sequentially from each of 

the three MXA source elements at 7 Hz. Similarly Figure 2.12b shows the x-ray output versus time 

with 20 ms wide X-ray pulses sequentially from each of the three elements at 17 Hz. Together 

Figure 2.12 and Figure 2.13 show that the times required to modulate the x-ray output from each 

source element can address any of the range of possibilities required for existing DBT system 

designs. Note that because the output of each source element can be adjusted independently of the 

others by setting different filament currents, small variations in x-ray output between source 

elements can be achieved.  
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FIG 2.12. Oscilloscope traces of the 3-element source cycling through each source element in 

sequence. a) The TTL logic pulse used to control the grid voltage. TTL high turns on the source; 

b) The signal from the x-ray detector showing a 110 ms duration x-ray pulse at a frequency of 7 

Hz. The ON signal is at -0.8V and the OFF signal is at 0V. 

FIG 2.13. Oscilloscope voltage versus time plots of the 3-element source cycling through each 

source element in sequence: a) The TTL logic pulse used to control the focus cup grid voltage; 

b) The signal from the x-ray detector showing a 20 ms duration x-ray pulse at a frequency of 

17 Hz. The ON signal is at -0.8V and the OFF signal is at 0V . 
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2.3.6. Tomosynthesis data  

Figures 2.14 and 2.15 are examples of tomosynthesis images reconstructed from data taken using 

the MXA. The orientation of the images is such that the right-hand side of the image is the anode-

side of the MXA source. The total exposure was 100 mAs (9.1 mAs/element operating at 45 kV 

and 50 mA/element) in both cases. Figure 2.14 shows tomosynthesis images of the BB-calibration 

phantom at three depths with the planes separated by 4.0 mm. Fig. 2.14a shows the plane in which 

the BB at the apex of the pyramidal phantom is in focus; Fig. 2.14b, the plane half-way between 

the BB at the apex and the four BBs at the base of the pyramid; and Fig. 2.14c the plane in which 

the four BBs at the base of the pyramid are in focus. Figure 2.15 shows tomosynthesis images of 

an orange at three depths with the planes separated by 4.0 mm through the central core. The 

projections were reconstructed using simple shift and add for the BBs and matrix-inversion 

tomosynthesis for the orange. These are the first reconstructions of tomographic data sets for the 

MXA source and in the future higher contrast objects will be scanned.  
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FIG 2.15 Tomosynthesis images of an orange at three depths showing planes separated by 

4.0 mm through the central core centered on the plane shown in (b). 

FIG 2.14. Tomosynthesis images of the BB-phantom at three depths showing planes 

separated by 4.0 mm. The single BB at the apex of the right regular pyramid is furthest from 

the detector 



27 

 

2.4. Discussion 

2.4.1. X-ray spectra 

The standard bremsstrahlung spectra from a molybdenum anode was shown in Figure 2.7. Monte 

Carlo simulations and analytical modelling32 have indicated that roughly 1-mm of aluminum, as 

used in these studies, provides good filtration for DBT when tungsten anodes are used. However, 

the spectra results with the aluminum tube port filter included low energy spectrum components 

that are not necessary for breast cancer imaging. When using a molybdenum anode, it may be more 

beneficial to apply a molybdenum or rhodium filter to remove the low dose components of the 

spectrum. Longer term plans for this technology include cladding the molybdenum focal tracks 

with a tungsten/rhenium alloy, because tungsten offers a much higher melting point and greater 

bremsstrahlung production than materials of lower atomic number. Both molybdenum and 

rhodium provide useful characteristic x-rays for breast imaging. Tungsten anodes are being used 

more frequently for breast imaging, with appropriate beam-softening filters such as rhodium, 

palladium, and silver. This cladding technique is commonly employed outside of breast imaging 

applications for general purpose radiography and computed tomography.  

2.4.2. X-ray focal spots 

Focal spot behavior with focus cup voltage is consistent between different source elements and 

spot sizes are consistent with those used in DBT. Note that the spot intensity distribution is not 

bimodal and this result is to be expected when using biased (as opposed to nonbiased) focus cups.33 

There are a number of geometrical variables that impact the focusing voltage required to optimize 

the spot size and turn-off the source element including the position of the filament within the focal 

cup, the dimension and shape of the cup, and the proximity and potential applied to the anode. 
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Electron optical modeling of the focus grid electrode using commercial software (COMSOL) with 

a particle tracing module was applied to investigate the trade-offs involved in control focusing of 

the beam onto the anode. The current design has not been optimized but improved by trial and 

error by varying the field on the filament, the anode-to-cathode distance, and the depth of filament 

in the focus cup.  

2.4.3. X-ray tube output 

The increasing x-ray production efficiency at higher voltages is evidenced by the increase in slope 

of the curve with increasing voltage (Figure 2.10). The output of the MXA is comparable to that 

of clinical DBT systems. The operating current of 50 mA/source yields an air kerma rate of 5 

mGy/s at 28 kV with the typical SID for mammography/DBT of 65 cm. Typically the output is 

approximately proportional to the square of the tube voltage (exposure ∝ kV2) however this trend 

was not observed in this data, which could be a result of the anode and filter material combination 

(molybdenum and aluminum) applied in these experiments. 

2.4.4. Half-Value Layer 

The beam quality reported here meets the requirements set by the MQSA and the ACR for the 

range of half-value layers that are applicable for mammography with a Mo target and Rh filter 

combination. The effective x-ray energies referenced to the measured half-value layers are 

roughly, 18 keV (0.5 mm Al), 19 keV (0.6 mm Al), 20 keV (0.7 mm Al), and 21 keV (0.8 mm Al).  

2.4.5. X-ray modulation 

Key to the operation of the MXA source is modulation of the x-ray output from each individual 

source element with the focus cup grid voltage, referred to as grid control. The modulation rate is 

linked to the scan time, i.e., the time required to generate the entire tomographic data set. As would 
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be expected, x-ray element modulation times using grid-control techniques can be in the 

millisecond range and source on-time and modulation rates demonstrated here are easily high 

enough to handle current levels of 200 mA/source element. Scan time is in part dictated by the x-

ray tube current and the application. The Hologic DBT system has the shortest scan time of 

commercial systems at 3.7 s for 15 projections (~70 mAs exposure). Field electron emission-based 

stationary sources using stationary anodes have a scan time of ~ 3.1 s.8 Currently, the MXA even 

operating at the demonstrated 50 mA/source element, has a scan time for 15 projections at a 70 

mAs exposure of (15 projections/26 fps + 70 mAs/50 mA) = 2.0 s, where we have assumed use of 

an appropriate DBT detector such as the Varex Dexela CMOS 2923 which has 0.075-mm native 

detector elements and operates at 26 fps in the 1x1 binning mode. The potential of the MXA to 

further reduce scan time is significant. The MXA scan time would be 1.3 seconds when operating 

at 100 mA/source element. The scan time would be reduced to 0.9 s when operating at 200 

mA/source element and then the detector frame rate will become the limiting factor with respect 

to total acquisition time. A summary of clinically available systems is reported in Table 2.2 with 

the scan angle, number of projections, scan time, and then the proposed scan time and required 

frame rate with an MXA integrated into a comparable DBT system.  
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2.4.6. Tomosynthesis data 

The first studies of reconstructing tomographic data sets from the MXA source used matrix 

inversion tomosynthesis (MITS). Previous studies have shown that MITS34 can be more accurate 

than simple filtered backprojection (FBP). In the future, FBP will be applied with the standard 

ramp filter and the cosine-shaped apodization filter to suppress high-frequency noise. The low 

frequency enhancement34,35 will be used to restore some of the contrast suppressed by the ramp 

filter, which will also reduce the “flat” appearance. With MITS, the sliding average approach that 

sums adjacent planes36 will be optimized for the number of slices to slab according to the response 

of microcalcifications with the given tube angle used. This sliding average technique reduces 

image noise while also suppressing most tomosynthesis artifacts. For FBP, a slabbing method will 

be used to best depict the three-dimensional spread of microcalcification clusters. 

Table 2.2 Summary of clinical DBT systems scan parameters and the proposed scan times with 

MXA integration operation at 50 mA, 100 mA, and 200 mA. 
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2.4.7. Source-element performance consistency  

Even though the MXA is only in the initial prototyping stage it is worthwhile to discuss aspects 

related to the consistency of performance between source elements. To date reasonable consistency 

between source elements in terms of spectral output, x-ray focal spot size, x-ray output, and tube 

(anode) current has been reported. One aspect of the MXA that allows for matching the 

performance between individual source elements is that the filament current through each element 

can be controlled independently. This means that the tube current due to each source element can 

be adjusted to balance the x-ray output and achieve highly similar outputs as shown in Figures 

2.12 and 2.13. We note that this control of the output allows one to vary the output of each source 

element to keep the x-ray fluence rate at the detector constant. This is important to adjust as the 

detector-to source element distance changes, which is true in the case of the prototype’s linear 

array geometry. The x-ray focal spot sizes can be made very similar to one another across the array 

of 11-source elements, mainly by adequate control of geometrical variables just as is done for 

conventional commercial tubes of the same model. In addition, the grid-control feature of the 

MXA allows for the use of different focus voltages for each source element to adjust to the focal 

spot size.  

Long-term source stability studies are a future task because this is the prototyping stage. 

However, we have qualitatively observed over the course of hundreds of experiments that involved 

cycling through source elements over weeks of operation that filament current-voltage 

characteristics and the resulting tube currents are reproducible, and x-ray output per source element 

is consistent. The MXA design is the result of the integration of proven tube components to make 

an array of conventional tungsten-filament-based, grid controlled, rotating-anode x-ray sources 

operating in parallel within a common vacuum envelope. From this top-level view, one would then 
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expect that the key characteristics such as the inherent lifetimes and stability associated with 

filament performance, the reproducibility of source element output, and spot size variations 

between elements to be similar to that achieved with and between conventional rotating anode x-

ray tubes of the same model, e.g., according to IEC standards.   

