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Abstract 
Breast cancer is the most commonly diagnosed type of cancer and responsible for most 
cancer deaths in women worldwide. Early signs of breast cancer can be detected with ra-
diographic equipment. Tomography is a three-dimensional imaging technique used in ra-
diography. Tomographic 3D model reconstruction based on projection images relies on 
knowledge of the radiation source focal point location. A method for focal point location 
acquisition is using coordinate reference points visible in each projection image. Although 
a very accurate method, due to high manufacturing costs of the required component and 
multiple diagnostic and manufacturing drawbacks involved, a technique without use of 
reference markers is desired. 

 
The aim of this thesis was to describe development of a marker-free technology to calcu-
late the focal point location in a mammographic imaging device. This technology relies on 
measuring the tomographic angle directly. As a result of the design change, the current 
components used in the focal spot calculation could be replaced and their functionality 
realized in other ways. The development of this new technology involved mechanical and 
sensory changes to the device and design of tomographic angle measurement compo-
nents. Additionally, a polyurethane geometric calibration phantom was designed. All 
components were designed with high manufacturing accuracy requirement to reduce the 
need for separate validation measurements, and the storage of this measurement data, 
for individual components. Calculating the focal point location with angle measurement 
relies on several assumptions regarding device geometry that were not relevant with ref-
erence markers. The validity of these assumptions was tested by identifying sources of 
error and measuring their magnitude. The tomographic angle measurement data itself 
was also validated with an external measurement method utilizing a laser triangulation 
sensor. 
 
Measurement results indicate that the mechanical and sensory design described in this 
thesis is sufficiently accurate in tomographic angle measurement. This angle data can be 
used in focal spot location calculation and therefore, tomographic imaging. Preliminary 
comparison between tomographic images taken in both technologies suggests that the 
quality of images taken by the new design is equal to that of the reference markers. The 
sources of error identified had magnitudes small enough to not affect tomographic image 
quality. The new design includes components whose production methods promise high 
enough accuracy that separate validation measurements are unnecessary. The total man-
ufacture cost of the new design is also significantly lowered compared to the marker tech-
nology. 

Keywords mammography, focal spot location, tomosynthesis, rotary encoder 
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Tiivistelmä 

Rintasyöpä on yleisimmin naisilla diagnosoitu syöpä ja aiheuttaa eniten syöpäkuolemia 
maailmanlaajuisesti. Rintasyövän merkkejä voidaan havaita aikaisessa vaiheessa radio-
grafialaitteilla. Tomografia on radiografiassa käytetty kolmiulotteinen kuvaustekniikka. 
Tomografinen 3D-mallin rekonstruktio projektiokuvien pohjalta nojaa tietoon säteilyläh-
teen fokuspisteen sijainnista. Yksi keino saada tietoonsa tämä sijainti on käyttämällä re-
ferenssimerkkejä, jotka näkyvät jokaisessa projektiokuvassa. Vaikka tämä metodi on hy-
vin tarkka, sen valmistuskustannukset ovat korkeat ja siihen liittyy useita diagnostisia ja 
valmistusteknisiä haittapuolia. Siksi tekniikka ilman referenssimerkkien käyttöä on toi-
vottavaa. 
 
Tämän työn tarkoituksena oli kuvata referenssimerkkejä käyttämättömän tekniikan ke-
hitys fokuspisteen sijainnin laskemiseksi mammografisessa kuvauslaitteessa. Tämä tek-
niikka perustuu tomografisen kulman suoraan mittaukseen. Suunnittelumuutoksen tu-
loksena nykyiset fokuspisteen sijainnin laskemiseen käytetyt komponentit voitaisiin kor-
vata ja niiden toiminnallisuus toteuttaa toisella tavalla. Uuden tekniikan kehitykseen kuu-
lui mekaniikan osien sekä sensoreiden muutoksia laitteeseen sekä tomografisen kulman-
mittauksen toteuttavien komponenttien suunnittelu. Lisäksi polyuretaanista valmistettu 
geometriakalibrointifantomi suunniteltiin. Kaikki osat valmistettiin korkealla tarkkuus-
vaatimuksella, jotta erillistä mittausta ja tämän mittadatan säilöntää ei tarvitsisi tehdä 
kullekin komponentille erikseen. Säteilylähteen fokuspisteen sijainnin laskeminen uu-
della tavalla vaatii laitteen geometriaan liittyviä oletuksia, joita ei referenssimerkkien käy-
tössä tarvita. Näiden oletuksien paikkansapitävyys testattiin tunnistamalla niihin liittyviä 
virhelähteitä ja mittaamalla näiden virheiden suuruutta. Tomografisen kulmanmittaus 
validoitiin myös käyttäen erillistä mittausmenetelmää, jossa hyödynnetään laserkol-
miomittaria. 
 
Mittausten tulosten perusteella työssä kuvatut mekaniikan ja sensoritekniikan muutokset 
ovat riittävän tarkkoja tomografisen kulman mittaukseen. Tätä mittadataa voidaan käyt-
tää fokuspisteen sijainnin laskentaan ja siten tomografiseen kuvanmuodostukseen. Alus-
tavat vertailut molemmilla tekniikoilla otettujen tomografisten kuvien välillä esittävät, 
että uudella tekniikalla otetun kuvan laatu on yhtäläinen referenssimerkkien avulla otet-
tuun kuvaan. Tunnistettujen virhelähteiden suuruudet olivat myös riittävän pieniä, ettei-
vät ne vaikuttaneet tomografisen kuvan laatuun. Uudessa tekniikassa käytettyjen kompo-
nenttien tuotantomenetelmät lupaavat riittävän korkeaa tarkkuutta, ettei erillismittausta 
tarvita. Valmistuskustannukset ovat uudessa suunnitelmassa merkittävästi alemmat. 

Avainsanat mammografia, fokuspisteen sijainti, tomosynteesi, rotaatioenkooderi 
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1 Introduction 
Breast cancer is the most commonly diagnosed type of cancer and responsible for most can-cer deaths in women worldwide. In 2018, an estimation of 2.1 million new cases were found and 627 000 deaths were caused by breast cancer. In countries with high Human Develop-ment Index (HDI), incidence rates of breast cancer have stabilized, and mortality rates de-clined. This is due to early detection and diagnosis, effective screening programs and proper management and treatment of the cancer [1].  Breast cancer mostly arises within glandular tissue, i.e., glands and ducts. Breast cancer may be in situ, i.e., a cancer within a milk duct that hasn’t yet grown into the rest of the breast tissue. Comparatively, breast cancer may also be invasive, which means it has grown into the surrounding breast tissue [2].   

 Figure 1. Anatomy of the breast. A breast contains 15-25 sections or lobes with branching networks of lactiferous ducts that conduct milk from lobules to the nipple. Fat and fibrous connective tissue fills the space between lobules and ducts [2, 3].  The upper outer quadrant of the breast, also known as the axillary tail, is the thickest portion of the glandular tissue and reaches furthest from the nipple. Nearly half of the breasts total glandular tissue is located in the axillary tail, and, approximately proportionally, 45% of all breast cancers develop in that quadrant [2]. 
1.1 Background 
The use of x-rays in medical imaging is called radiography, and physicians specialized in interpreting the images generated by radiography are called radiologists. Mammography is the radiography of breast tissue. Mammography is the most commonly practiced breast can-cer detection method aside breast self-examination, ultrasonography, magnetic resonance imaging or detection of genetic contributors for cancer [4]. Mammography aims at detecting 
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signs of breast cancer not detectable by, for example, self-examination. Through mammo-graphic research, breast cancer may be detected at an earlier, more easily treatable stage [5].  Historically, mammographic images, or mammograms, have been taken on analog technol-ogy, utilizing a phosphor screen and a light-sensitive film for capturing x-ray radiation, but more modernly digital systems are used. This digital imaging technology is called full-field digital mammography, or FFDM. It produces 2D projection images displaying a transillu-mination of the breast tissue. Radiologists can then analyze these images for signs of breast cancer. The radiographic manifestations of breast cancer can be divided into two categories, microcalcifications and masses. These abnormalities can be seen in the mammographic im-ages due to their difference in x-ray transmission [6]. Their shape and size, or morphology, may be characteristic of malignancy as shown in Figure 2.  

 Figure 2. Mass lesions and calcifications on mammograms demonstrate varying descriptions of malig-nancy [7].  Microcalcifications related to breast cancer are typically several hundred microns or smaller in size and are caused by necrotic cells or debris that have calcified within the breast. Be-cause of high x-ray attenuation coefficient of calcium, calcifications within breast tissue can be seen as white specks on the mammographic image [7].  It is difficult to image the entirety of the breast tissue in a single projection orientation. Ad-ditionally, tissue may be superimposed on top of each other in a single projection, hiding important features or appearing like a cancerous lesion [3, 7]. Thus, multiple orientations are commonly used in mammography. In general, DBT equipment utilize the following imaging views: 
• CC, or cranio-caudal. A top-down view 
• ML, or medio-lateral. A view from the side, outside in. 
• MLO, or medio-lateral oblique. A view from a diagonal angle between CC and ML. DBT can be taken from both sides to provide a complete view of the breast tissue. 
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 Figure 3. Standard projection views in mammography. 1. Cranio-caudal, 2. Medio-lateral oblique, 3. Medio-lateral. Dotted line describes typical layout of glandular tissue [8].  Since, as mentioned above, breast cancer mostly forms within glandular tissue, the main goal of mammography is to image the glandular tissue of the breast with as much contrast and detail as possible with an acceptably low radiation dose. The typical radiographic signs of breast cancer can only be detected with high quality images. Mammographic imaging can be divided in screening mammography, diagnostic mammography and surveillance mam-mography. Screening mammograms are carried out periodically to a population of women without breast cancer symptoms invited to screening programs. This is done in order to at-tempt to find radiographic abnormalities in breast tissue, which could be a sign of breast cancer. Diagnostic mammograms are tests for diagnosing unusual breast changes, such lumps or discharge, or those discovered by screening mammography [4]. Surveillance mam-mograms are used to detect possible reoccurrence of breast cancer among breast cancer sur-vivors [9].  Screening mammography has various benefits: early diagnosis of breast cancer, detecting and preventing risk factors, enabling timely treatment to reduce mortality (5 years survival rate for localized stage cancer is 99%, for recurrent 84%, and for metastatic, i.e., spread beyond breast tissue and nearby lymph nodes, only 23%) overall by 20%. Perceived draw-backs include overdiagnosis, high cost, ionizing radiation (lifetime attributable risk to de-velop breast cancer is 3/10 000), false positive biopsy (i.e., tissue sample extraction) recom-mendation, false negative results (11/10 000). Based on the local incidence of breast cancer, countries recommend breast cancer screening once every two years for women starting from as early as 40 years of age until 70-74 [4].  
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 Figure 4. Improvements in mammographic imaging. From left to right: screen-film mammogram, digi-tal mammogram, tomosynthesis image. Images taken by tomosynthesis reduce tissue superposition [5].  Breast screening is generally carried out by 2D images taken with FFDM. Unfortunately, FFDM fails to detect 15-30% of breast cancers due to overlapping fibroglandular tissue. The issue is magnified for women with denser breasts [10, 11]. A 3D imaging technique has been developed to allow images to be viewed in sections through the breast and thus reduce the obstructing effect of tissue superposition. This technique is called digital breast tomosynthe-sis (DBT). The process for DBT is described in more detail in 2.6, but it relies on accurate knowledge of the location of the radiation source related to the x-ray detector. Figure 4 shows a comparison of mammograms taken with different imaging techniques. DBT is reported to have improvement in sensitivity and specificity when compared to FFDM, especially with lesions and denser breasts. However, there are mixed reports regarding microcalcifications [10].  Using DBT in breast cancer screening alongside FFDM has demonstrated increased rates of invasive cancer detection of 27-51% compared to FFDM alone. For in situ carcinomas, de-tection rate remained unchanged. Cancers were also detected at smaller size and false-posi-tive recall rates were decreased by 15-20% [10]. To detect the radiographic signs of breast cancer, highly specialized, high-quality equipment is needed. Especially for tomosynthesis, geometric accuracy of the device and the quality of the image acquisition system are crucial. 
1.2 Research problem 
Currently, the tomographic imaging technique used by the digital breast tomosynthesis sys-tem in this study relies on the usage of a special patient supporting platform component with steel markers, shown in Figure 5, to produce world coordinate reference in order to calculate the radiation source location [12]. This method produces a very accurate radiation source focal spot location. Additionally, since these reference markers are detected from each pro-jection image separately, the device effectively calibrates itself during image acquisition.  
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 Figure 5. Currently used technology for tomographic reconstruction. The basis for focal spot position calculation are steel markers visible within each projection image.  The platform, however, has some drawbacks. The manufacturing and material costs are high, 
totaling at approx. 2000€ each. This was the main drive for this study. The production method of the platform is difficult and time-consuming. The markers have a very high posi-tional accuracy requirement, and thus each platform must have its marker positions carefully measured, which is both time consuming and requires accurate labor. Since the production method is not accurate enough to produce platforms with the same marker locations, they may not be used between devices. The positional data must therefore be stored on the device, effectively pairing the device and platform. Having a separate patient support platform for 3D imaging requires swapping platforms between FFDM and DBT, resulting in extra pre-paratory work from the radiographer. Additionally, the markers must reside within the edges of the diagnostic area of the device in order to be detected from projection images, and then cropped out from the resulting diagnostic image. Thus, they reduce the diagnostic area avail-able for tissue imaging. The marker housing structure, especially the elevated row of mark-ers, also physically prevents certain procedures, such as tissue biopsy, from being performed while using the platform. 
1.3 Aim of the research 
The aim of this thesis is the development of a more cost-effective, easier-to-manufacture alternative technology for the focal spot location calculation in the mammography system. As a result of this development, the currently used platform is made obsolete, and manufac-turing and material costs could be lowered by approx. 1500€ per device without sacrificing tomographic image quality. The design includes mechanical and sensory component 

