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Abstract
In the 1970s, it was determined that screening mammography is an efficient tool in fighting the increasing number of women dying from breast
cancer, and many countries have established screening programs since then.
Mammography systems have improved substantially over the years with one
of the major advances being the transition from x-ray film to digital x-ray
detectors. Following this development, the number of women dying from
breast cancer has decreased, but there is still much room for improvement.
One technology that is changing the breast imaging landscape is breast tomosynthesis; tomographic imaging with in-plane resolution similar to that
of mammography, albeit limited height resolution. Breast tomosynthesis is
commonly implemented with flat-panel detectors, but line detectors in a slitscanning geometry can also be used. The latter configuration allows for more
complex detector technologies, such as spectral photon-counting detectors
that enable single-shot spectral imaging. The combination of spectral imaging and tomosynthesis opens up for a range of new applications, but the
slit scanning geometry, which differs substantially from that of flat-panel tomosynthesis systems, and the factors affecting image quality have not been
well understood. This thesis aims at filling this gap. Image quality and
the parameters that influence image quality in spectral photon-counting slitscanning breast tomosynthesis are characterized and analyzed using cascadedsystems modelling and linear image quality metrics. In addition, the thesis
goes into characterizing the x-ray properties of breast tissue, an important
input parameter for accurate material decomposition of in-vivo tissue. Material decomposition with spectral imaging opens up a range of applications,
such as accurate measurement of volumetric breast density and spectral lesion
characterization for decision support as part of mammography screening, and
contrast-enhanced K-edge imaging for diagnostics. Tomosynthesis combined
with material decomposition has the potential to improve these methods further by, for instance, separating lesions or regions of interest from surrounding
fibro-glandular tissue in quantitative 3D maps of breast tissue.

v
Sammanfattning
På 1970-talet fann man att mammmografiscreening är en effektiv metod
för att bekämpa ökningen av antalet kvinnor som dör av bröstcancer, och
sedan dess har screeningprogram etablerats i en rad länder. Den tekniska
utvecklingen av mammografisystem har under åren varit stor, och en av de
största förändringarna var övergången från analoga till digitala röntgendetektorer. Antalet kvinnor som dör av bröstcancer har följaktligen minskat men
det finns fortfarande utrymme för förbättring. En teknik som håller på att
förändra marknadslandskapet för bröstavbildning idag är brösttomosyntes,
d.v.s. tomografisk avbildning med en planupplösning liknande den i mammografi men med begränsad höjdupplösning. Brösttomosyntes görs vanligtvis
med areadetektorer (s.k. flat-panel-detektorer) men det går också att använda
linjedetektorer i en slitskannande geometri. Den senare tekniken tillåter mer
avancerad detektorteknologi såsom fotonräknande detektorer som möjliggör
spektralavbildning i varje exponering. Kombinationen av spektralavbildning
och tomosyntes öppnar för nya tillämpningar men geometrin, som skiljer sig
från den som används tillsammans med areadetektorer, och den bildkvalitet
som tekniken ger upphov till har hittills varit relativt outforskade. Målet med
den här avhandlingen är att fylla den luckan. Bildkvalitet och de parametrar
som påverkar bildkvalitet i spektral fotonräknande och slitskannande brösttomosyntes karaktäriseras och analyseras med hjälp av kaskadmodellering
och linjära bildkvalitetsmått. Avhandlingen undersöker även röntgenkaraktärisering av bröstvävnad som ger viktig information för att kunna göra materialdekomposition på vävnad in vivo. Materialdekomposition med spektral
avbildning möjliggör en rad nya tillämpningar såsom noggrann mätning av
volymetrisk bröstdensitet och karaktärisering av lesioner för beslutsstöd som
en del av mammografiscreening, samt kontrastförstärkt K-kants avbildning
för diagnostik. Tomosyntes kombinerat med spektralavbildning har potentialen att förbättra dessa tekniker ytterligare genom att separera lesioner eller
områden av intresse från omkringliggande fibroglandulär vävnad i kvantitativa 3D-kartor av bröstvävnad.
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Chapter 1

Introduction
This thesis covers the topic of spectral breast tomosynthesis, i.e., the combination of
spectral (energy-resolved) x-ray imaging with tomosynthesis (limited-angle tomography). Both of these technologies are independent improvements over conventional
digital mammography and the over-arching purpose of this thesis was to better understand tomosynthesis and the implications of combining spectral imaging and
tomosynthesis. In particular, the thesis focuses on the slit-scanning tomosynthesis
geometry using multi-bin photon-counting detectors, both from an image quality
perspective and in exploring applications of the technology.
The thesis starts with a series of introductory chapters followed by the articles
included for this thesis. The first introductory chapters are meant to serve as an
introduction for readers not familiar with x-ray imaging, mammography, tomosynthesis and image quality as well as a reference for readers that are, or used to be,
familiar with the topics. Chapters 4 and 5 cover spectral imaging and tomosynthesis, with some focus on parts that are not covered by the papers and preliminary results that have not yet been published. Chapter 4 provides a theoretical
background to spectral imaging, as well as added information on material bases
relating to Paper 4. Chapter 5 compares flat-panel and slit-scanning tomosynthesis
to highlight the differences between the technologies as well as some fundamental properties of tomosynthesis. The last chapter is an outlook into the future of
spectral tomosynthesis.
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Chapter 2

History of breast cancer and
mammography
2.1

Discovery of x rays

Even though effects of x rays had been seen previously, it was Wilhelm Röntgen’s
discovery and investigation in 1895 that brought the world’s attention to x rays and
resulted in Röntgen receiving the first Nobel Prize in Physics. Röntgen discovered
that x rays could pass through objects and in his exploration, he took an x-ray
image of his wife’s hand, discovering that one could see the bones inside the hand,
and so the first medical x-ray image was acquired [11]. The scientific and medical community quickly picked up this new discovery and within five years it was
already considered essential for clinical care, in particular for diagnosing fractures
and presence of foreign bodies [12]. This quick adoption also led to overuse, especially in non-medical applications, and it was not until 1926 that Hermann Joseph
Müller showed the genetic effects and increased cancer risk caused by x rays [13].