2.4.8. Anode considerations 

Molybdenum anodes were used because molybdenum can be machined into various shapes by 

conventional methods, and because the power loading capability of molybdenum was adequate for 

initial testing. The x-ray tube current was limited to 50 mA by the x-ray generator. A transition to 

tungsten/rhenium cladding on the focal tracks on the anode is planned because it would not only 

provide an x-ray energy distribution that is better matched to DBT and CT imaging applications, 

but also would increase the allowable x-ray flux and power loading (W/cm2) levels compared to 

molybdenum due to its higher Z and higher melting point. 

The geometry of the MXA anode allows for effective cooling for a few reasons. First, the 

large surface-area-to-volume ratio of the MXA anode disk array increases its efficiency in 

radiating power relative to a standard rotating anode. The MXA anode shown in Figure 2.3 has 

roughly twice the effective radiating surface area as a conventional 4” diameter rotating anode and 

the radiated power is proportional to the radiating area. Secondly, liquid-cooling of the anode can 

be implemented by flowing the liquid (e.g., water) along the axis of the anode, i.e., in one end and 

out the other, possibly employing ferrofluid seals for the vacuum-to-atmosphere anode seal and 

water supply-to-anode seal. Roughly speaking it is practical to dissipate over 10 kW with water 

flow through a hollow-cylinder-based version of the anode shown in Figure 2.3, whereas typical 
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values of power dissipation by conduction through the ball bearings of a conventional tube are of 

order a few watts. 

The modular approach to fabricating the anode enables the design of more advanced anode 

configurations, such as stacked disks having diameters that gradually increase from the center of 

the field of view outward - with the anode faces machined at a fixed angle relative to the axis of 

rotation. This would mechanically steer the focal spot toward a common isocenter and result in all 

the focal spots located on a radius of curvature centered on the isocenter of the tomosynthesis 

system. Such a design would keep a constant x-ray focal spot size and source-to-isocenter distance 

by emulating the path of a single x-ray tube traveling through an arc. In addition, this design would 

only need a simple, cylindrically symmetric vacuum envelope enclosure around the MXA source 

assembly. This would require that the focal spots be spatially located on a compound curve, and 

this fabrication strategy is straightforward. A curved source array would allow use of existing 

tomosynthesis reconstruction algorithms and balancing focal spot shape and size across all sources 

would reduce potential image artifacts.  

2.4.9. Line focus and in situ variable anode angle 

The ability to change the effective focal spot size over a wide continuous range of dimensions has 

several usable applications in breast imaging and beyond. Decreasing the anode angle results in 

both a smaller x-ray focal spot and a smaller usable field of view. For magnification mammography 

and tomosynthesis applications, the anode angle could be dynamically adjusted to accommodate 

the variable field of view used in magnification imaging, allowing the smallest effective focal spot 

to be used for each field-of-view setting. Given the speed of acquisition capable with the MXA, 

each source element could produce two redundant images for each tomographic projection – one 

with a large focal spot and one with a smaller focal spot. This would result in one acquisition being 
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high-pass and the other medium-pass filtered. With the appropriate use of image processing 

software (such as subtraction or deep learning versions of subtraction), harmonized (e.g., blurred-

mask subtraction) projection images could be used to produce edge-enhanced (using physics, not 

just image processing) tomosynthesis reconstruction. 

2.5.  Conclusions 

The proof-of-principle experiments were performed and demonstrate the feasibility of the MXA 

source technology, comprised of an array of grid-controlled tungsten filaments and a rotating 

anode. The first prototype demonstrated operating characteristics consistent with x-ray tubes 

required for stationary source DBT. The functional MXA system was demonstrated, and 

tomosynthesis images were produced – demonstrating the first application of a tomosynthesis 

system employing a stationary x-ray source comprised of thermionic cathodes and a monolithic 

rotating anode. The MXA had shown the potential to significantly reduce scan times relative to 

existing and proposed commercial systems. 

Future goals are to increase the rotational speed of the anode to 3600 rpm or beyond and 

extend the tube current to 200 mA per source. Plans are in place to purchase a new generator 

providing 200 mA at 50 kV.  A larger field-of-view flat panel detector (Varian 2520 with 0.127 

mm detector element dimensions [Salt Lake City, UT]) is currently being integrated into a compact 

tomosynthesis system for further imaging experiments.  
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Chapter 3: Cone beam CT multisource configurations: evaluating 

image quality, scatter, and dose using phantom imaging and Monte 

Carlo simulations 

 

3.1. Introduction 

 

There are known general disadvantages of CBCT that need to be better investigated to ensure that 

image quality and clinical outcomes are not compromised when switching from MDCT to CBCT. 

First, the common circular trajectory of the source is a known limitation because it does not meet 

the Kirillov–Tuy condition37 for complete 3D image reconstruction – leading to inherent cone 

beam artifacts along the z-axis and incomplete sampling in the Fourier domain. These artifacts are 

most pronounced at large cone angles resulting in inconsistent image quality38 throughout the field 

of view (FOV) which can reduce the diagnostic quality and quantitative integrity of CBCT when 

compared to MDCT. A second limitation of CBCT is the size of the object that can be scanned, 

since the maximum object FOV is smaller in CBCT than MDCT. Another limitation for CBCT 

applications in image guided therapy is that the planning target volumes often require multiple 

scans to cover the entire area of interest, which extends the total scan time. CBCT also suffers 

more from scatter than MDCT, due to the larger x-ray beam field size, and this increases noise and 

decreases contrast resolution39,40.  

A common problem with traditional CBCT reported in clinical comparisons between MDCT 

vs. CBCT was the inconsistency in image quality throughout the FOV (i.e., better image quality 

near the central ray and worse toward the periphery of the field of view) generally caused by 

scatter, noise, and artifacts. Several groups have made direct comparisons between CBCT vs. 
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MDCT for clinically relevant tasks and these studies reveal the limitations of current CBCT for 

various41-42 clinical applications. 

For image guided radiotherapy, the limited FOV and inaccurate Hounsfield Unit (HU)                                                                                                              

values of CBCT were shown to cause inaccuracies in treatment planning when compared to MDCT 

in both phantom and patient cases.41  For the characterization of musculoskeletal trauma in cadaver 

knees and hands, it was shown that MDCT was favorable to  CBCT by radiologists for soft tissue 

tasks43. In a large cohort patient study44 comparing MDCT to CBCT, post-traumatic finger 

fractures were missed in CBCT.  Another study that compared the application of MDCT and CBCT 

in cadaver wrists found that CBCT was less sensitive than MDCT at detecting fractures45. CBCT 

applied to orthodontics in cadaver studies was shown to result in large and frequently inaccurate 

bone height measurements when compared to physical measurements46 and was also shown to be 

less accurate than MDCT for bone density evaluation42. 

There have been efforts to overcome the under sampling problem in CBCT, with multisource 

x-ray source configurations,47 computer simulations of inverse CBCT systems,48,49 prototype 

development of inverse CT systems50, and development of correction techniques in the image 

reconstruction algorithm51,52. Complex geometries (e.g. helical, saddle, line and circle) aim to meet 

the Kirillov–Tuy condition37, but at the expense of complicated hardware and mechanical 

alignment systems. Multiple individual x-ray sources have been applied to CBCT and have shown 

improvements in the reduction of cone beam artifacts with a physical prototype47, but still suffer 

from photon scatter caused by large field sizes. Numerical simulations have been used to study 

multiple parallel circular cone beam orbits,53,54 the saddle geometry55, the line and circle 

geometry56, multithreaded cardiac CT57, helical cone beam CT58 semi-stationary CT59 and 

stationary CT60.Current methods for scatter correction in CBCT include physical collimators and 
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anti-scatter grids61, as well as software correction algorithms based on Monte Carlo estimation62,63, 

physical measurements64,65,66 or postprocessing in the image domain67.   

This study will preserve the simplicity of the circular trajectory in CBCT with analytical image 

reconstruction while overcoming the limitations of cone beam artifacts and scatter caused by large 

field sizes, extending the FOV, and distributing the dose more effectively. This solution could 

offer improved image quality in the many applications that suffer from artifacts caused by the non-

ideal geometry in conventional CBCT.  

Physical experiments were performed to evaluate image quality using a prototype CBCT 

system and Monte Carlo simulations were applied to evaluate the 3D dose distribution in a 

voxelized polyethylene phantom and scatter contributions in the projection domain for various 

multisource configurations. Three multisource geometries were considered with two different 

collimation schemes. Traditional CBCT collimates the x-ray beam to cover the entire detector at 

once, and when applied for multisource techniques this will be referred to as the overlapping 

multisource geometry. We also consider a different approach to achieving full detector coverage 

in CBCT by stacking several small cone angle exposures, which will be referred to as the 

collimated multisource geometry. The field of view for the reconstructed image domain remains 

the same across the comparisons. 

3.2. Methods 

 

3.2.1. Source configuration concept 

 

Diagrams in Figure 3.1 show the x-ray source positions and corresponding FOV sizes for the 

different source configurations considered in this study. Three multisource geometries were 

considered with two different collimation schemes. The CBCT collimation scheme that covers the 
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entire detector at once will be referred to as the overlapping multisource geometry (Figure 3.1b 

and 1c). We also consider a different collimation scheme by stacking several contiguous small 

cone angle acquisitions, which will be referred to as the collimated multisource geometry (Figure 

3.1d). In this study, six source locations with 30 mm separation between each source were 

simulated in both the overlapping and collimated geometry. Each vertical source position is 

assigned a letter (A-F) and those positions were constant across all geometries and experiments. 

Comparisons were made between the four different CBCT source configurations: (i) a one source, 

(ii) overlapping three source, (iii) overlapping six source, and (iv) collimated six source.  