Marker placements 
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changes to the device to enable tomosynthesis without utilizing reference markers. The pro-posed solution will use data produced by an angular data sensor in its geometric calculation of the focal spot location. A secondary goal of the design is to require change to as few pre-existing components as possible, and to reduce or simplify production steps needed for the manufacturing of the new technology. This includes removing the necessity to measure each component separately and enable the components to be interchangeable between DBT sys-tems. To achieve this, production methods must be reliable enough to produce components in high enough accuracy. 
1.4 Scope of the research 
As a result of this thesis, a functionally complete system to replace the currently used patient support platform will be created. The design does not need to be ready for production but demonstrate adequate functionality to be a replacement for the current method of focal spot location acquisition. Additionally, physical components related to image acquisition or their relative position will not be altered. Software related to DBT image acquisition or 3D con-struction are also not being altered or described in detail in this thesis. Software or electric components used to extract measurement data from sensory components are also not de-scribed. Testing of ultimately discarded measurement designs are not described nor are their measurement results shown. 
1.5 Methods 
As mentioned before, tomography relies heavily on knowing the position of the radiation source relative to the x-ray detector. This study includes literature research into radiographic equipment and phenomena to better understand the DBT equipment used in the study and requirements of the new technology. Design research into measurement components was conducted to guide mechanical and sensory design changes related to measurement of the device geometry and calculation of the radiation source focal spot location. This thesis also includes validation measurements for the new design elements and measurement techniques. Additionally, potential sources of error, whose magnitude has not been necessary to know with current technology, will be measured. The current technology also requires no external geometric calibration of the device. Therefore, design and validation measurement of a com-ponent for geometric calibration is described. Finally, a comparison between radiographic images taken with both technologies will be drawn. 
  



7  
2 X-ray imaging and state-of-art 
In a radiographic imaging device, x-ray beams are detected and captured to produce a trans-illumination of the imaged tissue. Historically, this is done using a combination of a phos-phor screen and a light-sensitive film, but more modernly, a digital detector converts the incident radiation into a digital electrical signal  [13].  

 Figure 6.  Commonly used x-ray detection methods. Screen-film technology produces analog images, while digital detectors produce digital images [13]. 
The quality of radiographic images is related to their ability to convey anatomical or func-tional information to radiologists. Since radiation dose to the patient is a genuine and im-portant concern, the image quality must be optimized for each radiographic task [14]. For example, bone absorbs x-ray photons of certain energy in different quantities than breast tissue. To produce high-quality images, factors affecting image generation and quality must be understood. 
2.1 Image quality descriptors 
There are multiple factors affecting both image quality and radiation dose, often both sim-ultaneously. Therefore, it is important to know how different quality parameters are influ-enced by variables of the radiographic system. The major quantifiable parameters to describe the quality of a radiographic image are [2]:  

• Radiographic contrast 
• Spatial resolution 
• Noise 
• Presence of artifacts  The factors affecting these parameters are usually trade-offs but can be controlled, and thus optimized, to produce high-quality images at appropriate radiation doses to the patient. Mammography has a very high requirement for image quality, especially in contrast and spatial resolution, since the radiographic signs for breast cancer can be very subtle. 

2.1.1 Radiographic contrast 
The magnitude of signal difference between a target for imaging and its surrounding is called contrast. A clear contrast is especially important in mammography, since the differences between the soft-tissue density of normal breast tissue and pathologic structures such as le-sions can be very subtle [6]. Accurately defining microcalcifications and other minute details requires clear contrast and a high spatial resolution [2]. Table 1 shows the effect of different parameter changes on image quality and radiation dose.   
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Table 1.  Relative effect of changes in different parameters on contrast, exposure time and radiation dose [2]. Parameter change Radiographic contrast Exposure time Mean glandular dose Operating potential ↑ ↓ ↓ ↓ Compression ↑ ↑ ↓ ↓ Use of anti-scatter grid ↑ ↑ ↑  The contrast is most strongly dependent on the x-ray energy distribution used in imaging, since different tissues absorb the x-ray photons differently, e.g., bone tissue absorbs more radiation than skin and muscle and appears lighter in the radiograph. Typically, the contrast of different tissues decreases as the x-ray energy increases, i.e., more of the x-ray photons pass through the tissue without absorption. The density and composition of the breast affects the appropriate x-ray energies used in imaging: denser breasts require higher energies to pass through. Another factor for contrast is radiation scattering, where x-ray photons are deflected by surrounding material. Scattered x-ray photons contribute to noise, which reduces contrast [2]. 
2.1.2 Spatial resolution 
Spatial resolution means the ability of an imaging system to separate fine spatial detail, i.e., the smallest distance between features so that they can be defined separately instead of as one larger feature. Since no imaging system is perfect, an amount of blurring is always pre-sent. Therefore, lines, points or other features are not imaged as sharp as the object itself. The degree of blurring in all three dimensions may be represented mathematically using a point-spread function (PSF). PSF describes the image acquired from a point source or any very small object. It is three-dimensional and may not be symmetric, i.e., the spread may be broader in one dimension than the others [15, 16]. A three-dimensional image 𝐼 and object 
𝑂 are related by [15]:  
 𝐼(𝑥, 𝑦, 𝑧) = 𝑂(𝑥, 𝑦, 𝑧) ∗ ℎ(𝑥, 𝑦, 𝑧) (1)  where ∗ represents a convolution and ℎ(𝑥, 𝑦, 𝑧) is the PSF. Ideally, ℎ would be a delta func-tion in all three dimensions, thus making the image a perfect representation of the object. However, individual points are typically represented by an approximate Gaussian function as shown in Figure 7.  

 Figure 7. The image of two point sources. A 1D PSF is well-approximated by a Gaussian function [15,  16].  
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The most commonly used measure of spatial resolution, however, is the modulation transfer function (MTF). MTF measures the response of the system to both high and low spatial frequencies, i.e., how well it reproduces fine or close-together structures (high frequencies) and larger areas of relatively uniform signal intensity (low frequencies). It is given mathe-matically by the Fourier transform of PSF [15]:  
 𝑀𝑇𝐹(𝑘𝑥, 𝑘𝑦, 𝑘𝑧) = 𝐹{𝑃𝑆𝐹(𝑥, 𝑦, 𝑧)} (2)  where 𝑘𝑥, 𝑘𝑦, 𝑘𝑧 are the spatial frequencies measured in different dimensions. The ideal MTF remains constant with any 𝑘𝑖, corresponding to a delta function PSF [15].  Spatial resolution, as well as contrast, decreases with blurring. Three types of radiographic blurring are identified [2]:  
• Motion blurring caused by the movement of the breast during imaging or sporadic, unwanted movements of the mammography device. To minimize motion blurring, the exposure times should be low, the imaging object (breast) should be held in place and the movement of the mammography device should be controlled. 
• Geometric blurring caused by dimensions and intensity distribution of the x-ray source focal spot, and distances between radiation source, detector and imaging ob-ject. To minimize geometric blurring, the focal spot size should be minimized as well as the distance from the imaging object to detector, while the distance from focal spot to imaging object should be maximized. 
• Receptor blurring is caused by the receptor elements of the detector: their dimen-sions, spacing and signal diffusion. The pitch of the detector, or the number of sam-ples it can acquire per millimeter, needs to be high enough to avoid aliasing due to undersampling. Detectors are described in more detail in 2.2.4.   The maximum possible spatial resolution of a radiographic system is dependent on its x-ray detector, especially its receptor element size, and radiation source properties. In mammog-raphy, the detection of fine detail is very important in search of microcalcifications and other marginal structural differences. 

2.1.3 Noise 
Noise refers to any signal that is recorded but is unrelated to the signal being measured. It can be regarded as a random signal superimposed on the real signal. Noise degrades the overall image quality, and it is desired to keep its effect to a minimum. Due to its detrimental effect on both signal and contrast, two quantities can be found regarding noise: the ratio of contrast between two tissues and the noise, i.e., contrast-to-noise ratio (CNR) and the ratio of the real signal and the noise, i.e., signal-to-noise ratio (SNR) [15].  
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 Figure 8. A contrast-detail diagram illustrates the image quality degradation due to noise. A shows a noiseless image of a target with smaller disks toward the left side and less contrast towards the bottom. B introduces noise to the image, reducing visibility of the lower-left contrast disk. The yellow line divides disks that can be seen with confidence and those that cannot. C shows the effect of increased noise [5].  Contrast-to-noise ratio is a size-independent measure of the signal in the presence of noise. It is calculated as follows [15]:  
 

𝐶𝑁𝑅 =
(�̅�𝑠 − �̅�𝑏𝑔)

𝜎𝑏𝑔
 (3) 

 where �̅�𝑠 is the average gray scale value of the imaged object, �̅�𝑏𝑔 is the average gray scale value of the background and 𝜎𝑏𝑔 is the standard deviation in the background region signal. CNR is most applicable with objects of homogeneous signal level, i.e., the average is repre-sentative of the whole, due to being computed using mean values [5].  Signal-to-noise ratio is otherwise similar to CNR, but the size and shape of the object is 
included in the computation. SNR doesn’t require a homogeneous object to be accurate. Effectively, SNR is the signal integrated over the dimensions of the imaged object divided by the noise, or [15]:  
 

𝑆𝑁𝑅 =
∑ (𝑥𝑖 − �̅�𝑏𝑔)𝑖

𝜎𝑏𝑔
 (4) 

 The signal value at each pixel 𝑥𝑖 is elevated above the mean background signal over the imaged object dimensions. It does require �̅�𝑏𝑔 to be homogeneous and as accurate as possi-ble, and it should be calculated over as large an area as possible. Low SNR reduces object recognition in an image. An SNR of ≥ 5 is found to ensure detection of an object in most situations [5]. 
2.1.4 Artifacts 
Artifacts are features or shadows shown in radiographic images that are not representative of a physical counterpart. Artifacts are a quality concern of mammograms, since they reduce image quality by creating features resembling abnormalities or concealing actual abnormal-ities. Mammographic artifacts can be grouped in the following categories [17]: 

• Detector-related artifacts are caused by problems in the x-ray detector and include single dead pixels or groups of dead pixels, dead or unread lines or ghosting, where 
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electric charge remains trapped in the detector’s amorphous silicon structure and pro-duces remnants of a previous image on top of the current image [18].  

 Figure 9. A dead pixel from right craniocaudal view which may be mistaken for a calcification [17].  
• Machine-related artifacts are caused by components involved in imaging that are not related to the detector. Most commonly, dirt on the compression paddle, improper filtration or a misaligned anti-scatter grid may cause artifacts. These components are described in more detail in 2.2. These artifacts typically cause high noise levels, which obscure desired objects.  

 Figure 10. Dust particles on compression paddle create high-contrast specks [17].  
• Patient-related artifacts are caused by motion or superimposition of external objects or substances on the skin, such as hair or deodorant.  
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 Figure 11. Eyeglasses in field of view may obscure anatomy [17].  
• Processing artifacts are caused by improper processing algorithms to compensate for exposure differences across the detector, thus distorting the resulting image. 

 Figure 12. Incorrect skin line processing causes a lucent skin line artifact [17].  
• Storage-related artifacts are caused by errors in image storage and transfer or im-proper interpretation of image header information or incorrect reconstruction of im-age data during transfer to workstation.  
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 Figure 13. Reconstruction artifact caused image recovery to fail entirely [17].  According to research, artifacts occurred in 3.4% of images taken with the most common type of artifacts to occur being patient-related artifacts, at 1.7%. Hardware related artifacts were found in 0.7%, and software related in 0.8% [19]. 
2.2 Structure of a mammography device 
The basic structure of a mammography system responsible for medical image acquisition can be divided into functional modules [6, 19]: 