The ideal collimation system is depicted in Figure 3.1, where the sources are uniquely 

collimated to cover the FOV with adjusted posterior and anterior cone angles. For the three-source 

overlapping configuration (Figure 3.1b) the cone angle of position A is 2° posteriorly and 14° 

anteriorly, for position C the cone angles are 6.9° posteriorly and 9.3° anteriorly, and for position 

E the cone angles are 11.7° posteriorly and 4.5° anteriorly. Similarly, for the six-source 

overlapping geometry the cone angles of position A are 2°/14° (anterior/posterior), position B cone 

angles are 4.5°/11.7°, position C are 6.9°/9.3°, position D are 9.3°/6.9°, position E are 11.7°/4.5°, 

and position F are 14°/2°. This ideal collimation scheme was applied in the Monte Carlo 

simulations explained in section 3.2.8 However, the physical experiments (detailed in section 

3.2.2) utilize a rigid collimation system (i.e., 2° posteriorly and 14° anteriorly) which cannot be 

adjusted and was predetermined by the built-in x-ray tube housing. For the collimated system 

geometry, additional collimation was added anteriorly resulting in a 2° cone angle both anteriorly 

and posteriorly (Figure 3.1d) and consistent for both the physical experiments and the Monte Carlo 

simulations. 
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3.2.2. CBCT system parameters 

 

To illustrate various x-ray source configurations in CBCT, phantom imaging was performed on a 

prototype breast CBCT system “Doheny” built at UC Davis. The relevant parameters are described 

here, but the complete system parameters are reported elsewhere23. Doheny was designed as an 

approximate half cone system rather than a full cone system to maximize chest wall coverage for 

imaging the breast in the pendant geometry. The central ray is positioned near the chest wall with 

a maximum fan angle of 23.8°. Multiple scans using a one source x-ray tube were used to simulate 

a multiple-source CBCT system. A vertical actuator controlled by a stepping motor was used to 

move the one source x-ray tube to different vertical positions between scans and a full 360° CT 

FIG 3.1. Diagrams of the geometry of each CBCT system: (a) one source, (b) three source 

overlapping, (c) six source overlapping, (d) six source collimated configuration. The narrow 

collimators are indicated in green. The blue indicates the spatial distribution of the x-ray beams. 

The position of each source location is constant across the different geometries. Drawn to relative 

scale for a source to isocenter distance of 500 mm, source to detector distance of 700 mm, detector 

height of 200 mm, sources separated by 30 mm in the z-dimension, and an object space of 153.6 x 

153.6 x 180 mm. 

(a) (b) 

(c) (d) 



40 

 

acquisition was acquired at each position. A full set of projection data were acquired producing 

500 projections at each of the source positions (A-F as shown in Figure 1). Individual projections 

were subsequently interleaved during image reconstruction to simulate a multisource x-ray tube 

system as detailed in Section 2.B.2. All scans in this study were acquired with 500 projections at 

60 kV with 0.2 mm Cu filtration, 150 mA, an x-ray pulse width of 4 milliseconds (ms), and a pulse 

period of 23 ms. This system operates with a tungsten anode x-ray tube and a nominal focal spot 

size of 0.3 𝑥 0.3 mm. The tube current time product was therefore 300 mAs (150 mA 𝑥 4 ms 𝑥 

500) for all the datasets in this study. 

3.2.3. Image reconstruction  

 

The volume datasets were reconstructed using the Feldkamp-Davis-Kress (FDK)68 3D filtered 

back projection with a Shepp Logan apodization filter which was implemented in MATLAB using 

voxel-based back projection. Each volume data set was reconstructed using an isotropic voxel size 

of 150 µm and a matrix size of 1024 × 1024 × 1200 voxels which creates a FOV of 150 × 150 × 

180 mm. In a previous study conducted on this system23, the system modulation transfer function 

FIG 3.2. Diagram detailing the method used for image reconstruction for the overlapping 

multisource configurations which involves selecting a subset of each full acquisition to interleave 

into a combined reconstruction. An example for the overlapping three source configuration is 

shown. 
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(MTF) was measured and the 10% MTF resolution limit was determined to be 3.33 mm-1, which 

corresponds to a voxel size of 150 µm.  

For all overlapping multisource geometries, the total tube time current product used to generate 

each reconstructed volume dataset was kept the same by interleaving a total of 500 projections. 

This was achieved by interleaving a subset of the original projections from each source, 

demonstrated in Figure 3.2. Due to the built-in collimation of the x-ray tube housing, some of the 

projection data was lost when the x-ray source was moved from the original “A” position. This 

was accounted for by linearly scaling each voxel value after reconstruction based on how many 

sources contributed to it. Rigid registration was applied for the overlapping multisource 

geometries. 

For the collimated six-source multisource geometry, a narrow collimator was applied to limit 

the x-ray beam to a smaller region in the z-dimension for each source position (see Figure 3.1D) 

and all 500 projections from each acquisition were used in the image reconstruction. These 

FIG 3.3. The detector (Varex Dexela 2923 

CMOS) coverage applied for the 

collimated six source geometry. (a) 

coverage for sources A, C, E digitally 

combined. (b) coverage for sources B, D, 

F digitally combined. Each source covers 

330 rows which equates to 49.5 mm on the 

detector and a 2-degree cone angle both 

posteriorly and anteriorly. 

(a) Sources ACE 

 
(b) Sources BDF 
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volumes were reconstructed into sub-volumes using the same FDK method as the one source 

configuration and all sub-volumes were combined in the CT image domain to complete the image 

reconstruction. Figure 3.3 shows the regions that were used in the collimated six-source 

multisource reconstruction, although the physical collimation is slightly larger than that in the 

diagram. In a fully assembled system, the collimation for each source would be designed precisely 

for the region on the detector used in the reconstruction. The coverage is contained within 1330 

detector element “dexel” rows resulting in 20 cm of vertical detector coverage from the inherent 

collimation on the system. These exact rows were not optimized for this preliminary study. The 

same total region on the detector (i.e., 20 cm vertical detector coverage) was used for the one 

source and the overlapping multisource configuration reconstruction. 

3.2.4. Defrise phantom  

 

To demonstrate cone beam artifacts in the experimental studies on the Doheny scanner, a Defrise 

phantom (Fig 3.4a) was built from evenly spaced compact disks. The phantom is composed of 120 

mm diameter polycarbonate disks 1.2 mm thick and evenly spaced using nylon plastic disks which 

are 25 mm in diameter and 2.4 mm thick. The overall height of the stack was 150 mm which is 

large enough to fill the entire object space. All four source configurations were used to image the 

Defrise phantom and compare line profiles through the 3D reconstructions. The modulation of the 

Defrise disks was determined by finding the difference between the maximum (95th percentile) 

and minimum (5th percentile) within the line profile data. 
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3.2.5. Corgi phantom  

 

A multi-purpose and modular quality assurance phantom69 for cone beam scanners was recently 

developed and commercialized, referred to as the Corgi phantom (Fig 3.4b). Contained within this 

phantom is a cone beam artifact module consisting of Teflon disk pairs separated with 

polyethylene terephthalate and positioned vertically in the phantom at different cone angles. The 

diameter of each disk is 25.4 mm with a thickness of 1.0 mm, and the disks are spaced 3.0 mm 

apart vertically. For these experiments, four cone beam modules were positioned 30 mm from each 

other vertically within the phantom and used to quantify the magnitude of the z-axis modulation 

at these four regions of the reconstructed FOV. The modules were positioned vertically from the 

one source central ray location at 30 mm, 60 mm, 90 mm, and 120 mm to isolate specific cone 

angles within the scanner FOV. A metric69 has been developed for evaluating the magnitude of the 

FIG 3.4. Photos of the (a) Defrise phantom and the (b) Corgi phantom used in the quantitative 

experimental study. (c) Line pair demonstration to show the calculation of the loss in modulation 

in the z-dimension (𝒛𝒎𝒐𝒅) through the volume data set of the Corgi phantom cone beam artifact 

module. 

 

(b) Corgi phantom (a) Defrise phantom 

𝒕𝒆𝒇𝒍𝒐𝒏 

𝒐𝒖𝒕𝒔𝒊𝒅𝒆 

𝒎𝒊𝒅𝒅𝒍𝒆 
µ(𝒛) 

(c) Z-modulation (cone beam module) 
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cone beam artifact referred to as the z-modulation [𝒛𝒎𝒐𝒅] which is illustrated in Figure 4c and 

defined in Equation 3.1. 

𝒛𝒎𝒐𝒅  =  
µ𝒕 −  µ𝒎

µ𝒕 −  µ𝒐
 (3.1) 

 

where the mean reconstructed voxel value (µ; linear attenuation coefficient) is measured in the 

Teflon (𝑡) disk, in the middle (𝑚) region between the two Teflon disks, and the outside (𝑜) region 

beyond the disks as depicted in Figure 3.4c. When the module is completely resolvable, the [𝒛𝒎𝒐𝒅] 

will approach unity and when it is completely unresolvable, the [𝒛𝒎𝒐𝒅] will be nearly zero. To 

calculate the µ𝒕, µ𝒎, and µ𝒐  values, an ROI (9 mm × 9 mm) was averaged within each coronal 

slice to reduce noise in the estimation.  

3.2.6. Noise power spectra 

 

It is well known in CBCT that the 3D noise power spectrum (NPS) has a null cone70,71 that 

corresponds to the frequencies missing in the data and the cone angle used in the scan. This missing 

cone can be explained by the central slice theorem. For a single projection, the diverging rays in a 

cone beam tilt the 2D Fourier plane in the projection domain, which tilts the 3D Fourier plane in 

the reconstructed domain. Since all the projections are summed into the reconstruction, the many 

tilted 2D Fourier planes result in a cone shape in the reconstructed 3D Fourier domain. To 

characterize the noise properties and quantify the null cone, the 3D NPS was measured for the one 

source, three source, and six source configurations. Two identical scans of a polyethylene cylinder 

were reconstructed, and the data sets were subtracted to obtain a single noise-only image. The 3D 

𝑵𝑷𝑺(𝒖, 𝒗, 𝒘) was then calculated using the noise-only image with 100 overlapping volumes of 
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interest (VOI) centered around a circle at half the radial distance of the polyethylene cylinder. A 

cylinder with a diameter of 154.2 mm was used in the acquisition, so the center of the VOIs were 

located at 38.1 mm from the isocenter and each volume was 128 × 128 × 128 voxels.  

 

𝑵𝑷𝑺(𝒖, 𝒗, 𝒘) =  
𝟏

𝑵
∑

|𝑫𝑭𝑻𝟑𝑫(𝑽𝑶𝑰𝒊(𝒙, 𝒚, 𝒛))|𝟐

𝟐

𝜟𝒙

𝑵𝒙

𝜟𝒚

𝑵𝒚

𝜟𝒛

𝑵𝒛

𝑵

𝒊=𝟏

 (3.2) 

 

In Equation 3.2, the 3D frequency domain is represented by variables (𝒖, 𝒗, 𝒘) and the 

corresponding 3D spatial domain is represented by variables (𝒙, 𝒚, 𝒛). The 𝑽𝑶𝑰𝒊 term is the 

individual cube of data within the difference data and the 𝑵 term refers of the number of VOIs, 

which in this case is 100. The VOIs are 3D discrete Fourier transformed (𝑫𝑭𝑻𝟑𝑫), magnitude 

squared, and divided by two to account for the doubling of the noise magnitude during the 

subtraction step. The data from 100 VOIs were averaged and then scaled by the number 

[𝑵𝒙, 𝑵𝒚, 𝑵𝒛] and size [𝜟𝒙, 𝜟𝒚, 𝜟𝒛] of the voxels.    

In order to quantify the null cone of the 3D NPS, the elements that were less than 10% of the 

95th percentile of the entire 3D NPS were classified as the null elements47. This criterion was used 

to determine the null elements within the 3D NPS and the fraction of the total that were null for 

each multisource configuration. The percent null elements were plotted with respect to the z-

dimension relative to the central ray for sixteen regions down the length of the data. This was done 

in the same regions for the one source, overlapping multisource, and collimated multisource 

configurations. 
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3.2.7. Anthropomorphic phantom imaging 

 

An anthropomorphic hand phantom measuring 25 mm × 110 mm × 200 mm and an 

anthropomorphic knee phantom measuring 150 mm × 150 mm × 250 mm were scanned to show 

the subjective differences in image quality for two simple clinical imaging tasks. The same scan 

protocol that was previously described was applied using the one source configuration and the 

collimated six source configuration. 

 

3.2.8. Monte Carlo simulation model 

 

A validated Monte Carlo-based radiation transport code72 (MCNP6 version 1.0) was employed in 

this study to simulate: (1) primary and scatter contributions to projection images, and (2) three-

dimensional dose distributions for the various source configurations. For all simulations, a 60 kV 

polyenergetic source with 0.2 mm Cu filtration was modeled using TASMICS73 and implemented 

in MCNP6 as a probability density function for the photon source distribution. The source was 

defined as a point with photon emission directed towards a simulated collimation window for 

either the overlapping or collimated geometry as shown in Figure 1 and detailed in section 2A. A 

phase space file was recorded for all photons passing through the collimator window using the 

source surface write (SSW) card in MCNP which records each photon energy, direction, and 

location. The phase space files were then used with the source surface read (SSR) card in MCNP 

to define the source for subsequent simulations detailed in the following two sections. A separate 

phase space file was recorded for all six sources in the overlapping geometry. Given the symmetric 

collimation (in z) for the collimated geometry, only a single-phase space file was generated and 

then translated (using the TR card in MCNP) in z to simulate all six sources. A 154.2 mm diameter 
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polyethylene cylinder was modelled as a voxelized phantom 40 cm in length with an isotropic 

voxel size of 0.12 mm and centered about the scanner isocenter in x-y and the center of the detector 

FOV in z. This cylinder diameter matches that used in the NPS measurements in the experimental 

study. The excess phantom length beyond the 14.4 cm detector FOV was simulated to include the 

effects of backscatter.  

For normalization of the projection image and dose simulations, the air kerma free-in-air 

was simulated at the isocenter by modelling a 0.6 cm^3  thimble ionization chamber (10x6-0.6CT, 

RadCal Corp., Monrovia, CA, USA). A total of 6.0 × 10^8 and 1.3× 10^9 photons were tracked 

and written to the phase space files for the collimated and overlapping geometry, respectively. This 

number of source photons was sufficient to ensure that the relative error was less than 1% across 

all projection, dose, and air kerma simulations.  

3.2.9. Primary and scatter contributions to projection images 

 

For simulation of projection images, the detector geometry detailed in section 2B was modeled in 

MCNP6. An ideal energy integrating detector model was implemented in the simulations which 

assumes 100% absorption efficiency of photons independent of detector material and incident 

angle46. The estimated scatter-to-primary ratio (SPR) from this model is within ~5% of measured 

values for the photon energy range investigated in this work providing confidence that this detector 

model is suitable for the purpose of this work. Simulation of the native dexel pitch (0.075 mm) for 

the flat panel detector utilized in this work is superfluous for the purpose of comparing the primary 

and scatter contributions across the different source configurations. Moreover, the scatter 

contribution to projection images is a relatively low frequency effect and does not require high 

resolution simulations for accurate estimation. Therefore, the primary projection images were 

simulated with a dexel pitch of 0.75 mm using a grid of point detector tallies (*F5 in MCNP6), 
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after correcting for the surface area of each dexel and the cosine of the angle between the primary 

x-rays and the normal to the detector surface74. The scatter projection images were simulated with 

a dexel pitch of 3.75 mm using a grid of point detector tallies (*F1 in MCNP6) which records the 

energy current through the detector surface using a modification card to discriminate between 

primary and scatter contributions. Lastly, the low-resolution scatter projections were interpolated 

to match the resolution of the primary projections and then used to calculate the scatter-to-primary 

ratio across the entire detector surface. The primary, scatter, and SPR projections were compared 

across the different source configurations investigated in this work. The simulated air kerma (mGy 

per source particle) was scaled to the detector surface using the inverse square law and used to 

normalize all projection images (MeV per source particle) such that each dexel is in units of MeV 

per mGy at the detector surface. 

3.2.10. Three-dimensional dose distributions 

 

The energy deposited per unit mass (MeV/g) was estimated for each voxel within the voxelized 

polyethylene phantom (F6 in MCNP6) and converted to units of dose (mGy) by multiplying the 

tally output by 1.6022 × 10^(-7). Three-dimensional dose distributions were simulated for all six 

sources in both the collimated and overlapping geometry (12 total simulations). All dose 

distributions were then divided by the simulated air kerma at the isocenter such that the unit of 

each voxel is absorbed dose per air kerma (mGy/mGy). Given that the cylindrical phantom is 

homogenous and symmetric about the scanner isocenter, separate simulations were not required 

for rotating the phantom (or source). Phantom rotation was accomplished by bilinear interpolation 

of the 3D dose distribution for a single projection through any arbitrary rotation angle, ensuring 

that the rotated dose map was the same size as the original dose map. This approach to estimating 
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the dose distribution for an entire CBCT scan allows for flexibility in simulating any arbitrary 

number of rotation angles, orbital extent, source configuration, and source exposure sequencing. 

3.3. Results 

 

3.3.1. Defrise phantom 

 

The results from the Defrise phantom for the various source configurations are shown in Figure 

3.5. A single sagittal slice through the center of the reconstructed volume data set shows qualitative 

differences between the source configurations. An arrow is superimposed onto each image to show 

where data was extracted for a line plot from the top to bottom slices. Line plots were created to 

quantify the cone beam artifacts. A region of 2 x 2 pixels in the coronal plane was averaged for 

each slice of the line plot to reduce noise. When the one source configuration was used to image 

(a) One Source (b) Three Source 
Overlapping 

(c) Six Source 
Overlapping 

(d) Six Source 
Collimated 

FIG 3.5: Defrise phantom results are shown for the (a) one source, (b) three source overlapping, (c) 

six source overlapping, and (d) six source collimated configurations. Sagittal slices through the 

reconstructions are shown in the top row qualitatively demonstrating modulation of the disks and the 

bottom row shows line plots through the volume quantifying the modulation.  
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the Defrise phantom, the disks are distinguishable for only a small region of the total FOV, about 

30 mm in the vertical direction near the central ray of the x-ray beam. The same trend is apparent 

in the three-source overlapping configuration, where the visibility of the disks is improved near 

each of the central rays of the x-ray beam. The six-source overlapping configuration resolves the 

disks for the entire phantom, however a considerable fraction of the modulation intensity is lost. 

The modulation of the disks on average throughout the volume is 2.7X greater for the six-source 

collimated configuration than the six-source overlapping configuration. The six-source collimated 

configuration uses only the small cone angle (θ = ± 2°) projections from each source to the object, 

resulting in nearly full modulation intensity throughout the entire phantom. 

3.3.2. Corgi phantom  

 

A sagittal slice through the volume data of the Corgi phantom with the cone beam factor modules 

is displayed in Figure 3.6 alongside line profiles of the data measured orthogonal to the disk planes. 

This line profile data was used to calculate the modulation in z (Figure 3.4) for four positions 

within the scanner FOV (in z) as shown in Figure 3.7. 
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(a) One Source (b) Three Source 

Overlapping 

(c) Six Source 

Overlapping 
(d) Six Source 

Collimated 

FIG 3.6: Cone beam modules from the Corgi phantom used to evaluate the modulation in z 

at various vertical locations throughout the object space. Each row of data corresponds to a 

position in the z-dimension relative to the central ray displayed on the right. 
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3.3.3. Noise power spectra 

 

An example of a central slice through the 3D NPS is illustrated in Figure 3.8 for all four 

configurations to show the null cone. This example captures the NPS in a volume of interest that 

is between 107.2 to 126.4 mm in the z-dimension. For the one source configuration, this 

corresponds to the region between 12 to 14 degrees cone angle. It is displayed in a cropped window 

to feature the null cone and not the apodization of the ramp filter.  

The cone angle was measured from a central slice of the 3D NPS (as shown in Fig 3.8a) as the half 

angle within the null cone. To validate this method, the measured cone angle within the null cone 

map was compared to the true system cone angle from the geometry of the one source 

configuration. The measured cone angle and true cone angle were plotted and found to have a 

coefficient of determination equal to 0.99 showing that the criterion could correctly identify the 

FIG 3.7. Cone beam artifact measured as the loss in modulation in the z-dimension for several 

multisource systems compared to the one source system for four locations along the z-dimension 

relative to the central ray. Four configurations are represented: one source, three source 

overlapping, six source overlapping, six source collimated. In the legend, O = overlapping and C 

= collimated. 

Z-Modulation Loss 
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null elements within the 3D frequency domain. The fraction of the elements within the 3D NPS that 

were null was tallied for seventeen positions through the z-dimension and are plotted in Figure 

3.9. 