• High voltage generator 
• X-ray tube 
• Apertures for defining the geometrical shape of an x-ray beam 
• Beam filter for manipulating the x-ray spectrum 
• Collimator for blocking scattered radiation 
• Compression paddle to secure patient 
• Anti-scatter grid to improve image quality, only used in 2D imaging 
• X-ray detector to transduce incident x-rays into medical images  Additionally, components involving data management and storage are needed in medical imaging applications. The components involved in image acquisition are shown in Figure 14.  
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 Figure 14.  Major components in the gantry of a typical mammography system. X-ray radiation pro-duced in the X-ray tube travel through the other components to reach the X-ray detector [5].  Figure 14 also includes a phototimer detector. Though not active in image acquisition itself, it acts as an automatic exposure control (AEC) system. Used instead of manual exposure time settings, it measures the actual amount of radiation received on the receptor and cuts off x-ray production when a set amount has been reached [5]. 
2.2.1 X-ray tube 
The source for x-ray radiation in radiology equipment is typically a specialized tool known as an x-ray tube. The functional components of an x-ray tube are shown in Figure 15. All components of the tube are contained within the vacuum space of a glass vessel. The vessel is submerged in oil, which cools the tube head down and electrically insulates it. The entire assembly is surrounded by a lead shielding which prevents scattered x-rays, and a glass win-dow called the tube port, where the beam is emitted [21]. 
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 Figure 15. The basic structure of an x-ray tube [21].  X-rays are emitted when high-energy electrons interact with the surface of a metal target. A negatively charged cathode, consisting of a small helix of thin tungsten wire, is the source of these electrons. When current is passed through, the temperature of the wire increases. After reaching ~2200 °C, the electrons have sufficient energy to leave the surface of the metal. A focusing cup surrounding the cathode creates a tight beam of these electrons [21]. The number of differently sized focuses is dependent on the count of these filaments.  Many cathodes contain two different-length filaments mounted side by side to produce focal spots of different sizes. Both have their separate focusing cups [15]. The smaller is used with images requiring high spatial resolution, such as FFDM, while the larger is used in tech-niques with higher heat generation, such as DBT due to its series of exposures.  A large positive voltage is applied to the metallic target anode. The potential difference be-tween the anode and cathode is, in mammography, typically below 40 kV. This potential difference is known as accelerating voltage, or kVp. The filament current is typically 100 mA for the large focal spot and 25 mA for the small [5]. The electrons produced at the cathode are thus attracted by the anode and strike it at high velocities [15]. The tube head is a vacuum to provide an unimpeded path from the cathode to the anode. Part of the kinetic energy of the electrons is converted into x-rays by mechanisms described in 2.3.  The conversion causes heat, so the anode material must withstand great temperatures and produce the x-rays efficiently. Generally, higher atomic number in the metal in the target means higher efficiency in x-ray production. Therefore, the most commonly used metal is tungsten (atomic number 74, melting point of 3370 °C), but mammography, requiring low-energy x-rays, may also use molybdenum (atomic number 42) or rhodium (atomic number 45) anodes. Even with high efficiency materials, only ~0.5-1% of the energy of the electrons is converted into x-rays; the rest dissipates in heat. The target anode is therefore thin and rotates at high speed to reduce localized heating [15, 20, 21].  
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 Figure 16. a) A side view of the anode and cathode. Having a bevel angle 𝜽 in the anode design allows the use of a larger actual focal spot 𝑺𝒂𝒄𝒕𝒖𝒂𝒍, which is beneficial in heat load distribution. The projections of the focal spot area towards the imaging plane are smaller, though its dimensions change along the anode-cathode direction (𝑺𝒆𝒇𝒇𝒆𝒄𝒕𝒊𝒗𝒆 vs 𝑺𝒆𝒇𝒇𝒆𝒄𝒕𝒊𝒗𝒆
′ ). b) Front view of the anode. A rectangular focal spot area is shown on a ringed focal track. The use of such track and rotation increases the surface area of the anode and helps with heat dissipation [21].  In addition to the focusing cups, the size of the area where x-rays are generated is affected by the bevel angle of the anode. The smaller the bevel angle, the smaller the effective focal spot size as shown in Figure 16:  

 𝑆𝑒𝑓𝑓𝑒𝑐𝑡𝑖𝑣𝑒 = 𝑆𝑎𝑐𝑡𝑢𝑎𝑙𝑠𝑖𝑛𝜃 (5)  The bevel angle usually ranges from 12° to 15°. A suitable effective focal spot size for digital mammography is 0.3 mm and for DBT, between 0.6 mm and 1.2 mm. The focal spot size also affects coverage of the x-ray beam, given by [15]:  
 𝑤𝑐𝑜𝑣𝑒𝑟𝑎𝑔𝑒 = 2 ∙ 𝑆𝐼𝐷 ∙ 𝑡𝑎𝑛𝜃 (6)  where SID, or source to image detector distance, is defined as the distance from the focal point to the active plane of the detector. 

2.2.2 Collimation and filtration 
Selecting and providing the correct amount and quality of x-ray beams will strongly affect the image quality and the radiation dose used to obtain the mammographic image.  The coverage of the x-ray beam is determined by SID and the bevel angle of the anode as shown in 2.2.1. Often, the beam coverage would be larger than the field of view, or FOV, being imaged, and so it needs to be limited. This prevents two adverse effects: x-rays outside of the FOV contribute to total patient dose, and interact with tissue outside of FOV, increas-ing stochastic noise of the image. Initial restriction of the x-ray beam geometry is done by the tube head lead shielding, but for further, more delicate restriction, a collimator is used. A collimator is a set of leaden sheets that can be slid in front of the x-ray beam to restrict and shape the beam as needed [15]. The beam may need to be significantly limited for special processes, such as biopsy. 
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 The tube head also generates some x-rays with energies that are not applicable in medical imaging, because they cannot give any spatial information about the patient being imaged. This includes very low-energy x-rays, which typically get absorbed by tissue and thus affect the radiation dose received by the patient, as well as decrease the image quality by contrib-uting as stochastic noise (and thus, worse CNR). Therefore, it is beneficial to filter them out. This is typically done using thin sheets of, most commonly in digital mammography units, rhodium or silver [23]. DBT device used in this study also has filters of these materials. Table 2 shows the significance of filtering out undesirable radiation. The mean glandular dose is significantly reduced compared to the entrance surface dose.  Table 2. Effect of different exposures with two different filters on the dose received at four different tube outputs [23]. 

kVp Target/Filter mAs Mean glandular 
dose (mGy) 

Entrance surface 
dose (mGy) 

26 W/Rh 104 0.92 3.47 

28 W/Rh 76 0.71 4.54 

30 W/Rh 59 1.13 6.61 

32 W/Rh 47 1.31 7.28 

26 W/Ag 72 0.98 7.54 

28 W/Ag 49 0.91 6.59 

30 W/Ag 37 0.89 6.04 

32 W/Ag 30 0.82 5.98  
2.2.3 Compression 
It has been found that mammographic image sensitivity is significantly reduced as the thick-ness or density of the breast increases [24]. During mammographic imaging, the breast of the patient is usually compressed from above, against the patient support platform with a paddle made of polyurethane or other radiation permeable material. The breast is usually compressed to 4-6 cm thickness [23]. Though it might be uncomfortable or even painful for the patient, this has a number of benefits: 

• Decreased thickness requires lesser x-ray energies to penetrate, resulting in smaller radiation dose to the patient 
• Decreases the distance from the detector for the breast, improving image sharpness 
• Tissue is less superpositioned, resulting in clearer contrast in possible abnormalities 
• Breast is held in place, which reduces motion artefacts caused by patient movement  Applying too little compression lowers the specificity of mammographs, and too much may result in lower sensitivity [25]. Finding a suitable compression force depends on the density of the breast as well as view orientation [26]. Typically, DBT equipment are capable of many other imaging modes and utilize specialized compression paddles for various purposes, such as DBT, biopsy and magnification imaging [12]. 

2.2.4 Detector 
In a common digital tomography configuration, the x-ray source and detector are located on 
opposite sides of the patient’s body, and connected in a fixed, collinear arrangement called a gantry, as shown in Figure 14. The detector is tasked with receiving x-ray photons gener-ated in the tube head after they have penetrated the patient’s body tissue and to form the 
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medical image. Quantum interaction efficiency, given by η, is the fraction of x-rays reaching the detector that interact with it and produces signal. It is given by formula [6]  
 η(E) = 1 − 𝑒−𝜇(𝐸)𝑡 (7)  where 𝜇(𝐸) is the linear attenuation coefficient of the detector material, and 𝑡 is the detector material thickness. The linear attenuation coefficient is dependent on the x-ray energy E and is described further in 2.4. Generally, linear attenuation coefficients decrease as x-ray energy increases, thus decreasing the quantum interaction efficiency. Increasing detector thickness increases quantum interaction efficiency [6].  Several different types of detectors are currently in use for digital mammography. This sec-tion describes the detector type in use in this study, an indirect conversion phosphor flat panel detector. With indirect conversion, the x-ray energy is absorbed by a thin layer of typically CsI scintillator, which then generates a light scintillation. Then, the light is con-verted into voltage by a 2D photodiode array [6].  

 Figure 17. Structure of CsI-amorphous silicon photodiode detector. The active plane of the detector is beneath the opaque protective layer [6].   Cesium and iodine have suitable characteristics for x-ray attenuation, so they produce high efficiency mammographs [15]. The scintillator layer consists of numerous thin, needle-like crystals (approx. 5 μm in diameter) packed parallel to one another, as shown in Figure 18, for enhanced x-ray absorption and to prevent light from spreading. Spreading light photons cause blurring in the resulting image [15].  
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 Figure 18. CsI scintillator provides good spatial resolution while maintaining a high η. a) shows a con-ventional phosphor screen used in screen-film radiography, which produces significantly worse PSF compared to CsI crystals in b) [6].  Beneath the scintillator is a plate of amorphous silicon with an array of light-sensitive diodes inserted on top. These diodes detect the light deposited by the scintillator and produce an electrical charge signal. The diodes are the detector elements, or dels, of the flat panel de-tector. The size of del describes the finest spatial resolution possible for the detector [6]. 
2.3 X-ray generation 
X-rays are high-energy photons typically generated either by rapid acceleration or decelera-tion of charged particles, or by high energy transitions between the electron shells of atoms and molecules [20]. The controlled generation of x-rays is typically done in an x-ray tube, as described in 2.2.1. The beams are absorbed and scattered differently when traveling through various media and reach the detector to produce an image. Mammographic devices are optimized to detect breast cancer signs with which the subject contrast is highest at low x-ray energies (10-15 keV) and reduced at higher (>30 keV) energies [5]. 
2.3.1 Bremmsstrahlung 
When charged particles are accelerated, they radiate electromagnetic energy. X-rays are gen-erated, when the accelerated electrons interact with the Coulomb field of the nucleus of an anode target atom. They experience deceleration and redirection and emit x-ray radiation as a result. This process produces what is known as Bremsstrahlung (German: bremsen = to brake, Strahlung = radiation) [5, 20]. 
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 Figure 19. Bremsstrahlung radiation is caused by energetic electron interacting with an atomic nucleus and decelerating.  This deceleration causes electromagnetic radiation. The x-ray energy is inversely pro-portional to the distance between the electron and the nucleus [5].  Since the Coulombic force is proportional to the inverse of the square of the distance, the amount of energy lost by the electron, i.e., the energy of the x-ray is determined by the dis-tance between the electron and the atomic nucleus [5, 21]. At higher distances, the attraction is weak, and a low-energy x-ray is generated (Figure 19, electron 3). At closer approaches, a greater deceleration causes higher x-ray energies (Figure 19, electron 2). In rare instances, the electron may collide with the nucleus, releasing nearly all of its kinetic energy, resulting in a maximum energy x-ray.  The target anode is usually a solid piece of metal, but in the perspective of an electron, it is mostly empty space with atomic nuclei and bound electrons scattered in it. The probabilities of interactions that produce x-ray photons are dependent on the radial distance from the nu-cleus. Glancing interactions between electrons and nuclei are most probable, and therefore a larger number of low-energy x-ray photons are produced. Accordingly, high-energy inter-actions have lower probability to occur [21]. The number of x-ray photons produced de-creases linearly with their energy as shown in Figure 20.  
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 Figure 20. Bremsstrahlung energy distribution for a 90-kV potential difference with tungsten target. The unfiltered spectrum a) shows the theoretical linear dependence of higher energy and lower output count. Low-energy x-rays are usually filtered away as shown in spectrum b). c) indicates the average energy of the spectrum, usually 1/3 to 2/3 of the maximum [5].  Typically, low-energy x-rays do not increase resulting image quality but do account for total radiation dose. Therefore, they are filtered away as explained in 2.2.2. Figure 20 shows an example of a filtered spectrum in red. 
2.3.2 Characteristic x-ray 
While Bremsstrahlung is a result of interaction between accelerated electrons and nuclei of target atoms, the accelerated electrons may interact with the bound electrons of the target atoms as well. Characteristic x-rays are produced in this interaction.  The classic Bohr model of the atom has electrons occupy the space around the nucleus in orbitals with specific quantized energy levels. The innermost orbital holds a maximum of 2 electrons and is called the K-shell. The next shell, the L-shell has a maximum of 8. Each electron on an orbital is bound with the same energy, but outer orbital electrons are bound with less energy than inner orbital electrons [21].  If an accelerated electron has more kinetic energy than a bound electron it collides with, it may eject the bound electron, and both electrons continue to interact further with other atoms until their kinetic energy is spent. An outer shell electron with less binding energy will sub-sequently transition to fill the vacancy caused by the collision, and a characteristic x-ray is emitted. Its energy is equal to the difference of binding energies between the shells [5, 20].  



22  

 Figure 21. Generation of a characteristic x-ray in a target atom. An accelerated electron (1) strikes a bound electron on the K-shell (2), ejecting it and rebounding. A bound electron from L-shell (3) transi-tions to K-shell to fill the vacancy, releasing a characteristic x-ray [5].  For example, a tungsten anode, such as the one used in the DBT equipment used in this study [27], with an L-shell (binding energy = 10.2 keV) transitioning to K-shell (binding energy = 69.5 keV) will produce a characteristic x-ray with discrete energy of [5, 21]  
 𝐸𝑏𝐾 − 𝐸𝑏𝐿 = 69.5 𝑘𝑒𝑉 − 10.2 𝑘𝑒𝑉 = 59.3 𝑘𝑒𝑉 (8)  The electron transfer may occur from adjacent or nonadjacent shells in the atom, which pro-duces several discrete characteristic x-ray energy peaks, also called characteristic spectrum, that can be superimposed on the Bremsstrahlung spectrum as shown in Figure 22 [20]. 