 

 

 

 

FIG 3.8. Sagittal slices though the 3D NPS for the four different MXA configurations at a cone 

angle of 14 degrees (relative to one source) to illustrate the null cone recovery in the multisource 

systems.  (a) one source configuration with an illustration of the null cone measurement, (b) three 

source overlapping configuration, (c) six source overlapping configuration, (d) six source 

collimated configuration. 

(a) One source (b) Three Source 
Overlapping 

(c) Six Source 
Overlapping 

(d) Six Source 
Collimated 
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3.3.4. Anthropomorphic phantom imaging 

 

A slice through the reconstructed volumes was used to visualize the differences in the hand (Fig 3.10) and 

knee (Fig 3.11). A sagittal slice is displayed to show that the one source configuration cannot recover the 

entire field of view (Figure 3.10a) while the collimated multisource configuration (Figure 3.10c) extends 

the field of view to capture the full length of the hand. A small region of the hand is selected from the 

image between 55 to 85 mm from the central ray in the one source system because it is positioned at a 

large cone angle and the qualitative difference in anatomical details is revealing. These improvements in 

image quality for the six-source collimated configuration are due to both a reduction in the cone beam 

artifacts (Figure 3.7) and a reduction in scatter contamination (discussed in the following section). 

Between the metacarpophalangeal joints there are apparent streak artifacts when the one 

source configuration was used. Figure 3.11 shows a coronal slice from the knee phantom data 

positioned at 80 mm from the central ray to illustrate the difference in contrast to noise between 

FIG 3.9. Percent null cone within the 3D NPS plotted at sixteen locations through the field of 

view. Four configurations are represented: one source, three source overlapping,  six source 

overlapping,  six source collimated.  In the legend, O = overlapping and C = collimated. 
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the one source configuration (Figure 3.11a) and the collimated six source configuration (Figure 

3.11b). In both anthropomorphic phantoms, the details within the bone structure are obscured when 

one source is applied, and they are much sharper when the collimated small cone angle 

configuration is applied. The visibility of these fine structures can impact the diagnostic quality of 

CBCT scans for many orthopedic applications, as discussed in the introduction of this chapter.   

 

 

FIG 3.10: Anthropomorphic hand phantom scanned by both the one source system and the 

collimated six source system. Sagittal slices are shown through the reconstructed volumes with a 

region of interest. (a) one source system full FOV, (b) one source system ROI FOV, (c) six source 

collimated configuration full FOV, (d) six source collimated configuration ROI FOV. The slices 

were displayed with the same window range of attenuation coefficients  [0, 1.2] mm-1. 

(a) (b) (c) (d) 
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3.3.5. Primary and scatter contributions to projection images 

 

The signal to primary ratio (SPR) simulated at the detector surface for the collimated and 

overlapping configurations is shown in Figure 3.12. A 2D map of the SPR for the collimated one 

source configuration and the overlapping one source configuration is shown. A subset of the 2D 

SPR maps was extracted to quantify the SPR along z (Figures 3.12 c-d) by calculating the mean 

SPR for all dexels within an ROI (1 cm × 1 cm) centered about the z-locations indicated in the 

figure. Two sets of ROIs were considered, one at the center of the detector columns “central” and 

another at the periphery of the columns “peripheral” which was set at one quarter of the detector 

width. The specific z locations of the ROIs were chosen to align with the center of the collimated 

FOV for each source. The maximum SPR was determined by calculating the 95th percentile of the 

2D SPR map (Figure 3.12 a-b) within the shadow of the phantom on the detector. The maximum 

SPR for the collimated configuration was 0.26 while the maximum SPR for the overlapping 

FIG 3.11: Anthropomorphic knee phantom scanned by both the one source system and the 

collimated six source system. Coronal slices are shown through the reconstructed volumes at 80 

mm from the central ray, which corresponds to a cone angle of 9° in the one source configuration. 

(a) one source configuration (b) collimated six source configuration. The slices were displayed 

with the same window range of attenuation coefficients [0, 0.9] mm-1. 

 

(a) (b) 
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configuration was 0.81. The scatter distribution was compared between the overlapping and 

collimated configurations for source A and source F, shown in Figure 3.13. This plot was created 

by collecting ROIs (1 cm × 1 cm) on the detector to calculate the mean scatter at each row position. 

The summation of simulated scatter distributions for collimated sources A, C, E and the 

summation of collimated sources B, D, F were also compared for a theoretical multisource 

configuration which utilizes simultaneously triggered sources (labeled “ACE collimated” and 

“BDF collimated” in Figure 3.13). The collimated multisource configuration theoretically allows 

for simultaneous source activation as illustrated in Figure 3.3 for two consecutive projection 

images. This is unique to the multisource collimated geometry because there is no overlap of the 

primary beam from a subset of sources on the detector. In this configuration, sources A, C, E could 

theoretically be triggered simultaneously and sources B, D, F could also be triggered 

simultaneously. However, given that the Doheny scanner used in the present experiments does not 

have the multisource x-ray tube installed, simultaneous triggering is not possible. In the 

experimental study, only one source was triggered at a time, and a narrow collimation scheme is 

used to limit the exposure to a sub volume within the total field of view. In a system that is triggered 

simultaneously, there would be an increase in scatter contamination from adjacent sources (as 

illustrated in Figure 3.13) that would need to be considered. Simultaneous source triggering is 

discussed further in section 3.4.2. 
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FIG 3.12. Top row: Monte Carlo 

simulation results showing 2D maps of 

the scatter to primary ratio (SPR) on 

the detector surface for a 154.2 mm 

polyethylene cylinder scanned using 

one source position ‘A’ in the (a) 

overlapping configuration and the (b) 

collimated configuration. One 

dimensional SPR profiles along the z 

(rows) of the simulated detector in the 

(c) six source overlapping 

configuration and the (d) six source 

collimated configuration is also 

shown. The central ROIs were 

centered about y = 139 mm and 

peripheral ROIs were centered about y 

= 69 mm. Along the z dimension, the 

ROIs (central & periphery) were 

centered about z = 25, 55, 85, 115, 

145, and 175 mm. 

FIG 3.13. Line profile down the detector 

rows at the center of the columns Y(mm) = 

139 to show the magnitude of the scatter 

distribution for source A and source F in 

both the collimated and overlapping 

configurations. The simulated air kerma 

(mGy per source particle) was used to 

normalize the projection images (MeV per 

source particle) to calculate the scatter 

(MeV per mGy) plotted here. 
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3.3.6. Three-dimensional dose distributions 

 

The average and maximum dose (95th percentile) for the four different source configurations were 

calculated from the Monte Carlo simulation results and detailed in Table 3.1. A sagittal slice 

through the center of the 3D dose distributions for the different source configurations are shown 

in Figure 3.14. Each dose map is normalized to the maximum dose and displayed on a scale from 

0 to 1 to show the relative dose distributions. Line profiles (along z) through the 3D dose 

distributions are also shown in Figure 3.14. An ROI (1 cm × 1 cm) was averaged across the coronal 

plane of the volume to calculate the data for the line profiles at the center and periphery (1.5 cm 

from the edge of the phantom) of the 3D dose distributions. The profiles for the overlapping 

configurations were plotted on a scale from 0 to 3 mGy per 100 mAs while the collimated 

configuration was plotted from 0 to 1.5 mGy.  

 

Table 3.1. Monte Carlo dosimetry metrics for the various multisource CBCT configurations 

Metric One Source  
Three Source 

Overlapping 

Six Source 

Overlapping 

Six Source 

Collimated 
 

Number of projections 

per source 
498 166 83 498  

Dose, average 
2.098 2.256 2.259 0.513 

 

(mGy/100 mAs)  

Dose, maximum 
2.864 2.827 2.823 0.640 

 

(mGy/100 mAs)  
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3.4. Discussion 

 

3.4.1. Experimental study 

 

The phantom imaging studies presented in this work demonstrate the image quality improvements 

and utility of the multisource concept applied to cone beam CT. The Defrise phantom and the 

Corgi phantom quantify the variable contrast modulation throughout the scanner FOV, and the 

null cone in the 3D NPS quantifies the missing frequencies throughout the scanner FOV. Within 

the FOV of the one source configuration, the farther the position is from the central ray, the more 

information is lost in both the spatial and frequency domains. The collimated six source 

configuration shows the most improvement for all three phantom studies when compared to the 

one source configuration. These two configurations were then used to image the two 

anthropomorphic phantoms (Figures 3.10 and 3.11) and demonstrated clear qualitative differences 

FIG 3.14. Top row: central slices through the 3D dose distributions for the various multisource 

configurations, each normalized to the maximum dose within the corresponding volume. Bottom 

row: line profiles through the 3D dose distributions at the center and periphery of the volume, 

each normalized to the average dose within the corresponding volume.  
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in the contrast with the collimated six source configuration providing significantly improved 

visibility of fine details. The smaller sub volumes in the collimated geometry contribute to a 

decrease in the noise caused by scattered photons and essentially eliminates cone beam artifacts 

because only small cone angles are used during the acquisition. One limitation of the study was 

that the built-in collimation of the x-ray tube prevented the full coverage of the detector for the 

overlapping geometries. This implies that the volume datasets from the overlapping geometries 

have inconsistent noise properties throughout the field of view. 

3.4.2. Monte Carlo simulation 

 

The Monte Carlo simulation results demonstrate the differences in the scatter contributions 

between the collimated and overlapping geometries. For a full FOV (overlapping geometry), the 

SPR varies down the length of the detector with a peak at the middle of the polyethylene phantom 

(Figure 3.12c). In the collimated geometry configuration, the SPR remains consistent down the 

length of the detector (Figure 3.12d). The scatter interactions were examined separately from the 

primary interactions and compared between the overlapping and collimated configurations (Figure 

3.13) for the top “A” and bottom “F” source positions. The magnitude of the scatter is greatly 

reduced when comparing the overlapping to the collimated source configurations at the same 

source positions. When only one source is triggered at a time, the scatter is limited and does not 

depict the scatter that would occur for simultaneously triggered sources that was discussed as a 

potential benefit of the multisource collimated geometry (but not physically simulated on the breast 

CT scanner used in this study). Monte Carlo simulation comparisons with simultaneous triggering 

of multiple collimated sources are also shown in Figure 3.13 (labeled “ACE collimated” and “BDF 

collimated”) demonstrating an increase in scatter contamination in the projection domain from 

adjacent sources as expected. 
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Simultaneous triggering of multiple sources in the collimated multi-source configuration 

would however provide a higher duty cycle and therefore make more efficient use of the scan time 

and improve angular sampling. The duty cycle refers to the fraction of the time within a complete 

acquisition that an individual source is active. For example, consider a single source (non-

simultaneous) acquisition with 6 sources and a total of 498 projections acquired in 360 degrees. 