 Figure 22. The filtered spectrum of Bremsstrahlung in blue, superimposed by characteristic radiation energies of tungsten target [5]. 
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2.4 Interactions of x-rays 
The x-ray beam distribution leaving the tube head is homogeneous. It interacts with matter, including the object being imaged, in three processes [20]: 1. Penetrate matter and remain unchanged (transmission) 2. Be deflected from original direction, their energy changed (scattering) 3. Be blocked by matter (absorption)  The latter two constitute electromagnetic attenuation, i.e., decrease in intensity of the elec-tromagnetic radiation outside of the intensity loss due to inverse square law geometric spreading. These interactions cause the x-ray beam distribution to emerge heterogeneous from the imaged target and onto the detector. This is what causes contrast differences in the images. Different materials attenuate x-rays differently, which is why different x-ray ener-gies are used in different imaging purposes, and why, for example, jewelry must be removed prior to imaging [20].  The number of photons removed from the beam traversing a small thickness ∆𝑥 is given by [22]:  
 𝑁 =  𝜇𝑁0∆𝑥 (9)  Where 𝑁 = the number of photons removed, 𝑁0 = the number of photons entering the ma-terial and 𝜇 = the linear attenuation coefficient, representing the probability per centimeter thickness of matter, that a photon is attenuated. It is the sum of all probabilities, or attenua-tion coefficients of all x-ray interaction types in material [5, 20]. The relationship between thickness and attenuation is not linear: for example, for 100 keV photons traversing soft tissue, 𝜇 = 0.016𝑚𝑚−1. If 1000 monoenergetic photons travel through a 1-mm thickness, approx. 16 photons will be removed by absorption or scattering, but 6 cm of tissue would not remove 960 (96%) of the photons [5]. An exponential relationship exists instead; for a beam of 𝑁 x-ray photons being incident on a material thickness of 𝑑𝑥, the reduction of pho-tons is given by [22]:  
 𝑑𝑁 =  −𝜇𝑁𝑑𝑥 (10)  Rearranging and integrating (10) gives:  
 

∫
𝑑𝑁

𝑁

𝑁

𝑁0

=  −𝜇 ∫ 𝑑𝑥
1

0

 (11) 

 Solving this results in the Lambert-Beers law:  
 𝑁 =  𝑁0𝑒−𝜇𝑥 (12)  Thus, using the example mentioned above, of the 1000 photons incident on 6 cm of tissue, 

𝑁 =  𝑁0𝑒−𝜇𝑥 = 1000 × 𝑒−(0.16 𝑐𝑚1)(6 𝑐𝑚) = 380 would pass through. The linear attenua-tion coefficient 𝜇 is found as the sum of probabilities of all attenuating mechanisms in the matter, the most important in the x-ray energy range of mammography being scattering ef-fects and the photoelectric effect [22]. 
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2.4.1 Scattering 
Scattering is an undesirable effect due to interaction of x-rays with matter. It reduces the quality and contrast of the resulting radiographic image. X-rays incident on material may interact in two mechanisms of scattering: 

• Compton scattering 
• Rayleigh scattering  Compton scattering, also called inelastic or incoherent scattering, is the most common type of scattering in the energy range used in soft tissue radiology. When the energy of the inci-dent x-ray photon is much greater than the binding energy of a bound electron, it may scatter the electron and thus ionize the atom. It also loses a part of its energy, which is used to defeat the binding energy of the electron and is given to the electron as kinetic energy. It is thus considered to occur with outer, “valence”-shell electrons, where binding energy is compar-atively small [21].  

 Figure 23. Compton scattering. An x-ray with energy 𝑬𝟎 interacting with bound electron, resulting in ejection of a Compton scattered photon 𝑬𝒔𝒄 and a Compton scattered electron 𝑬𝒆 [5].  The Compton scattered photon may then interact with other atoms in the material in further scattering or photoelectric interactions or be transmitted through without any interaction. The energy of the scattered photon, 𝐸𝑠𝑐, is related to the energy of the incident photon and the angle of deflection [5]:  
 

𝐸𝑠𝑐 =  
𝐸0

1 +
𝐸0

511 𝑘𝑒𝑉
(1 − 𝑐𝑜𝑠𝜃)

 (13) 

 where 𝐸0 = energy of incident photon, 𝜃 = angle of scattered photon, and 511 𝑘𝑒𝑉 = 𝑚0𝑐2, the resting mass of the electron. (13) is called the Klein-Nishina equation, and it implies that 
𝐸𝑠𝑐 becomes smaller with increasing 𝜃. With higher 𝐸0, forward scattering is more likely, as shown in Figure 24. Low-energy photons are more likely to backscatter [21]. 
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 Figure 24. Compton scattering angle probabilities for 20- 80- and 140 keV photons in tissue [5].  Rayleigh scattering, or elastic or coherent scattering, is unique in that in effect, no energy exchange from the x-ray, or ionization of the atom occurs (𝐸𝑠𝑐 = 𝐸0). The x-ray interacts with the entire atom instead of individual electrons. The electric field of the x-ray photon 
expends energy to oscillate the atom’s electrons in phase. This radiates the expended energy of the photon as emission of an x-ray of same energy but in a slightly different direction [5, 20]. 

 Figure 25. Rayleigh scattering. An incident x-ray photon interacts with an atom, emitting a scattered photon with the same energy in a slightly different direction [5].  Rayleigh scattering is most likely in low-energy x-ray photons (15 to 30 keV) and high-Z materials, but still accounts for about 10% of all scattering at 30 keV [5].  Note that scattering described in Figure 23 and Figure 25 only shows a 2D-representation. In reality, the event is described with two scattering angles. The scattering angle 𝜃 (ranges from 0 to 𝜋) describes the angular change in propagation direction when viewed from the side. The other required angle is the rotational angle 𝛷, the azimuthal angle (ranges from 0 to 2𝜋). The probability density of 𝜃 depends on x-ray energy and scattering mechanism, while the probability density of 𝛷 remains constant. 
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 Figure 26. The two scattering angles in a coordinate system [21]. 
2.4.2 Attenuation 
Attenuation is the removal of photons from an x-ray beam as it passes through matter. Typ-ically, attenuation is caused by absorption and scattering. For higher-energy (exceeding ≈
2𝑚𝑒𝑐2 = 1.022 𝑀𝑒𝑉 threshold) photons, pair production converts the photon into an elec-tron-positron pair. These photon energies, however, are well beyond the range of diagnostic radiology, and thus doesn’t occur in mammography. For lower-energy photons, attenuation processes are predominantly caused by photoelectric effect. In photoelectric effect, the entire energy of the incident x-ray photon is transferred to the electron, which is ejected as a pho-toelectron with kinetic energy 𝐸𝑝𝑒 = 𝐸0 − 𝐸𝑏𝑒. Compared to Compton scattering, photoe-lectric effect ejects the electron from a shell whose binding energy is closest to the energy of the incident x-ray photon without exceeding it.  The vacancy of, for example, K-shell electron is then filled by an L-shell electron, releasing a characteristic x-ray. The vacancy in L-shell is then filled with a lower binding energy shell, and a cascade of characteristic x-rays is emitted [5, 26]. 

 Figure 27. Photoelectric absorption. A 100-keV photon interacts with an iodine atom in photoelectric absorption. A K-shell electron is ejected (𝑬𝒃𝒆,𝑲  =  𝟑𝟑 𝒌𝒆𝑽) with 𝑬𝟎 − 𝑬𝒃𝒆,𝑲  =  𝟔𝟕 𝒌𝒆𝑽. The vacancy of the photoelectron is then filled by an L-shell electron, resulting in a 𝑬𝒃𝒆,𝑲 − 𝑬𝒃𝒆,𝑳 = 𝟑𝟑 − 𝟓 = 𝟐𝟖 𝒌𝒆𝑽 characteristic x-ray. This vacancy is filled by an M-shell electron and so on. The sum of these character-istic x-rays is equal to 𝑬𝒃𝒆,𝑲 [5].  
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While the electron ejection mechanism and resulting characteristic x-rays in photoelectric effect and characteristic x-ray production described in 2.3.2 are technically the same, some practical differences exist. X-ray production in the tube head occurs with electrons hitting a high-atomic-number metallic target, and the resulting characteristic x-rays have quite high energies. The photoelectric effect occurs with x-rays ejecting electrons within the patient, composed of mostly carbon, hydrogen, oxygen and nitrogen, all low-atomic-number ele-ments. Therefore, x-rays produced in photoelectric absorption have much lower energies and will not travel very far before being attenuated [5].  

 Figure 28. Photoelectric effect probability as a function of energy in iodine and soft tissue. Crossing an edge increases the probability sharply, most significant in high-Z elements [5].  If the energy of the x-ray photon is less than the binding energy of the electron, photoelectric effect is unfeasible and will not occur. It is most probable when 𝐸0 = 𝐸𝑏𝑒 (also called edge, e.g., 𝐸𝑏𝑒,𝐾 = K-edge), with the probability decreasing with greater 𝐸0. This is caused by an increase in available electrons for the photoelectric interaction [22]. 
2.5 Focal spot size and object magnification 
An ideal focal spot would be a dimensionless point source of radiation, but in tube head anode designs, it is rectangular shaped as shown in Figure 16. The size of the rectangular area affects the sharpness of the image acquired by the x-ray system. However, larger focal spot disperses more heat on the anode, thus increasing loadability.  
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 Figure 29. The effect of focal spot size to the penumbra. 𝑳𝟎 is the distance from the focal point to the object being imaged, 𝑳𝟏 is the distance from the focal point to detector.  As the size of the focal spot increases, so does the geometric unsharpness, also called pe-numbra, denoted 𝑃𝑢, which is given by [15]:  
 

𝑃𝑢 =  
𝑤(𝐿1 − 𝐿0)

𝐿0
 (14) 

 where 𝑤 = focal spot width, 𝐿0 = distance from focal spot to patient and 𝐿1 = distance from focal spot to detector (SID) as shown in Figure 29. To improve spatial resolution, 𝐿1 should be maximized by having the patient directly above the detector, and 𝑤 minimized [15].  The x-ray imaging geometry also has an effect on the object magnification. In many ways, the projection of the object acts much like light and shadow: the distance of the object from the detector affects the size of the resulting image, and the factor of magnification is given by [15]:   
 

𝑀 =  
𝐿1

𝐿0
 (15) 
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 Figure 30. The projection on the detector produces a magnification of the object. Magnification is con-trolled by distances L0 and L1.  The influence of geometry can be managed by controlling the distances from the detector and the focal point, as well as focal point size. Additionally, compression of the breast further reduces the distance of the object from the detector, reducing the effects of magnification. 
2.6 Tomography 
In digital breast tomosynthesis, a planar cross-section of breast tissue is defined, as though a slice of tissue had been removed from the body and radiographed perpendicularly. This is achieved by obtaining a series of low-dosage projection images taken from varying angles and calculating a 3D reconstruction of the imaged tissue. The DBT equipment of this study has two moving structures of the gantry that can be described: the C-arm and the patient support platform. C-arm includes the voltage generator, x-ray tube, collimator and filtration components, and the patient support includes the compression paddle, and the detector. The patient support platform can rotate independently relative to the C-arm structure as shown in Figure 31. The angle from which the projection image is taken is called the tomographic angle. The tomographic angle is altered by moving the C-arm, while the patient support platform generally stays still. 
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 Figure 31. The patient support can move independently relative to the C-arm. Their relative angle is called the tomographic angle.  The DBT equipment of this study uses a tomographic angle range of -15° to +15°. Along this arc, a total of 15 projection images are taken. A 3D volume is shared between all pro-jection exposures. A 3D reconstruction model may be generated from tissue within this vol-ume. The 3D model can be viewed in typically 1 mm slices to find underlying features that would be hidden in FFDM mammographs.  Exact mathematic formulae or algorithms used for reconstruction are difficult to describe, since they are commonly a trade secret.  

 Figure 32. During tomographic imaging, the volume of the 3D image is formed from multiple projections [12]. The maximum volume able to be imaged is defined as the volume shared by all projection exposure cone volumes. 
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 Moving the radiation source relative to the detector during exposure would produce motion artifacts to the projection image because the image acquisition is not instantaneous. Different manufacturers account for this artifact source with various technologies. Table 3 includes a comparison of commercial DBT systems. Commonly used step and shoot-technique stops the rotational movement during image acquisition. Planmed has developed a continuous sync-and-shoot technique where the detector is rotated synchronously with the radiation source during the image acquisition and then returned to its original position while the radi-ation source is moved continuously [28]. Other common types of artifacts in tomography are ghosting, blurring and truncation [29].  Table 3. Comparison of several commercial DBT systems [25, 28]. 

DBT System Hologic Selenia 
dimensions 

Fujifilm Amulet 
Innovality 

GE Senographe 
SenoClaire 

GE Senographe 
Pristina 

Planmed Clarity 

X-ray tube Anode/filter 
(mm) 

W/Al (0.7) W/Al (0.7) Mo/Mo (0.03) 
Mo/Rh (0.025) 
Rh/Rh (0.025) 

Mo/Mo (0.03) 
Rh/Ag (0.03) 

W/Ag (0.075) 
W/Rh (0.06) 

 Motion Continuous Continuous Step and shoot Step and shoot Continuous 
Sync-and-shoot 

Detector Type Full-field direct 
(a-Se) 

Full-field direct 
(a-Se) 

Full-field indirect 
(CsI:Tl)/a-Si 

Full-field indi-
rect (CsI:Tl)/a-Si 

a-Si 

 Pixel size 
(μm) 

70 100 (HR) 
150 (ST) 

100 100 95 
140 

 Motion Rotating Static Static Static Rotating 

 Grid No No Yes Yes No 

Acquisition Angular range 
(°) 

15 15 (ST)  
40 (HR)  
15 

25 25 30 

 Number of 
projections 

15 15 9 9 15 

 SDD (cm) 70 65 66 66 65 

Reconstruc-
tion 

Method Filtered back-
projection 

Filtered back-
projection 

Iterative Iterative Iterative 

 Tomographic imaging has the obvious benefit of detecting lesions under denser masses and counteracting superimposition of tissue appearing as a malignant mass. The system param-eters are controlled well to ensure a radiation dosage comparable to FFDM during tomo-graphic imaging [31].  The system for DBT used by the device in this study calculates the focal spot location based on the positions of reference markers visible in each projection image. The markers are 2 mm diameter steel balls set in a carbon fiber structure. They have a very high contrast com-pared to the surrounding material and are found from the images using machine vision and distinct search areas within the image. From their very accurate positions, the focal spot and tomographic angle can be calculated. By searching these markers from each projection im-age, the system effectively calibrates itself during each image acquisition and requires no external geometric calibration. It also takes deformation of the gantry geometry into consid-eration [32].  From the sum of projection images obtained during the tomographic imaging sequence, a 3D reconstruction model can be made. This reconstruction allows radiologists to view tissue in thin cross-sections. Several reconstruction techniques are used in radiographic tomogra-phy. They can be divided into algebraic reconstruction (ART) and iterative reconstruction (IRT) techniques. ART uses a single projection value to update the reconstruction model and is thus very fast to converge into a least-squares solution. It does, however, typically include 
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significant noise in situations like limited-angle reconstruction, which breast tomography is. IRT updates the reconstruction by iteratively minimizing the error between measured and calculated data [33]. Many DBT systems use a form of simultaneous iterative reconstruction technique (SIRT) [32, 34]. SIRT is a point-by-point correction algorithm, i.e., it incorporates corrections to each voxel simultaneously for each projection ray passing through it [35]. SIRT solves a weighted least-squares problem using iteration.  The basic structure of the technique is as follows: let 𝑥𝑘 matrix be the current (𝑘th) estimate of the attenuation experienced by the voxels, i.e., the current reconstruction state, let 𝑏 matrix be the log-normalized recording of the projection rays, i.e., the projection images, and 𝐴 be the system matrix denoting relative contribution of the voxels to the projection rays, i.e., which voxels the projection ray travels through. Let 𝑅 and 𝐶 be diagonal matrices of inverse row and column sums of the system matrix 𝐴, respectively. They are given by 𝑟𝑖𝑖 = 1/ ∑ 𝑎𝑖𝑗𝑗  and 𝑐𝑗𝑗 = 1/ ∑ 𝑎𝑖𝑗𝑖 . 𝑅 and 𝐶 are weighting matrices used to compensate for the number of rays that hit each voxel and number of voxels hit by each ray, respectively. They ensure that the reconstruction converges to a solution. The next iteration of the reconstruction 𝑥(𝑘+1) is then given by [36]:  
 𝑥(𝑘+1) = 𝑥𝑘 + 𝐶𝐴𝑇𝑅(𝑏 − 𝐴𝑥𝑘) (16)  Effectively, every voxel receives a correction to its value once per projection image every iteration cycle. For the DBT system of this study, it means 15 correction projections for each voxel per iteration. The more projection images are taken, the more accurate the iteration becomes. Typically, the initial reconstruction volume is 𝑥0 = 0. The reconstruction is re-fined by minimizing the error between the measured projections 𝑏 and calculated projections 

𝐴𝑥𝑘.  

 Figure 33. The initial iteration cycle of SIRT. The current reconstruction 𝒙𝒌 is forward projected by system matrix 𝑨, compared to projection image obtained by the detector, and their difference is back projected along the involved voxels by the transposed system matrix 𝑨𝑻 to produce an improved recon-struction [34]. 
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The reconstruction relies heavily on identifying voxels along each projection ray and there-fore accurate geometrical knowledge of both the focal spot and detector geometries is cru-cial. 
2.7 Angle measurement 
Besides creating a world coordinate reference using markers, another way to calculate the focal spot location would be via tomographic angle measurement. Several options for angle measurement are available. The tomographic imaging sequence presents some specifications for the prospective measurement method: 

• 30° arc of measurement 
• Low rotational velocity 
• High accuracy and resolution required 
• Absolute angular position required 
• Approximately room temperature 
• Digital system  Additionally, small size is a benefit for the measurement method, potentially requiring less change to surrounding structure to house it. Typical angle measurement techniques used in industry include: 
• Encoders 
• Electromagnetic resolvers 
• Microelectromechanical (MEMS) gyroscopes  Encoders are linear or rotary position displacement measurement devices capable of produc-ing digital, typically binary output signal. Therefore, they require no external analog-to-dig-ital conversion. This signal may be absolute or incremental in nature. Since incremental sig-nals only require toggling one or two bits to detect positional change, whereas absolute re-quires unique representation of each position as shown in Figure 34, incremental signals are generally capable of finer resolution. Absolute encoders never need to reset their count and 

don’t lose position when, for example, power is lost [37]. Typically, due to their increased complexity, absolute encoders are larger in size and more expensive than incremental en-coders [38]. Incremental signals may not be used in the measurement setup of this study, and therefore only absolute encoder measurement techniques are described.   

 Figure 34. Simplified representation of an absolute rotary encoder. Each measurable sector has a sepa-rate binary value [37].  
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Typically, encoders rely on geometric patterns along a linear, angular or circular track that can be detected by several different techniques. Linear encoders may be used to measure angle with the measurement track forming a circular arc. Detection techniques include opti-cal, magnetic, capacitive, resistive and mechanical, to name a few. Most commonly used techniques in industry are optical and magnetic encoders. Both techniques are non-contact, preventing wear to the component.  Optical encoders include a transmitter, typically one or more light-emitting diodes (LEDs), and phototransistor receivers. The sensor track between them consists of alternating opaque and transparent or reflective and nonreflective sections. For optical absolute encoders, since each measurement position must be uniquely represented, the number of phototransistors needed is equal to desired resolution bit count. For example, a 12-bit encoder has 12 photo-transistors and 212 = 4096 measurable positions and a theoretical resolution of 1/4096 of 0.024% [37].   

 Figure 35. Magnetic linear and rotary encoder [37].  Magnetic encoders generate their signal based on variation of the magnetic flux detected by magnetic sensing elements. Magnetized and nonmagnetized sections produce the binary sig-nal. Magnetic absolute encoders follow similar coding principles as the optical case. The magnetic sensing elements are usually either magnetoresistive or Hall effect sensors. Mag-netoresistive sensors experience a change of resistance when introduced to an external mag-netic field. Depending on the angle between the current running through the sensor and the magnetic field. This field is usually produced by a permanent magnet [37]. In Hall effect, a plate of conductive material carrying a current has a voltmeter attached to it. Initially, the measured voltage is zero. However, magnetic field at a right angle compared to the current flow produces a small voltage across the plate, which can be measured [39]. Reversing the direction, or polarity, of the magnetic field reverses the voltage. Magnetic encoders are typ-ically capable to measure at high rotational speeds.  Electromagnetic resolvers measure absolute angular position via magnetic coupling. Typi-cally, the coupling between a primary winding within a rotor and two secondary windings in a stator is measured. The primary winding is excited with a sinusoidal signal, which in-duces a signal in the secondary windings. The amount of coupling to secondary windings is 
related to the rotor’s relative position to the secondary winding, and resolver transformation ratio. The secondary windings are displaced by 90°, producing a sine and cosine output sig-nals. The output signal is analog and needs an accurate conversion method to digital form [36, 38]. Resolvers are typically used to measure motor shaft position and speed, and work in high-temperature or otherwise harsh conditions [40].  
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 Figure 36. The main principle of an electromagnetic resolver [38].  Microelectromechanical systems (MEMS) gyroscopes are typically used to measure angular speeds instead of rotation itself. The rotation measurement cannot be directly obtainable from angular rate via integration due to inevitable bias error in angular rate signal of the gyroscope. This bias error causes drift to occur in angle measurement [41]. The most com-mon technique to counteract this is to use an accelerometer and a magnetometer together with the gyroscope. Steady-state pitch and roll angles can be obtained with the accelerome-ter, and yaw angles by magnetometers. This technique is vulnerable to external magnetic fields and can only work correctly with steady-state measurements. To effectively use MEMS gyroscopes for angle measurement, extensive control engineering must be utilized [42].  
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3 Methods 
The main goal of this study was to replace reference marker-based focal spot location cal-culation with an alternative, more cost-effective technology. After designing a new technol-ogy to produce the necessary geometric data to calculate the tomographic reconstruction model, a consideration into possible threats or sources of error regarding the new design was necessary. After identifying the sources of error, their magnitude was measured. 
3.1 Design 
To make the marker platform obsolete, its functions must be implemented in other ways. Instead of utilizing precise reference points set by the markers, the proposed solution will use angular data produced by an angular sensor in its geometric calculation. Thus, the im-plemented solution must be able to measure the tomographic angle directly. The angle data will then be used to obtain the position of the radiation source focal spot in each projection, as long as other dimensions are known. These dimensions will be obtained during calibra-tion. Some assumptions must apply: 

• The distance of the radiation source from the rotational axis remains constant 
• The distance of the detector active plane from the rotational axis remains constant 
• Deformations caused by compression are insignificant 
• The deformations of the C-arm relative to the patient support are insignificant  

 Figure 37. The C-arm and patient support platform structure of the device used in the study.  The chain drive mechanism used to rotate the patient support platform is located around the rotational axis of the C-arm. Having the angle measurement near this common rotational axis reduces the cumulative effect of manufacturing inaccuracies in the components, which would adversely affect measurement accuracy. Additionally, being a piece of medical equip-ment, safety requirements demand mechanical and electrical systems such as this in the de-vice to be unreachable without the use of tools [43]. The location chosen allows easy con-cealment of the measurement system with only slight modifications to the existing cover plating and surrounding structure. 
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 Figure 38. Calculation of focal point location relying on angle data. 𝜶𝒊 are tomographic angles measured by the sensor at each projection image 𝒊 = 𝟏, 𝟐, … , 𝟏𝟓, with 𝒏 denoting a general case. 𝑷𝒊 are the corre-sponding focal spot positions located at a constant distance from the rotational axis. 
3.1.1 Angle measurement 
The angular measurement accuracy requirement was initially unknown. The ideal accuracy requirement is derived from the pixel width of the detector, which is 0.083 mm [27]. Change in the angle of the radiation source relative to the detector plane spans the longest distance at the edge of the detector plane. Let 𝐿 = 650.9 mm be the source to image detector distance (SID), 𝐵 = 291 mm be the width of the detector active plane [27], 𝛾 = the angle between the ray towards the edge of the detector and the normal to the detector as shown in Figure 39. Then   
 

tan(𝛾) =  
𝐵

2𝐿
 (17) 

 Solving for 𝛾:  
 

𝛾 = tan−1(
𝐵

2𝐿
) ≈ 12.6° (18) 

  The furthest pixel spans 𝑥 = 0.083 mm from the edge. Let 𝛽 = the angular change related to the linear shift of 𝑥 at the edge of the detector, or the ideal accuracy requirement. Therefore    
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tan(𝛾 − 𝛽) =
(

𝐵

2
− 𝑥)

𝐿
 (19) 

 

β =  𝛾 − tan−1 (

𝐵

2
− 𝑥

𝐿
) ≈ 0.00696° (20) 

 However, it was apparent from the start of the project that this accuracy requirement would be unnecessarily high. This was backed by a study by American College of Radiology, which determined 0.1° as an accuracy requirement [44]. This was set as the accuracy requirement for the solution as well.   

 Figure 39. Ideal accuracy calculation. L = direct focal distance, 650.9 mm. B = width of the detector active plane, 291 mm. x = pixel size, 0.083 mm.  The design, shown in Figure 40, implements a 16-bit magnetic absolute rotary encoder (IX-ARC UCD-S101B-1616-R06A-2RW) measuring the angle between the C-arm and patient support platform. Though the rotary encoder has an accuracy of ±0.0878° [45], due to exter-nal effects possibly affecting the measurement, a reduction gear in the form of a 21 mm radius wheel was produced. The wheel was made of EN AW-5083 aluminum alloy and at-tached to the rotary encoder shaft. This was to increase the accuracy of the encoder. A gear frame, also made of EN AW-5083, with an outer radius of 104 mm was attached to the chain wheel of the support platform rotation system. The setup is shown in Figure 41. This pro-duces a reduction gear ratio of 0.2019, which allows accuracy of ±0.0177°. The rotary en-coder itself is attached to the C-arm. Rotation of the support platform will then rotate the gear frame and thus, the rotary encoder shaft. Figure 40 describes the mechanism design concept.  As a mechanism to transmit rotation from the gear frame to the encoder shaft, rolling friction between the component surfaces was selected. This solution introduces no backlash and re-quires few components, simplifying assembly. The rotation of the encoder shaft must, how-ever, be completely non-slip to ensure consistency of angle output and accurate measure-ment. Therefore, high coefficient of friction must be achieved between the gear frame and 
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the sensor wheel. Microscale machining of the component surfaces with ablation laser ma-chining promised extremely high coefficients of friction [46, 47], but proved to be a very slow, high-cost production method. Eventually, a pairing of dry aluminum against aluminum was decided. It has a dry frictional coefficient of 1.05 [48].  