Each source would be active in only 1/6 or equivalently 83 of the 498 projections. With 

simultaneous pulsing (3 sources at a time) and an odd (A,C,E) / even (B,D,F) synchronization 

approach, each source would contribute to ½ or equivalently 252 of the 504 projections. Hence the 

duty cycle would increase from 1/6 (0.17) to ½ (0.5) with an increase of a factor of 3.  

The 3D dose distributions show that the maximum dose for all the overlapping configurations 

(one, three & six) remained relatively constant, but the average dose for the multisource (three & 

six source) overlapping configurations had increased 25% when compared to the one source 

configuration. This increase in the average dose can be attributed to the improved coverage of the 

phantom volume near the bottom of the FOV when multiple sources are used as shown in Figure 

3.14b & 3.14c. There is a four-fold decrease in both the average dose and the maximum dose when 

comparing the collimated six source configuration and all the overlapping configurations. These 

results are as expected since the multisource, collimated geometry makes more efficient use of the 

x-ray beam by not irradiating the object at large cone angles which effectively mitigates cone beam 

artifacts and reduces scatter contamination in the projection domain as demonstrated in this study. 

While these results are promising there is a need to optimize the system geometry for the 

multisource collimated configuration to minimize hot spots in the dose distributions (shown in 

Figure 3.14d) and reduce total scan times by investigating more complex source and detector 

synchronization schemes.  
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3.5. Conclusions 

 

Multisource CBCT configurations were physically simulated and evaluated based on image quality 

in the spatial domain, sampling in the frequency domain, radiation dose, and scatter contributions. 

The multisource overlapping configurations reduced cone beam artifacts and improved frequency 

sampling relative to a single source configuration, but the contrast is compromised and there is 

considerable scatter contribution to the signal. The collimated multisource concept applied to 

CBCT was shown to significantly reduce scatter (Figure 3.12-3.13) and improve consistency in 

image quality (Figures 3.5-3.7) throughout the FOV when compared to standard CBCT (one 

source). The collimated beam multisource concept also showed the reduction of artifacts and 

improvements in contrast in two anthropomorphic phantoms (Figures 3.10-3.11).  

The combination of improved image quality and reduced dose makes the collimated six 

source configuration for CBCT a promising potential modality for clinical imaging. Therefore, we 

believe that collimated multisource CBCT applied to clinical applications has the potential to 

provide more consistent image quality throughout the FOV and more reliable diagnostic 

information when compared to standard one source CBCT. 
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Chapter 4: Breast CT microcalcification detectability with phantom 

imaging and the ideal observer  
       

4.1. Introduction     

 

The visualization of microcalcifications is critical for a breast cancer screening procedure. Ductal 

carcinoma in situ (DCIS) is a noninvasive potential precursor of invasive breast cancer75,76 that 

accounts for 20–30% of all breast cancers and presents as suspicious microcalcifications in 60–

90% of lesions.77,78,79 It has been shown in clinical trials at UC Davis that dedicated breast CT 

(bCT) is better than digital mammography (DM) at detecting masses, but that DM is better than 

the early generation bCT system24 at detecting microcalcifications. This is due to several factors 

that affect the image quality in the reconstructed images. The noise is greater in bCT than DM due 

to the lower dose per projection image. For an average scan of one breast, bCT applied 500 

projections at ~0.35 mAs per projection, while DM applies only 2 projections at ~50 mAs per 

projection. While the increase in the number of views in bCT improves the visualization of masses 

by overcoming the superposition of tissues, it also increases the quantum noise when compared to 

DM. In addition, the electronic noise is greater in bCT because the detector is operated with a 

much higher amplification gain. The spatial resolution of the early bCT prototype was a limiting 

factor that was improved in the updated bCT system23 by smaller detector elements and a pulsed 

x-ray tube. 

The visibility of malignant microcalcifications was improved in clinical trials80,81 by using 

contrast enhanced breast CT due to the uptake of contrast agent. However, the injection of contrast 

makes this imaging procedure more invasive and not practical for breast cancer screening for the 
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normal risk population. For non-contrast breast CT to be used clinically for breast cancer 

screening, improvements in microcalcifications detection should be made. 

Previous simulation studies show the effects of detector pixel size82, breast diameter83, and 

FDK68 reconstruction kernel84 on breast CT microcalcification detection. Phantom studies show 

the effects of tube potential and radiation dose85 on the detection of microcalcifications by human 

observers on a prototype system. Studies using clinical datasets at UC Davis show the utility of 

the ideal observer model86 and human observer87 for studying the effect of slice thickness on mass 

lesion detectability in breast CT, but these did not include microcalcification lesions.  

The study herein reports on the development of a physical breast phantom with 

microcalcification lesions for evaluation of a prototype breast CT scanner using model observers. 

The microcalcification detection task for breast CT evaluated using a non-prewhitening-matched 

filter (NPW) model. The NPW is considered the optimal detector, or ideal observer, under the 

assumption of a stationary Gaussian image background88. This provides a method for evaluating 

numerous scan parameters on the prototype breast CT scanner and investigation of the impact of 

cone angle on microcalcification detectability.  

4.2. Methods 

 

The goal of developing this phantom was to create a simple model of a microcalcification lesion 

within a homogeneous glandular tissue surrounded by adipose tissue in the breast. Multiple 

microcalcification lesions will be scanned at a time to create a set of samples to determine statistics 

and draw conclusions from. 
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4.2.1. Calcium grains  

 

Calcium carbonate (CaCO3) grains (CIRS Inc. Norfolk, VA) were used in this study as a surrogate 

for microcalcifications89,90,91. Calcium carbonate is comparable to the chemical composition of 

breast microcalcifications found clinically, which include calcium oxalate in the form of weddellite 

and calcium and phosphorus, mostly in the form of hydroxyapatite92 or tricalcium phosphate93. 

While the attenuation coefficient of calcium carbonate is somewhat lower than these other forms 

of calcium, calcium carbonate is a popular choice for microcalcifications because of its availability 

and lower contrast that makes it more challenging to detect.  

          Typically, the grains are selected by capturing them between sieves of different pore 

diameters. This process isolates grains roughly uniform in size, although some variability in the 

total volume of each calcium grain is to be expected because of their oblate or prolate shape, and 

other irregularities. The reported size of the grains in this study was 0.212-0.224 mm, which 

represents a size consistent with actionable microcalcifications94.  

 

4.2.2. Microcalcification phantom design 

          

The calcium grains were placed between layers of 1% agar solution in cylindrical polystyrene test 

tubes (1.5 cm in diameter and 6 cm in length) which in turn could be inserted within a breast-

shaped phantom. Agar was chosen as a surrogate for fibroglandular tissue in the breast because it 

was accessible, and the density matches that of fibroglandular tissues which results in similar x-

ray attenuation coefficients as measured with CT. This phantom design approximates the clinical 

setting where microcalcifications predominantly reside within areas of fibroglandular tissue or a 

mass lesion of similar density. A total of three test tubes were filled with the mixture of calcium 
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carbonate grains and agar. Additionally, in each test tube three Teflon spheres 2.4 mm in diameter 

were also embedded (one at the bottom and two at the top) for the purpose of fiducial alignment.  

          The breast phantom was fabricated from ultra-high molecular weight polyethylene 

(UHMW), which has x-ray attenuation properties like adipose tissue. The phantom size and shape 

parameters were determined from a cohort of 215 patient breast CT data sets95, and the median (by 

volume) amongst 6 phantoms was used here.  The median-sized phantom (V3) has a total volume 

of 614 cm3, a vertical length (z) of 9.8 cm, a chest wall diameter of 12.5 cm, and a diameter of 

10.7 cm at the vertical center-of-mass.  

 

4.2.3. Phantom imaging  

 

All three microcalcification phantom inserts were imaged separately in-air on both a commercial 

µCT system and a prototype breast CT system for generation of calcium-grain signal profiles. The 

three microcalcification phantom inserts were also placed within the V3 phantom background (in-

phantom) and imaged on the breast CT system to demonstrate the utility of these calcium-grain 

profiles for microcalcification detectability under realistic clinical imaging geometry and dose 

levels. The microcalcification phantom inserts were imaged both individually (in-air), as shown in 

Fig. 4.1(a-b), as well as inserted in a well within a breast-shaped phantom background (in-

phantom) as shown in Fig. 4.1(c). The arrow in Fig. 4.1(c) is pointing to a microcalcification 

phantom insert that is protruding from the top of the V3 phantom background. A pipette was used 

to displace the small air gap surrounding the test tube with water with care taken to avoid air 

bubbles. 
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Fig. 4.1 Photographs of the microcalcification (microcalcification) phantom insert fixtured on 

the rotating stage in the µCT scanner (a), suspended in-air in the breast CT scanner (b), and 

placed within a realistic shaped, median-sized breast phantom and suspended in the breast CT 

scanner (c). The top of the microcalcification phantom insert is indicated by the yellow arrow 

in (c). 

 

4.2.4. In-air microcalcification phantom scans with µCT 

 

Each microcalcification phantom was first imaged on a commercial µCT system (MicroXCT-200, 

Carl Zeiss X-ray Microscopy) within the Center for Molecular and Genomic Imaging at UC Davis. 