 Figure 40. Angle measurement mechanical design concept viewed from behind the gantry. A gear frame is attached to patient support platform chain wheel. The rotary encoder attachment is free to pivot around one point, allowing the wheel to be pulled against the gear frame outer radius by an ex-tension spring.  The cables used with the rotary encoder would be drawn through the hollow rotational axis, as is the case with many other cables run between the patient support platform and the C-arm. Since the encoder is only attached to the C-arm, the cable will not have to withstand pulling motion and thus, wear. As shown by Figure 41, the only moving part of the rotary encoder is the rotary shaft and, driven by its movement, the axle wheel.   
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 Figure 41. The functioning principle of the angle measurement setup. 
3.1.2 Geometry calibration phantom 
The DBT system based on marker technology requires no external geometric calibration equipment since, practically, every imaging sequence run with the marker platform cali-brates the system. Therefore, replacing the platform requires developing a calibration device. In radiography, calibration is usually done with a phantom. A phantom, in general, is an object used to evaluate or tune the performance of a radiographic device. It can include con-trast agents to simulate properties of human tissue, and typically has inserts of highly absor-bent material in varying shapes and sizes to test the quality of the taken image [49]. For geometric calibration, anthropomorphic qualities are not necessary, and were not used.  The main goals of the calibration phantom design were: 

• Avoid the need to measure each phantom to reduce labor costs 
• Easy handling with the device 
• Low production costs 
• Performance after calibration must have no loss of quality Removing the need to measure also makes the phantom usable across multiple devices, com-pared to the paired nature of the platforms currently in use. Additionally, no measurement data needs to be stored on the device. Fulfilling these needs requires the phantom to have high geometric accuracy and manufacturing precision.  
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 Figure 42. The designed geometry calibration phantom.   To reduce production material costs, the phantom was made by machining a 200 ±0.05 mm x 239 ±0.05 mm x 39.4 ±0.05 mm polyurethane block with a 0.1 mm flatness tolerance and 0.1 mm parallelism tolerance. Polyurethane has a low x-ray attenuation coefficient [50], and is low-cost compared to carbon fiber structure used in the marker platform. The phantom used reference points marked by 2 mm diameter steel balls, much like the marker platform. They were laid in to the top and bottom planes, 16 and 25 pcs, respectively, in 2 mm diam-eter holes (H7 fit) and 2 mm depth so the markers’ apex would be at level with the block’s top or bottom planes. The holes were positioned so that the steel markers would not be su-perimposed in any projection angle, with the first row of markers next to the front edge of the detector plane. This imposed a minimum size requirement on the phantom. The markers were attached to the phantom with a small amount of adhesive. The phantom itself was made to be easily attachable to the compression paddle interface.  The manufactured phantom was measured using a Zeiss coordinate measuring machine to ensure the manufacturing process was accurate enough. With the manufacturing methods used, more phantoms with similar accuracy could be produced without the need to measure each individual phantom, although batchwise sampling may be done. 
3.2 Validation 
If unverified, the assumptions made for using the angle measurement may be incorrect, in-validating the entire sensor reading. This would make the focal spot calculations unreliable as well. Significant sources for error were defined: 

• Insufficient material or geometrical properties of gear frame or sensor wheel 
• Deformation of patient support platform due to mechanical loading 
• Imperfect repeatability of measurement, i.e., drift or wear mechanics 
• Imperfect repeatability of imaging arm movement, i.e., deformation is different de-pending on imaging view, resulting in calibration need for each view separately 
• Hysteresis of sensor wheel movement along gear frame 
• Calibration error  
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Material or geometrical properties are insufficient if, for example, the coefficient of friction of the chosen friction pair is insufficient, or dimensional accuracy of the manufactured com-ponents is insufficient. Mechanical loading may be caused by patients leaning on the patient support platform or parts of the C-arm. Drift and wear mechanisms may be caused by mate-rial properties of the components, the rotary encoder technology or dimensional inaccuracies in the components, such as crooked or uneven surfaces. Hysteresis may be caused by all the mechanisms mentioned, and the software operating the device. Calibration errors would be caused by insufficient accuracy in the geometric calibration phantom manufacturing and would result in poor quality of images and tomographic reconstruction.  These risks were not present with reference markers due to the self-calibration during each imaging and must thus be controlled before the new technology may be adopted to produc-tion. The angle measurement accuracy itself must also be validated to ensure the usability of the design. Finally, a comparison between tomographic images taken by marker technology and the new technology designed in this study was drawn. 
3.2.1 Angle measurement design validation 
The absolute rotary encoder data must be validated with a separate, accurate method. For this, a laser distance measurement unit was used. A gear frame, also made of aluminum due to its high reflectivity, modified with a reflector part under the sensor track was produced. This gear frame would be only used with the angle measurement validation test, instead of the gear frame described in 3.1.1. The reflection surface had a surface roughness requirement of Ra 0.8. A laser triangulation displacement sensor (MicroEpsilon optoNCDT 2300-50) was attached to a machined surface in the bottom of the C-arm with screws and pointed towards the reflector.  

 Figure 43. Angle validation measurement setup. A laser triangulation displacement sensor was used to provide angle measurement data for comparison. 
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 The reflector was shaped such that the distance from the laser triangulation sensor would linearly increase as the angle increased, enabling mapping distance data to angles. Over the span of 60°, the distance from the sensor track center would change 30 mm. 0° tomographic angle reading is located in the middle of the reflector arc. The laser triangulation sensor has a resolution of 0.8 μm on a range from 45 mm to 95 mm distances (50 mm range) [51]. The reflector was positioned such that the nominal distance was 70 mm at 0° tomography angle.  

 Figure 44. The gear frame with a laser reflector arc. The arc has a linearly increasing radius from the rotational axis.   At ±20°, the reflector had a slot cut out. These slots were used as reference angles; because of variation in the C-arm cast component, the geometric precision and the exact distance of the laser attachment from the reflector is unknown. Therefore, the nominal distance at 0°, 70 mm, would be found at a slightly different tomographic angle. The reference slots are seen 
as “out of range” on the measurement data and can be used to map the relation between laser distance data and tomography angle.   The geometry of the reflector is designed such that the laser beam would hit it perpendicu-larly in all tomography angles, and that there would be a one-to-one correspondence between the patient support platform angle and the sensor reading. As such, the reflector surface needed to have a linearly increasing radius from the rotational axis. Such arc can be defined by a second circle arc with a different center point. Defining the reflector arc as a circle arc simplifies the manufacturing process and validation measurement of the component.   
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  Figure 45. Formulation of the reflector. The blue circle represents the gear frame internal radius. The colored x-symbols are known points (middle and two ends) on the reflector arc. The blue and red lines are perpendicular bisections of triangle sides defined by the points, and the red circle is the reflector arc.  Formulating this arc relies on the fact that a circle can be defined by three points on its edge, so long as the points are not equal or colinear. The formulation is shown in Figure 45. We find the middle point and radius of the circle by forming a circumscribed triangle from the three points: 1. Draw a triangle from the three points along the reflector arc 2. Draw perpendicular bisection lines from two triangle sides 3. Their intersection point is the center point of the circle 4. The radius of the circle is the distance from the center point to a corner of the triangle The reflector circle was tested by generating points with linearly increasing radii in MATLAB. The result is shown in Figure 46. The points line up with the reflector arc per-fectly, thus the arc geometry is viable. 
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 Figure 46. Points generated with linearly increasing radius around the rotation axis align with the found reflector arc. The reflector shape is defined between the blue and red circle arcs and the two lines.  After mapping angles to the distance data given by the laser rangefinder, comparison to the rotary encoder data could be drawn. Once a relation has been established, data from the rotary encoder could be compared.  A C-arm assembly with support platform mechanics was attached to a test driver with the laser measurement and rotary encoder setup and driven between -30° and 30° to find the laser distance limits between which angular measurements could be linearly mapped.  
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 Figure 47. The testing setup. A C-arm with patient support tilting mechanism is attached to a test driver. The test driver is able to change the tomographic angle between ±30° with 15° intervals.  For data produced by this setup, some assumptions must be made: the frame with the reflec-tor and the C-arm assembly are sufficiently accurately manufactured; the frame has to be concentric with the rotational axis of the C-arm and both the rotary encoder track and reflec-tor must be circular for the reflector formulation to apply. An additional, albeit minor source of error comes from the perpendicularity of the laser attachment plate to the rotation axis radius, i.e., the perpendicularity of the laser beam towards the reflector.  The testing setup and validation test components were measured using a Zeiss coordinate-measuring machine. The following were measured: 
• Concentricity of C-arm rotational axis and rotary encoder track (±0.4 mm tolerance) 
• Radii of rotary encoder track and reflector surface (±0.15 mm tolerance) 
• Angle between the ends of sensor track (100°±0°30’0” tolerance) and reflector sur-face (60°±0°30’0” tolerance) 
• Angle between ±20° reference slots (40°±0°30’0” tolerance) 
• Frame attachment geometry (multiple radii ±0.15 mm tolerance, clearance holes: po-sition and diameter ±0.1 mm tolerance) 
• Surface roughness of the reflector arc (Ra 0.8 or lower)  The most important measurements were the concentricity of the C-arm rotational axis and the gear frame sensor track radius and the position of the reference slots. Both the geometric 
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accuracy and surface quality of the formulated reflector arc were also highly important. In-creasing surface roughness increases laser diffraction, potentially causing inaccurate read-ings from the laser rangefinder.  The gear frame and encoder wheel were made of aluminum alloy. Although, as discussed in 3.1.1, aluminum-aluminum pair has a high coefficient of friction, its wear resistance needed to be tested. The test included 20,000 consecutive cycles of rotation between ±30° tomo-graphic angle. Visual inspection for signs of wear would determine the sufficiency of wear resistance. 
3.2.2 Hysteresis and drift 
The measurement system is to endure extensive use and must work consistently in all imag-ing views, over long periods of time. The performance of the measurement system must be tested by conducting a stress test. Using the test setup described in Figure 47, the device was run between -30° and 30° in two ways: 

• 50 cycles with consecutive measurement taken in -30°, -15°, 0°, 15° and 30° posi-tions 
• continuously operation for approx. seven hours. After each hour, measurements were taken in both extremities and 0°  Measurements included both the rotary encoder and laser rangefinder. Then, based on the angle mapping of the reflector, the measurement data were compared to determine the extent of possible effects of sensor drift, insufficient friction or wear mechanisms. The measure-ments at 0° were taken from alternating sides to detect any hysteresis, i.e., differing results based on direction of approach. Hysteresis would be detectable by every other result being positive and every other negative. Consecutive measurements were aimed at discovering possible alternating deviations between cycles, while continuous operation would demon-strate possible drift or slipping within the rotary encoder. 

3.2.3 Patient platform deformation measurement 
One of the assumptions made in 3.1 was that the distance of the detector active plane from the rotational axis remains constant. This could be altered by deformation of the patient sup-port platform caused by mechanical loading. These loads can be caused, for example, by the patient leaning on the device during imaging. It could also undergo slight rotation due to the loading, which would affect the tomographic angle. The tomographic angle accuracy has great significance in image quality and tomographic reconstruction. Therefore, possible fac-tors affecting the tomographic angle were tested. As small as 0.1° deviation may cause error in tomographic resolution [52].  
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 Figure 48. Detector coordinate reference. Detector origin is located at the front center of the patient support platform.  Tomographic reconstruction requires that imaging geometry is known. Therefore, a very accurate knowledge of the focal spot position from each projection is needed. By using the marker platform, a geometric calibration data file could be extracted from each projection image, including the calculated focal spot location relative to the detector origin. The detec-tor origin is located in the edge of the active area of the detector closest to the patient and in the middle. Coordinate directions are as follows: x-coordinate is aligned for “side-to-side” movement, y-coordinate for “back-and-forth” and z-coordinate for “up-and-down” as shown in Figure 48. Since the focal spot location is calculated relative to the detector origin, a direct comparison between different imaging views could be drawn. Using these geometric cali-bration files, the magnitude of deformation was determined in six imaging views (three on both sides of the device):  
• medio-lateral 
• medio-lateral-oblique  
• cranio-caudal  The deformation was tested with the following mechanical loads: 
• 0 kg, as a reference 
• 2.610 kg 
• 10.250 kg  These loads were produced by securing steel components with a cargo strap to the support handle located under and around the patient support platform as shown in Figure 49. The load was secured tightly close to the structure to reduce pendulous movements of the load during exposure.  
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 Figure 49. Patient support loaded with 2.610 kg in medio-lateral, left position.   To reduce random variation, the tomographic imaging sequence was run in each view and with each load five times, and the results of each exposure were averaged. The effect of gravity would be directed in different directions relative to the detector, and therefore the deviation would be observable in different coordinate values according to imaging view. The most significant deviation is in the x-coordinate, since it affects the tomographic angle the most. 
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4 Results 
To use the designed components in the tests, they had to be measured to ensure the compo-nent corresponds to the planned test setup. After measurements, data was analyzed and com-piled. The following are compilations of these results and some consequences drawn from the data. 
4.1.1 Angle measurement design validation 
For the laser measurement data to be valid, assumptions were made in 3.2.1. These assump-tions included geometric and dimensional accuracy in the C-arm and the reflector frame.   The measured deviations from nominal dimensions listed in 3.2.1 were within tolerance: 

• Concentricity: +0.308 mm (±0.4 mm tolerance) 
• Rotary encoder track radius: -0.08 mm (±0.15 mm tolerance) 
• Reflector surface arc radius: +0.041 mm (±0.15 mm tolerance) 
• Sensor track angle: +0°5’14” (100°±0°30’0” tolerance), reflector arc angle: 