The phantom was fixtured to a rotating platform [Fig. 4.1(a)] and 800 projections were acquired 

in step-and-shoot mode for a complete 360-degree rotation using a 40 kV x-ray source. A total of 

6 separate scans were acquired by translating the stage 9.2 mm between consecutive scans to cover 

all agar within the cylindrical test tubes. The projection data were reconstructed using filtered 

backprojection (FBP) into a 3D volume data set with an isotropic voxel size of 0.034 mm. The 

characterization of individual microcalcifications using µCT and comparison with breast CT 

datasets are detailed in a manuscript submitted to the Journal of Medical Imaging by AM 

Hernandez96, which provides the framework to calculate detectability directly from breast CT. 
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4.2.5. In-air microcalcification phantom scans with breast CT 

 

The phantom was imaged on a fourth-generation breast CT scanner “Doheny” in our laboratory 

using 60 kV with 0.2 mm Gd filtration which was previously installed on the filter wheel. This 

choice of kV/filtration combination has been demonstrated to provide a good tradeoff for 

maximizing soft tissue and iodine contrast while still providing enough tube output within the short 

(4 ms pulse width) of the x-ray tube97. Ultra-high dose scans of the microcalcification phantom 

inserts suspended in-air were acquired using 800 projections in a 360-degree rotation and the 

maximum mA at 60 kV (860 total mAs). A total of 5 repeat scans were acquired for ensemble 

averaging to minimize noise. Prior to ensemble averaging, pairwise subtraction was used to verify 

that the phantom did not move and that the x-ray source and detector were stable during scanning. 

 

4.2.6. Image reconstruction 

           

For all breast CT acquisitions, the reconstruction process used a variation of the Feldkamp 

algorithm with a sharp Shepp-Logan kernel that cuts off at a frequency equal to two times Nyquist. 

An isotropic voxel size of 0.102 mm was used for reconstructions done in 1x1 binning mode and 

an isotropic voxel size of 0.204 mm was used for reconstructions done in 2x2 binning mode. A 

low-frequency shading-artifact correction was performed using a previously-reported correction 

algorithm67.  

 

4.2.7. In-phantom breast CT imaging  

 

In-phantom imaging was performed at mean glandular dose (MGD) levels of 3 and 6 mGy in 1x1 

binning mode with an x-ray pulse width of 4 ms and a total of 250 projections. MGD levels were 
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calculated based upon previously reported normalized glandular dose values and measured air 

kerma values at the scanner isocenter. The same reconstruction process explained in the previous 

section was used for the in-phantom images. A total of 23 repeat scans were acquired to obtain 

replicated images of each calcium grain for use in detectability estimation. Pairwise subtraction 

was used to verify stability of the imaging conditions. These scans were used for assessing 

microcalcification detectability performance using a non-prewhitening (NPW) matched filter 

model observer as explained in section 4.2.9. 

 

4.2.8. Registration of  in-air scans with in-phantom scans 

 

Calcium grain detectability calculations required an alignment procedure to register the in-air 

scans with the in-phantom breast CT scans. To address template alignment, a single low-noise 

breast CT image of the in-phantom acquisitions was first generated by taking the ensemble average 

of all 23 repeat scans. The three Teflon spheres embedded in each of the microcalcification 

phantom inserts were used for an initial, rigid registration between the ensemble average of 5 in-

air scans and the ensemble average of 23 in-phantom scans. After this initial registration, each 

individual calcium grain was localized in the in-air scans using a combination of Otsu’s method98 

for binary segmentation and connected components analysis for distinguishing between individual 

grains. Three-dimensional volumes-of-interest (VOIs) centered about the binarized image center-

of-mass of each individual calcium grain were then extracted from the breast CT reconstructions. 

Each VOI was 1.632 mm × 1.632 mm × 1.632 mm (i.e., 8 × 8 × 8 voxels for 2x2 binning mode 

and 16 × 16 × 16 voxels for 1x1 binning mode). All VOIs containing either more than one calcium 

grain or materials other than agar and calcium carbonate were excluded from the analysis. Each 
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template (in air) VOI was then iteratively translated and compared against the in-phantom VOI in 

a loop driven by minimizing the MSE computed between the VOI pairs to achieve fine alignment. 

 

4.2.9. Detectability from the breast CT scanner 

 

A non-prewhitening (NPW) matched-filter model96 was used for all detectability calculations. In 

this model, the mean signal profile was used as a detection template. Our previous studies99,96 

compared detectability estimates derived from the µCT data with estimates derived directly from 

the breast CT scanner as a test of the accuracy of the results using µCT as the ground truth. 

However, in this study we focus on directly calculating detectability with breast CT scans only. 

A 2D central profile through each breast CT-derived signal template was used as a 

detection template in the NPW model. Template responses are defined by an inner product of the 

template with an ROI from the in-phantom breast CT reconstructions. The signal-present response 

was computed by taking the inner product of the NPW template with the in-phantom breast CT 

reconstructions at the calcium grain location. The signal-absent response was computed by taking 

the inner product of the NPW template with the in-phantom breast CT reconstruction at 10 

different non-signal locations randomly selected within the same slice and contained within the 

agar region of the microcalcification phantom insert. Let 𝜆+represent the signal-present template 

responses and 𝜆𝑖,𝑗
−   represent the signal-absent template responses, where 𝑖 = 1, … ,23 indexes the 

23 repeat scans and 𝑗 = 1, … ,10 indexes the 10 randomly selected non-signal locations. Let 𝜆̅+ 

and 𝜆̅− represent the average of the signal-present responses and signal-absent responses, 

respectively. The signal present variance, 𝜎̂𝜆+
2 , was computed as the sample variance of the signal-

present responses. The signal absent variance, 𝜎̂𝜆−
2 , was computed at each of the 10 locations and 

then averaged across location. The resulting estimate of detectability is given by,  
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𝑑𝑏𝐶𝑇
′ =  

𝜆̅+ − 𝜆̅−  

√
1

2
(𝜎̂

𝜆+
2 +𝜎̂𝜆−

2 )

. 
(1) 

Detectability is calculated separately for each of the calcium grains. Error in the 𝑑′ estimation is 

derived from bootstrapping over the 23 replicated breast CT scans with 1000 resamples (with 

replication). This represents microcalcification phantom detection performance assessed directly 

from the breast CT scanner.  

 

4.2.10. Detectability relationship with technique parameters 

 

This study was designed to apply the NPW matched filter model observer to investigate the impact 

of various technique parameters on microcalcification detectability. The initial parameters studied 

were detector binning mode (1x1, 2x2), number of projections (250, 500), and dose level (3 mGy, 

6 mGy). The V3 (medium size) breast phantom was used for this study with the breast positioned 

in the typical position near the chest wall. 

 

4.2.11. Detectability relationship with cone angle  

 

This study was designed to apply the NPW matched filter model observer to investigate the 

relationship between cone angle and detectability when applying the technique parameters used in 

the clinical trial at UC Davis. The typical clinical protocol is 500 projections with 4 ms pulse width 

applied in 2x2 binning mode with 60 kV and 0.2 mm Gd filter resulting in 6 mGy dose level. This 

was setup by inserting the three microcalcification test tube inserts into the V5 breast phantom and 

positioning it at various locations within the field of view. The V5 (large size) breast phantom was 
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designed to be positioned near the central ray, however in this study it is setup in three positions 

separated vertically by 46 mm as depicted in Figure 4.2. 

The locations in the field of view correspond to three categories; a small cone angle region 

positioned near the central ray (+𝟐° < 𝜽 < −𝟑°), a medium cone angle region (−𝟒° < 𝜽 < −𝟗°), 

and a large cone angle region (−𝟗° < 𝜽 < −𝟏𝟒°). Three regions were selected because the height 

of the microcalcification tube (60 mm) spans one third of the image space (180 mm) and therefore 

the samples would represent a unique position in each region for comparisons. When the breast is 

positioned at the medium and large cone angle, the x-rays  travel through a greater thickness of the 

phantom, which would be true for a patient scan as well. The effect of this is not differentiated 

from the effect of cone angle position, and they are compounded into the detectability evaluation. 

(a) (b) (c) 

Fig. 4.2 The V5 breast phantom setup on the Doheny gantry system in three positions at (a) 

small cone angle region (b) medium cone angle region and (c) large cone angle region. 
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Table 4.1. Summary of the three breast phantom positions and their cone angle regions. 

 

4.3. Results 

 

4.3.1. Detectability relationship with technique parameters 

 

The results compared between scans of the V3 breast phantom using 1x1 binning mode (75 µm pixels) and 

2x2 binning mode (150 µm pixels) at a constant 6 mGy mean glandular dose show that the detector binning 

mode has a substantial impact on the detectability results (Fig 4.3). Overall, there was a 60% increase in 

the mean detectability when going from 2x2 binning mode to 1x1 binning mode detector settings. 

 

 

 

 

 

 

Fig. 4.3. Detectability estimations computed using the breast CT-derived signal templates 

plotted for 2x2 binning mode (x-axis) and 1x1 binning mode (y-axis) detector settings. Error 

bars correspond to the 95% confidence interval derived from bootstrapping across the 23 

repeat scans. 

Breast position Vertical shift Cone angle region Initial angle Final angle 

1 0 mm small cone angle +2° -3°  

2 46 mm medium cone angle -4° -9° 

3 92 mm large cone angle -9° -14° 

N = 500 

6 mGy 
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The detectability compared between scans of the V3 breast phantom with 3 mGy and 6 mGy mean 

glandular dose (Fig 4.4) both with 1x1 binning mode and 250 projections show that there is 

substantial difference in the outcome when the dose is reduced by half, which is important because 

it demonstrates that dose is a limiting factor for this task. Overall, there was a 30% decrease in the 

mean detectability when going from 6 mGy to 3 mGy mean glandular dose. 

 

 

 

 

 

Fig. 4.4. Detectability estimations computed using the breast CT-derived signal templates 

plotted for 6 mGy (x-axis) and 3 mGy (y-axis) mean glandular dose. Error bars correspond to 

the 95% confidence interval derived from bootstrapping across the 23 repeat scans.  

 

 

 

 

1x1 binning 

N = 250 
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The detectability compared between scans with 250 projections and 500 projections (Fig 4.5) both 

with 250 projections and 6 mGy dose shows that there is minimal difference in the outcome when 

the number of projections is reduced by half, which is significant because it enables faster scan 

times with less projections. Overall, there was a 7% decrease in the mean detectability when going 

from 500 to 250 projections. 

 

 

 

 

 

 

Fig. 4.5. Detectability estimations computed using the breast CT-derived signal templates 

plotted for 500 projections (x-axis) and 250 projections (y-axis). Error bars correspond to the 

95% confidence interval derived from bootstrapping across the 23 repeat scans. 

 

 

 

 

 

 

 

 

 

1x1 binning 

6 mGy 
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4.3.2. Detectability relationship with cone angle 

 

The phantom experiments for the cone angle study were conducted with the V5 breast phantom to 

fill the field of view and provide ample movement for phantom re-positioning. These experiments 

resulted in fewer samples for comparison because only one of the microcalcification tubes could 

be properly registered between the in-air and the in-phantom scans. This was caused by shifting of 

the agar material during data collection and the application of 2x2 binning mode for the entire 

analysis, which resulted in loss of some microcalcification samples. Therefore, 12 

microcalcification samples were properly registered for analysis in these studies. The detectability 

between cone angle positions is demonstrated within the coronal plane (Fig 4.6, Fig 4.7, Fig 4.8), 

the sagittal plane (Fig 4.9, Fig 4.10, Fig 4.11) , and the axial plane (Fig 4.12, Fig 4.13, Fig 4.14) 

where each cone angle region is compared to each other. The mean and standard deviation of the 

detectability for each cone angle region in each plane are reported in Table 4.2. For these 

comparisons, a paired two-sided t - test (𝑝 < 0.05)  was applied to determine statistical 

significance. The detectability in the small cone angle region showed significant differences when 

compared to the medium and large cone angle regions, however the difference in detectability 

between the large and medium cone angle regions was not statistically significant. 

 

Table 4.2. Mean detectability and standard deviation of microcalcification lesions across cone 

angles regions and 3D planes. 

 

  Coronal plane Sagittal plane Axial plane 

Small cone angle 3.68 ± 2.58 3.06 ± 1.51 2.58 ± 1.59 

Medium cone angle 1.86 ± 1.46 2.70 ± 1.59 2.12 ± 1.42 

Large cone angle 2.76 ± 1.88 2.52 ± 1.04 1.87 ± 1.00 
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Fig. 4.6. Detectability estimations computed using the breast CT-derived signal templates 

plotted for small cone angle (x-axis) and large cone angle (y-axis) regions in the coronal plane. 

Error bars correspond to the 95% confidence interval derived from bootstrapping across the 23 

repeat scans. 

2x2 binning 
N = 500 
6 mGy 

Fig. 4.7. Detectability estimations computed using the breast CT-derived signal templates 

plotted for small cone angle (x-axis) and medium cone angle (y-axis) regions in the coronal 

plane. Error bars correspond to the 95% confidence interval derived from bootstrapping across 

the 23 repeat scans. 

2x2 binning 
N = 500 
6 mGy 
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Fig. 4.8. Detectability estimations computed using the breast CT-derived signal templates 

plotted for medium cone angle (x-axis) and large cone angle (y-axis) regions in the coronal 

plane. Error bars correspond to the 95% confidence interval derived from bootstrapping across 

the 23 repeat scans. 

2x2 binning 
N = 500 
6 mGy 

Fig. 4.9. Detectability estimations computed using the breast CT-derived signal templates 

plotted for small cone angle (x-axis) and large cone angle (y-axis) regions in the sagittal plane. 

Error bars correspond to the 95% confidence interval derived from bootstrapping across the 23 

repeat scans. 

2x2 binning 
N = 500 
6 mGy 
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Fig. 4.10 Detectability estimations computed using the breast CT-derived signal templates 

plotted for small cone angle (x-axis) and medium cone angle (y-axis) regions in the sagittal 

plane. Error bars correspond to the 95% confidence interval derived from bootstrapping across 

the 23 repeat scans. 

2x2 binning 
N = 500 
6 mGy 

Fig. 4.11. Detectability estimations computed using the breast CT-derived signal templates 

plotted for medium cone angle (x-axis) and large cone angle (y-axis) regions in the sagittal 

plane. Error bars correspond to the 95% confidence interval derived from bootstrapping across 

the 23 repeat scans. 

2x2 binning 
N = 500 
6 mGy 
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Fig. 4.12. Detectability estimations computed using the breast CT-derived signal templates 

plotted for small cone angle (x-axis) and large cone angle (y-axis) regions in the axial plane. 

Error bars correspond to the 95% confidence interval derived from bootstrapping across the 23 

repeat scans. 

2x2 binning 
N = 500 
6 mGy 

Fig. 4.13. Detectability estimations computed using the breast CT-derived signal templates 

plotted for small cone angle (x-axis) and medium cone angle (y-axis) regions in the axial plane. 

Error bars correspond to the 95% confidence interval derived from bootstrapping across the 23 

repeat scans. 

2x2 binning 
N = 500 
6 mGy 
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4.3.3. Detectability relationship with plane of detection 

 

The detectability within the regions of small cone angle (Fig 4.15), medium cone angle (Fig 4.16), 

and large cone angle (Fig 4.17) were demonstrated within 3D space where two of the planes 

(coronal and axial) were compared with each other. There was a 30% decrease in the mean 

detectability when going from the coronal plane to the axial plane for both the small cone angle 

and large cone angle regions, with statistical significance determined by a paired two-sided t-test 

(𝑝 < 0.05). There was no significant difference in detectability between planes in the medium 

cone angle region (Fig 4.16) 

  

 

 

Fig. 4.14. Detectability estimations computed using the breast CT-derived signal templates 

plotted for small cone angle (x-axis) and medium cone angle (y-axis) regions in the axial plane. 

Error bars correspond to the 95% confidence interval derived from bootstrapping across the 23 

repeat scans. 

2x2 binning 
N = 500 
6 mGy 
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Fig. 4.16. Detectability estimations computed using the breast CT-derived signal templates 

plotted for the coronal plane (x-axis) and axial plane (y-axis) in the medium cone angle region. 

Error bars correspond to the 95% confidence interval derived from bootstrapping across the 23 

repeat scans.  

2x2 binning 
N = 500 
6 mGy 

Fig. 4.15. Detectability estimations computed using the breast CT-derived signal templates 

plotted for coronal plane (x-axis) and axial plane (y-axis) in the small cone angle region. Error 

bars correspond to the 95% confidence interval derived from bootstrapping across the 23 repeat 

scans. 

2x2 binning 
N = 500 
6 mGy 
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4.4. Discussion 

 

The technique parameters investigated demonstrated that detectability of simulated 

microcalcifications is improved with smaller pixel size (1x1 binning mode, 75 µm pixel) and 

higher dose (6 mGy) when compared to larger pixel size (2x2 binning mode, 150 µm pixel) and 

lower dose (3 mGy). However, the number of projections (N = 250 or N = 500) did not affect the 

detectability significantly. In the cone angle studies, the detectability decreased going from small 

to medium cone angle regions and from small to large cone angle regions but was not significantly 

affected going from medium to large cone angle regions. The coronal plane demonstrated 

significant differences in detectability across different cone angle regions, whereas the sagittal 

plane and axial plane demonstrated moderate differences across cone angle regions (Table 4.1). 

These results demonstrate that detectability of microcalcifications is reduced by applying medium 

Fig. 4.17. Detectability estimations computed using the breast CT-derived signal templates 

plotted for the coronal plane (x-axis) and axial plane (y-axis) in the medium cone angle region. 

Error bars correspond to the 95% confidence interval derived from bootstrapping across the 23 

repeat scans.  

2x2 binning 
N = 500 
6 mGy 
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and large cone angles, which suggests that the six-source collimated configuration with small cone 

angles (described in Chapter 3) could offer a better cone beam CT system design for this specific 

lesion detection task.  

Based on previous studies95,100 that characterized the length of breast tissue for a cohort of 

patients with clinical bCT, it would be expected that the loss in detectability across cone angle 

regions could affect all patients with microcalcification lesions. This is because the length of all 

breast size categories reported (V1, V2, V3, V4, V5, V6) encompasses the medium cone angle 

region, and the length of most breast size categories (V2, V3, V4, V5, V6) reported encompasses 

the large cone angle region of this study. This is under the assumption that the reported trend across 

cone angle regions is independent from the breast volume, which has yet to be proven 

experimentally. 

4.5. Conclusion 

 

The  NPW matched filter model provided a useful tool for evaluating the detectability of 

microcalcification lesions in phantom studies for various technique parameters and for various 

locations within the field of view for breast CT. Future studies will include investigation of more 

breast phantom sizes and dose levels in the 1x1 detector binning mode. 
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Chapter 5: Conclusions 
 

This dissertation shows the potential of the novel MXA technology to improve DBT and CBCT 

systems with three main projects in the field of breast cancer imaging. The first project included 

the design and characterization of a novel x-ray tube with metrics including x-ray spectra, tube 

output, half value layer, focal spot, and tube modulation. The prototype demonstrated operating 

characteristics consistent with x-ray tubes required for stationary source DBT and initial 

tomosynthesis datasets were reconstructed. Future prototype studies will utilize MXA for DBT 

imaging and quantification using the MQSA phantom and other high contrast objects. 

The second project included physical simulations and Monte Carlo simulations to 

investigate the potential of this novel x-ray tube for unique multisource configurations in CBCT. 

The collimated six source configuration offers substantial reduction in scatter and dose with 

improved image quality when compared to traditional one source CBCT. The multisource 

configurations could be realized into physical systems with the integration of a prototype MXA. 

The third project included the development of a specialized lesion phantom for dedicated 

bCT and a mathematical observer to evaluate microcalcification detectability. Several technique 

parameters were investigated, and it was found that dose level and pixel size impact detectability, 

while the number of projections did not impact detectability. This demonstrates important 

outcomes for the optimization of dedicated breast CT for screening because microcalcifications 

are necessary for early detection. The impact of the cone angle region and the plane of detection 

on the detectability of microcalcifications was quantified and suggests that the collimated six 

source configuration with only small cone angle regions could be a better system design to 

eliminate the effects of medium and large cone angles. The application of the collimated six source 
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configuration to breast CT would also substantially reduce the scatter contamination, which would 

also improve the detectability of microcalcifications. Continuous investigation will be conducted 

on the effects of breast size and dose level to reach equal detectability across breast sizes. 
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