+0°15’46” (60°±0°30’0” tolerance) 
• Reference slot angle: +0°6’25” (40°±0°30’0” tolerance) 
• Frame attachment geometry had +0.09 mm as the greatest deviation (radii ±0.15 mm tolerance, position and diameter ±0.1 mm tolerance) 
• The reflector arc surface roughness was Ra 0.214 (Ra 0.8 or lower).  Therefore, the part may be used in testing. Since the part is in accordance with the arc for-mulation described in 3.2.1, a conversion of laser distance data to tomographic angle is pos-sible. After measuring the manufactured gear frame and reflector, a measurement was made using the test setup shown in Figure 47. The collected data was analyzed and visualized using MATLAB. Two cycles of measurement are shown in Figure 50. Finding the distance values at the ±20° reference slots would enable finding the equation for linear regression that depicts the correspondence of laser distance data and tomographic angle. The slots are visi-ble as the two sharp drops in distance value. Another slight drop is seen near the further reference slot. It is a manufacturing error; a fixing was placed on the reflector arc during machining, which left a mark. This mark can be interpolated over and therefore, it was ac-ceptable. 
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 Figure 50. Laser measurement over the reflector. Two cycles of back and forth motion are shown. Ver-tical spikes are caused by reference slots at ±20°. Additional spike near the further reference slot is caused by machining fixing on the reflector arc.  The edges of the reference slots were found from their inner edges, and the corresponding distance values can be obtained visually, 14.54 mm and 34.49 mm. They correspond to 20° and -20°, respectively. Creating a linear regression formula from this data yields the follow-ing relation:  
 𝛼 =  −2.004 ∗ 𝑙 + 49.078 (21)  where 𝛼 is the tomographic angle described by the laser measurement and 𝑙 is the laser dis-tance measurement.  As a result of the wear resistance test, clear signs of mechanical wear on the surface of the gear frame can be seen in Figure 51. The wear resistance of EN AW-5083 is thus insufficient for the promised lifetime of the DBT device.   

Manufacturing error -20° reference 

20° reference 
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 Figure 51. Clear signs of wear on the surface of the gear frame. 
4.1.2 Hysteresis and drift 
Using the linear regression given in Eq. (21), the differences between measurements taken in each position by rotary encoder and laser rangefinder could be compiled. Measurement difference between the two measurement methods over 50 consecutive measurements are visualized in Figure 52. The difference results are compiled by comparing the laser sensor value converted by Eq. (21) to the rotary encoder measurement. The vast majority of meas-urement differences are within the allowed limit of ±0.1°, although multiple measurement differences are greater with individual differences reaching 0.2°. The difference in measure-ment does not deviate following any visible term, and drift is not observable. Additionally, since the difference is not alternating between positive and negative values consistently, no hysteresis is observed.  

 Figure 52. Measurement differences between rotary encoder and laser data in different positions over 50 consecutive cycles.  Table 4 displays the measurement results taken during the drift test. The results of the laser rangefinder have been converted into corresponding degree values according to Eq. (21). 
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Deviation from the actual desired angle value are due to test driver software speed, and the most significant values are the differences between the laser and rotary encoder values.  Table 4. The results of the drift test. Results in difference of measurement that exceed 0.1° are high-lighted in red. 

  -30° 0° 30° 

Time Laser(°) Encoder(°) Diff. Laser(°) Encoder(°) Diff. Laser(°) Encoder(°) Diff. 

9:00 -29.12682 -29.26500 0.13818 0.10025 0.00000 0.10025 29.00451 29.05200 -0.04749 

10:05 -29.18496 -29.23000 0.04504 0.14035 0.01700 0.12335 28.88421 28.91000 -0.02579 

11:01 -29.07669 -29.26500 0.18831 0.12632 0.00000 0.12632 29.01654 29.07000 -0.05346 

11:58 -29.03058 -29.28300 0.25242 0.12231 0.00000 0.12231 28.93835 28.94600 -0.00765 

13:03 -29.37544 -29.63700 0.26156 0.12832 0.01700 0.11132 28.99649 29.05200 -0.05551 

13:58 -29.18496 -29.21200 0.02704 0.12231 0.00000 0.12231 28.96040 29.03400 -0.07360 

15:00 -29.31930 -29.28300 -0.03630 0.15238 0.01700 0.13538 28.96642 29.03400 -0.06758 

15:50 -29.32732 -29.57300 0.24568 0.15238 0.00000 0.15238 29.08471 29.10500 -0.02029 

          

MAX-
MIN 0.34486 0.42500 0.29786 0.05213 0.01700 0.05213 0.20050 0.19500 0.06594 

STDEV 0.11771 0.15355 0.10827 0.01630 0.00823 0.01445 0.05549 0.06073 0.02203 

AVG -29.20326 -29.34350 0.14024 0.13058 0.00638 0.12420 28.98145 29.02538 -0.04392  The most notable differences are in the -30° position. Neither the measurement values nor their difference has any sort of growing trend, suggesting that the friction properties are sufficient, and the sensors experience no drift and there is no systematic error in the rotary encoder.  The significance of these differences was not immediately obvious and was only revealed once direct comparison of image quality between tomographic images taken by reference marker technology and angle measurement technology could be drawn. 
4.1.3 Patient platform deformation measurement 
The geometry files generated by the tomographic imaging sequences run with the reference marker platform as described in 3.2.3 were extracted from the device and its data values averaged over the five repeats. The averaged data was then graphed using a MATLAB script to determine the magnitude of deformation caused by the mechanical load. The most signif-icant measure for the tomographic angle was the x-coordinate, i.e., parallel to the chest wall of the patient support platform as shown in Figure 48. The maximum allowed deviation from the 0-kg reference measurement was set at 1.1 mm, which was deemed equivalent to the 0.1° deviation limit. Other coordinate differences have lesser effect on reconstruction [32], but were also measured.  Figure 53 shows the largest difference measured in the x-coordinate, 1.053 mm, recorded in medio-lateral position on the left side. Other positions had smaller differences, and none exceeded 1.1 mm. Due to their large number, the graphs for all measurements are compiled in Appendix A - Appendix F. 
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 Figure 53. The difference in x-coordinate measurements through 15 exposures in medio-lateral, left view.  As a result of this test, it was shown that deformations due to patient leaning on the support platform are small enough to not affect the image or reconstruction quality. 
4.1.4 Geometry calibration phantom 
To ensure the designed geometry calibration phantom’s applicability, the following dimen-sional and geometric accuracies were measured: 

• Outer dimensions with tolerance ±0.05 mm 
• Parallelism between top and bottom planes with tolerance ±0.1 mm 
• Flatness of top and bottom planes with tolerance ±0.1 mm 
• Position (x, y, z) of each marker ball with tolerance ±0.05 mm  As a result, all geometric measurements, and all dimensional measurements except the width (exceeded by 0.009 mm) and depth (exceeded by 0.02 mm) were within tolerance. The width and depth of the phantom are not functional dimensions and only exceeded the set tolerances very marginally. Especially the relative locations of the steel markers were important. Thus, the phantom was deemed successfully manufactured. It is also deemed very likely the man-ufacturing process was simple enough to be repeated exactly and produce equal quality to this first unit. Therefore, measurement of each would not be necessary.  The geometry calibration phantom was used in this study to produce calibration for tomo-graphic image comparison between marker-based technology and angle measurement-based technology. Initial tomographic images calibrated with the phantom show great promise. Radiographic images taken were compared only visually with visibility of features being a qualitative comparison criterion.  Figure 54 shows a comparison of tomographic cross-sec-
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tion images, one calibrated with the marker platform and the other using the geometric cali-bration phantom designed in this study. The differences between the images were within noise level, and image quality was not significantly different.  

 Figure 54. Images taken with the DBT device after calibration. Image on the left was calibrated with reference markers, image on the right was calibrated with the designed calibration phantom and taken using the rotary encoder. The phantom used in the image is not the designed geometry calibration phan-tom.  
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5 Discussion 
The aim of this thesis work was to design a technology to replace the currently used reference marker platform in radiation source focal spot location acquisition. The new design needed to have the basic functionality of the platform and at least equal performance in regard to radiographic image quality. The production costs of this new technology also needed to be lowered from the platform component, and manufacturing processes simplified. Accuracy measurement for each component was especially an undesirable task in production, since it is a time-consuming task requiring skilled labor. A desire was to require as little change to pre-existing structure as possible. This was to simplify the transition to production and up-grading pre-existing devices to use the new technology if needed.  As a result of this study, a technology to acquire the focal spot location using tomographic angle measurement was produced. The total cost of the material and manufacturing of the components involved was less than 500€, and therefore the cost reduction of approx. 1500€ set in 1.3 was realized. The production methods for the mechanical components (mainly machining) produce accurate enough components that separate measurement of each is not necessary. Batchwise sampling is, of course, possible.   The reference marker platform requires no geometric calibration, since it effectively cali-brates itself during each image acquisition. To replace it, geometric calibration had to be carried out separately. It is not necessary to calibrate the device after each exposure, and therefore the resulting calibration component was designed to be used in a separate, individ-ual, periodically performed calibration. To use the phantom in this calibration sequence, an interfacing attachment was used with the phantom. This attachment identifies the phantom to the device, enabling automatic selection of the calibration sequence. This reduces work required from radiologists operating the device. The performance of this phantom was tested when comparing tomographic image quality in 4.1.4; the angle measurement-based image was first calibrated using the designed phantom.  The secondary goal was to minimize change to pre-existing components. The C-arm struc-ture to which the rotary encoder is attached required machining of threads for the pivot point of the encoder attachment, and a supportive strut was removed for the encoder axle wheel and gear frame to fit. Threads were machined in the chain wheel of the patient support plat-form rotation mechanism to attach the gear frame. The outer cover of the C-arm also required change to fit the encoder, but this was not designed in or during this study.  The single most effective way to compare the validity of the new technology as a whole is to directly compare tomographic images taken by it and the reference marker technology. This was done in 4.1.4. Aside from testing the validity of the geometry calibration carried out by the phantom, the angle measurement technology was validated as well: any significant inaccuracies in angle measurement or significant deformations would have a visible effect in tomographic reconstruction. The tomographic images were only visually compared; typ-ically, radiographic image quality is defined by judging clear visibility of features within the imaged phantom. A quantitative comparison method could be a pixel scan line comparison, where a single row or column of pixel values from both pictures are extracted and compared. This requires accurate positioning of the imaged phantom to extract corresponding pixels, which was unfortunately not the case in 4.1.4. Since the compared cross-sections were prac-tically identical, the performance of the angle measurement design and the geometric cali-bration carried out by the designed phantom was found to be sufficiently to replace the 
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marker platform and thus, the aim of this study was realized. As ruled out in the scope of the study, the angle measurement system was not yet ready for production.  While angle measurement component selection included several viable options with suffi-cient accuracy and performance, a decision was made to use the absolute magnetic rotary encoder. This decision was influenced strongly by synergistic benefits: the sensor was al-ready being used within the company and its operation was known well. The rotary encoder was not ideal in all its properties, but its accuracy was well sufficient for the measurement task. Contact-free solutions would more easily fulfill the required lifetime for the device due to minimal mechanical wear, a problem present with the current encoder design. Addition-ally, coefficient of friction would not have been a necessary consideration. For example, to reach the ideal measurement accuracy described in (20, an absolute magnetic linear encoder with its magnetic scale attached to the gear frame would have required a measurement ac-curacy of   
 𝑙𝑒𝑛𝑔𝑡ℎ 𝑜𝑓 𝑢𝑠𝑒𝑑 𝑔𝑒𝑎𝑟 𝑓𝑟𝑎𝑚𝑒 𝑡𝑟𝑎𝑐𝑘

𝑛𝑢𝑚𝑏𝑒𝑟 𝑜𝑓 𝑝𝑜𝑠𝑖𝑡𝑖𝑜𝑛 𝑚𝑒𝑎𝑠𝑢𝑟𝑒𝑚𝑒𝑛𝑡𝑠 𝑟𝑒𝑞𝑢𝑖𝑟𝑒𝑑
=

30°

360°
∗ 2𝜋 ∗ 104 𝑚𝑚

30°

0.00696°

 

 

(22) 

 
 𝜋

6
∗ 104 𝑚𝑚

4311
≈ 0.01263 𝑚𝑚 = 12.63 𝜇𝑚 

 

(23) 

 where the number of position measurements required is an integer rounded up, 30° is the tomographic angle arc, 0.00696° is the ideal angular accuracy calculated in (20 and 104 mm is the outer radius of the gear frame. This resolution is easily reachable by commercial en-coders.  For the angle measurement, the desirable location for its setup would be as close to the rota-tional axis as possible, and considering the limited space available in its vicinity, the location selected was excellent. In early stages of mechanical design, rolling friction was selected as the encoder shaft rotation modality. Friction introduces no backlash (which is the case with gear wheels or chain drives), requires few separate components and thus, little assembly and low costs. To ensure no slip in the gear frame movement, and thus accurate measurement of the tomographic angle, the coefficient of friction needed to be maximized. An investigation to micrometer-scale surface machining of a texture to produce a high-friction surface to the gear frame and encoder wheel was conducted. If proven a successful method, a patent appli-cation would have been submitted for the purpose of high-friction surfacing for the use of angle measurement. Unfortunately, it was not a viable method due to very high costs and long manufacturing times.  After the end of the defined study, there was still much to be done before the product devel-opment could be applied in production. Additionally, various features were mainly used as an initial design to prove a concept and could be improved upon. Among these is the geo-metric calibration phantom. As described in this thesis, it was quite heavy and unwieldy, but easy to manufacture accurately. Designed as a sandwich structure or similar, the phantom would have a more light-weight design. Still, manufacturing accuracy must not be sacrificed. 
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The interfacing components are attached to the calibration phantom with screws. An im-provement would be a form-fitting design due to screws loosening or polyurethane wearing down with extended use, possibly causing slight misalignment. The wear resistance of EN AW 5083 aluminum was also proven insufficient. Therefore, a coating for better balance between wear resistance and coefficient of friction needs to be researched. Additionally, the outer cover on the underside of the C-arm remained unfit to contain the encoder setup, and it needs to be redesigned.  All components used in the angle measurement and validation measurements were measured with a coordinate measurement machine. This ensured their usability for their respective tasks. The set tolerances were more experimental than based on certain preset requirements in most components, since the accuracy requirement for the angle measurement was un-known for this purpose. The comparison of tomographic images would reveal their possible insufficiency. The relative positions of the reference markers in the geometric calibration phantom was based on knowledge of reference marker positional requirements regarding focal spot calculation accuracy. They were not selected as a part of this study and therefore are not described.   The angular measurement data produced by the rotary encoder needed to be tested: both the accuracy of the measurement itself and the material and geometric properties of the meas-urement setup was validated. For this purpose, a secondary method of angle measurement based on different technology and using different sensor components was designed. A laser triangulation displacement sensor described in 3.2.1 was used. To use a displacement meas-urement for angle measurement, a linear conversion needed to be drawn. For this, the reflec-tor arc with linearly increasing radius from the rotational axis was designed. The displace-ment sensor had a measurement range of 50 mm. The reflector arc had a 30 mm increase in its radius over 60°, or 15 mm difference in the tomographic angle arc of 30°. Following the ideal measurement accuracy given by (20, the displacement measurement accuracy require-ment is   
 𝑑𝑖𝑠𝑝𝑙𝑎𝑐𝑒𝑚𝑒𝑛𝑡 𝑑𝑖𝑓𝑓𝑒𝑟𝑒𝑛𝑐𝑒 𝑜𝑣𝑒𝑟 𝑚𝑒𝑎𝑠𝑢𝑟𝑒𝑚𝑒𝑛𝑡 𝑎𝑟𝑐

𝑛𝑢𝑚𝑏𝑒𝑟 𝑜𝑓 𝑝𝑜𝑠𝑖𝑡𝑖𝑜𝑛 𝑚𝑒𝑎𝑠𝑢𝑟𝑒𝑚𝑒𝑛𝑡𝑠 𝑟𝑒𝑞𝑢𝑖𝑟𝑒𝑑
=

15 𝑚𝑚

4311
= 3.479 𝜇𝑚 

 

(24) 

where the positional measurement count is calculated as in (22. The displacement sensor has a resolution of 0.8 μm [51]. For the component to be used in the linear conversion of dis-placement data to rotational data in the way described in 3.2.1, its geometric accuracy re-quirement must be high. Its given radius tolerance of ±0.15 mm corresponds to   
 0.15 𝑚𝑚

15 𝑚𝑚
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15 𝑚𝑚
= 0.3° 

 
(26) 

which, while greater than the accuracy benchmark of 0.1°, would produce systematic, con-stant difference between the measurement modalities. Inaccuracy in the displacement sensor attachment geometry would affect even less: the reference slots in the reflector arc attach the actual distance measurement to the ±20° angles, enabling linear mapping of measurements 
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in between and beyond these angles. Deviation in the laser sensor orientation around an axis perpendicular to the rotation axis, or its “yaw”, would cause the reference slot edges to be less sharp, but an obvious, abrupt change in the distance reading would still occur. The meas-urement would still change linearly related to the tomographic angle. Deviation in its “pitch” would not cause the laser to be focused on a different distance on the reflector arc, but the laser would be receiving a slightly greater distance. For a deviation of 1°, the distance read-ing 𝑑 would have a systematic difference of   
 

𝑑 =  
𝑑𝑛𝑜𝑚𝑖𝑛𝑎𝑙

cos( 1°)
= 1.00015 ∗ 𝑑𝑛𝑜𝑚𝑖𝑛𝑎𝑙  (27) 

 Deviation in the “roll”, or around an axis perpendicular to the laser output would have no effect on distance measurement. The reference slots’ angular accuracy tolerance was 
°±0°30’0”, which, if the reference slots were at opposite ends of the tolerance, would corre-spond to 1° change in reference slot respective angle. The linear relation would then be  
 𝛼 =  −2.005 ∗ 𝑙 + 49.152 (28)  Comparison to linear relation given by (21 is visualized in Figure 55. Within the distance measurement range of the laser displacement sensor, tomographic angle changes very little.  

 Figure 55. Angular measurement difference between a reflector arc with deviant reference slots and the reflector arc used in this study.  Aside from a marking left by machining fixture visible in Figure 50 (slight spike between the two reference slots), the reflector arc used in the study fulfilled the accuracy require-ments. Even so, the consecutive measurement results in the hysteresis test, shown in Figure 52, show sporadic differences in data acquired with the two measurement modalities. These 
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individual differences deviate significantly from previous or following measurement differ-ences and may not be descriptive of the entire system. The reason for these differences re-mained unknown, for manufacturing inaccuracies in the reflector arc would mostly cause constant difference across all measurements and could be a worthwhile cause for further observation in order to increase measurement accuracy if needed. The measurement ex-ceeded the set limit of 0.1° only at individual points and therefore showed no systemic error or drift. Thus, improvements were not required at this stage of the development. The vast majority of measurement differences are within the allowed limit of ±0.1° and gave an idea of the general measurement accuracy of the angle sensor. During extended testing for drift detection, the most notable differences were in the -30° position. The reason for this is sug-gested to be due to the extension spring of the rotary encoder attachment being off-center from the encoder rotational axis, and thus would provide uneven pull during movement in different directions, but this was not verified.  For the angle measurement design to be applicable in focal spot location calculation, as-sumptions were made in 3.1. These assumptions were not necessary with the reference marker platform due to its practical self-calibration. Therefore, the sources of error related to these assumptions had to be identified and their magnitude had to be measured. The results are derived from geometric calibration data given by the reference marker platform. The platform produces this data from each projection image, which enables comparison of de-formations between individual projection angles. The changing projection angle through the tomographic sequence causes gravity to affect the C-arm in slightly different directions, causing deviation in the focal spot location. It would especially affect measurements in ML orientations. The data gathered displays the combined effect of both deformations, which, in total, was deemed insignificant. Since all focal spot location data is relative to the detector coordinate origin, the deformations in different imaging views could be directly compared. Had the deformations been significantly different in, for example, medio-lateral imaging views where the x-coordinate deformation is the most significant, the device would need separate geometric calibrations for each imaging view.  The utilized rotary encoder measurement validation test design had a source of error with an unknown magnitude: the laser beam’s perpendicularity to the reflector. This could be, for example, due to inaccuracies in manufacture or deformations in worn-out rotational axis bearings. The C-arm construction used in testing, however, was brand new, so the magnitude of this error was assumed marginal. Deviation from perfect perpendicularity will increase the distance reading of the laser rangefinder. The exact reason for the root cause of the slight excess in difference between measurement methods in 4.1.2 remained unknown, Addition-ally, bending of the C-arm due to the weight of the radiation source was not directly meas-ured, and although its effect would have been visible in the patient platform deformation test, its magnitude would still be unknown.   
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6 Conclusion 
Breast cancer is the most commonly diagnosed type of cancer and responsible to most cancer related deaths in women worldwide. Early detection of breast cancer improves its treatability and reduces its mortality. Signs of cancer undetectable by, for example, self-examination include radiographic signs, such as malignant microcalcifications or mass lesions. To detect these abnormalities, highly specialized, high-quality mammographic equipment is needed.  In radiography, a 3D imaging technique called tomography, a 3D model of the imaged tissue is reconstructed using a number of projection images from varying tomographic angles. This 3D model enables radiologists to view the imaged tissue in cross-sections, reducing the ob-structing effect of tissue superimposition. To calculate the reconstruction, accurate knowledge of image acquisition geometry is necessary. Especially important is the position of the radiation source focal point relative to the x-ray detector. The equipment used in this study utilizes world coordinate reference markers and calculates the focal spot location based on the markers’ location in each projection image. Although the method is highly accurate and requires no external geometric calibration, the reference marker component has some diagnostic and manufacturing related drawbacks:  

• The manufacturing method produces significant variation in marker positions 
o the markers’ positions must be measured separately, and their positional data stored on the mammography device 

• the markers must be visible in each projection image but removed from the resulting diagnostic image, effectively reducing diagnostic area 
• having a separate component for tomographic imaging requires preparatory work from radiologists operating the device 
• material and manufacturing costs are high  For these reasons, an alternative method of focal spot location acquisition was needed. The new technology would have its manufacturing and material costs reduced by approx. 1500€, achieved by lower-cost materials, simplified manufacturing methods and requiring no meas-urement of each individual component (although batchwise sampling could still be done). The resulting tomographic reconstruction would need to retain its quality compared to im-ages taken by marker technology.  Mammographic devices produce and capture x-ray beams through imaged tissue to produce a transillumination. Historically, mammographic devices used a combination of a phosphor screen and light-sensitive film to produce the image, but modern equipment utilize a detector component to capture a digital signal based on the x-ray beams traveling through tissue. The image contrast is created by different tissues absorbing varying amounts of x-rays traveling through them. The resolution of the image is limited by the receptor element size, but an amount of blurring is always present. This is caused by unwanted motion, inaccurate geom-etry of the imaging device, signal diffusion and noise. Noise degrades image quality by re-ducing both contrast and image sharpness. To reduce radiation dose to the patient, as well as blurring, scattering within tissue and tissue superimposition, the imaged tissue is placed in compression.  The x-ray beams used in mammography are emitted in an x-ray tube by a high voltage ac-celerating electrodes at a metallic anode. These x-ray beams are directed towards the imaged tissue, and unwanted x-ray energies filtered out. Traveling through tissue, a fraction of x-ray 



62  
photons is scattered and attenuated before reaching the detector. Scattering introduces noise, and attenuation produces contrast. High quality images require optimization of x-ray photon energies and device geometry.  Tomographic projection images are taken by the radiation source pivoting around an axis of rotation shared by the patient support platform. The equipment used in this study takes 15 projection images over a 30° arc. The projection images are used in 3D model reconstruction. This reconstruction requires accurate knowledge of the focal spot location in each projection. Exact mathematical formulae for the reconstruction are trade secrets, but the device used in this study uses a form of simultaneous iterative reconstruction technique. It produces itera-tive corrections to the reconstructed model by comparing measured projection images to calculated projection images of the reconstructed model and measuring their difference.  The new technique of focal spot location acquisition is based on measuring the tomographic angle, i.e., the angle between patient support platform and radiation source arm directly. Besides the angle, dimensions needed for the focal spot location calculation are given by geometric calibration. The angle measurement has a number of options regarding sensory components. The tomographic angle was measured using a magnetic absolute rotary encoder attached to the C-arm. The encoder shaft was rotated by rolling friction between the encoder axle wheel and a gear frame attached to the patient support platform rotation mechanism.  The angle measurement design was tested by producing an alternative angle measurement using a laser triangulation displacement sensor and comparing data produced by both. The geometric and material property sufficiency of the measurement setup was tested by a hys-teresis and drift test. Calculating the focal spot location based on tomographic angle meas-urement relies on the geometry of the device remaining constant during imaging, or defor-mations in the geometry being insignificant. This consideration was not needed using refer-ence markers due to it effectively calibrating the device during each projection. The magni-tude of deformation during tomographic imaging sequence was measured by analyzing ge-ometric calibration data produced by the reference marker technology. Comparison in dif-ferent imaging views and mechanical loads was drawn and compared to an unloaded case. The most significant deformation to the tomographic angle was in the detector x-coordinate direction.  A tomographic angle accuracy benchmark of 0.1° was selected for the testing. The measure-ment setup was found to introduce no drift or hysteresis. Although individual points of data exceeded the benchmark, measurement data produced by the rotary encoder was found to be accurate enough for the reconstruction by image quality comparison. The geometric defor-mations caused by external loading during tomographic image acquisition was also found insignificant. The deformation corresponding the tomographic angle accuracy benchmark was 1.1 mm in the x-coordinate direction. The worst case found, in medio-lateral imaging view, was 1.053 mm of deformation produced by 10 kg load. Finally, a qualitative visual comparison between tomographic images taken by both technologies was drawn. The new technology was found to produce equal image quality compared to reference marker tech-nology.  As a result of the project, tomographic images of equal quality could be taken using the new technology. Production costs of this new technology were reduced by approx. 1500€ com-pared to reference marker platform production. This was achieved by simplified production 
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methods and reduced production steps (including validation measurement for each compo-nent). The components are produced mainly by machining and compared to the carbon fiber support platform structure of the reference marker component, the material costs of the new components are significantly lower. The technology is not yet ready to enter production, and many improvements and further research could be done. This study, however, fulfilled its aim.  
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Appendix A: Patient support deformation, ML-left  
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Appendix B: Patient support deformation, MLO-left 
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Appendix C: Patient support deformation, CC-left 
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Appendix D: Patient support deformation, CC-right 
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Appendix E: Patient support deformation, MLO-right 
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Appendix F: Patient support deformation, ML-right 

 



17  



18  

 