2.2

Breast cancer and mammography

In 2012, approximately 1.67 million women were diagnosed with breast cancer
worldwide, 25% of all cancer cases reported, making it the most common type
of cancer in women. 544 000 women were estimated to have died from their breast
cancer, corresponding to 15% of all female cancer deaths worldwide. Europe, in
particular Northern and Western Europe, has a higher prevalence than other regions and accounted for 494 000 cases and 143 000 deaths [14]. On the bright side,
even though breast cancer incidence is increasing, the mortality has been going
down since the late 1980s and early 1990s due to improved detection and diagnosis
through population-based screening, and improvements in treatment [15].
Cancer can often seem like a modern disease, being one of our current greatest
health threats, but cancer has been around and known for millennia. There are
3
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Egyptian medical texts dating back to 2500 BCE describing breast cancer and it
was studied in ancient Greece. This is because the later stages of breast cancer
are visible outwards, initially causing lumps but also nipple discharge, skin changes
and breast deformation [16]. Surgical removal of breast cancer has been performed
throughout history, but lack of hygiene and no anesthesia made surgery dangerous
and painful. The advent of modern breast cancer treatment is often attributed
to William Halsted’s radical mastectomy in 1882, radical referring to the removal
of tissue surrounding the tumor. The hypothesis was that there was remaining
cancer cells in the surrounding tissue and removing these would prevent relapses,
a hypothesis that turned out to be true [17].
Using x-ray imaging to diagnose breast cancer was first studied by Albert Salomon in 1913. He was able to correlate the radiographical appearance with the
anatomy of mastectomy samples, and to differentiate benign and malignant cancer.
X-ray technology kept on developing but it was first in the 1950s that attention
was given to image quality and optimizing the image acquisition for breasts [18]. In
1977-1978, Tabár et al. began the two-county trial; a randomized controlled trial of
mammography screening in Sweden and its impact on long term mortality. Early
on, the results from the trial showed a strong reduction in mortality for women participating in a mammography screening program and the results held for the end of
the trial as well [19]. More studies further supported this claim, leading to a general
consensus in the medical community that mammography is the most efficient tool
for reducing breast cancer mortality in women 50 to 75 years old [15]. There are,
however, mixed opinions regarding the screening of women in the age group 40 to
50 years due to a lower risk of cancer and higher risk of false positives [20, 21].
In addition, there has been some debate whether the vast improvements in diagnosis and treatment combined with over-diagnosis in screening programs actually
make screening programs not cost effective or even harmful [22]. A majority of the
medical community, however, believe that mammography screening programs are
still efficient and that the lives saved outweigh the costs in terms of over-diagnosis
and false-positives, at least in higher income countries where the cost per gained
quality-adjusted life year is acceptable [23–25].

Cancer biology
Today, there are two major theories on how cancer, and in particular breast cancer,
forms and develops. The traditional theory of cancer is that of mutations run amok:
a cancer cell with a mutation that starts to divide faster, outgrowing its surrounding
tissue. With the increased cell division, the likelihood of new mutations increases,
and more aggressive sub-types of the cancer cells can form as well as establishing a
presence of multiple sub-types of cancer cells, introducing tumor heterogeneity [26].
Tumor heterogeneity complicates cancer treatment because not all cancer sub-types
that are present might be susceptible to the same drugs, requiring broad spectrum
treatments for advanced cases.

2.2. BREAST CANCER AND MAMMOGRAPHY
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In addition to this traditional theory of cancer, it is today believed that there are
also cancer cells that act similar to stem cells and have the ability to replicate into
an array of several types of cancer cells, causing heterogeneity [27]. The presence
of these cancer stem cells further complicates treatment because they may not be
sensitive to the same drugs as the bulk of the tumor cells, resulting in a cancer
treatment that effectively removes the primary tumor but allows the cancer stem
cells to remain in the body, causing later and aggressive relapses [28].
Most deaths from breast cancer are not caused by the primary tumor but instead
of metastases appearing in vital organs, causing organ failure. Good understanding
of the development and structure of cancer cells and tumors is therefore important
to efficiently fight them. Prevention is important as well as effective treatment in
the form of drugs and surgery, but early detection helps assure that the cancer can
be fully removed.

Diagnostics
Mammography systems do the bulk of the work in screening programs, even though
ultrasound and magnetic resonance imaging (MRI) are also occasionally used to
screen high-risk patients. The benefit of mammography is the low cost and low
radiation dose (for being an x-ray modality). The main factors that make mammography relatively inexpensive is the speed of the examination (around 5-10 minutes in Sweden [29]) and that it can be carried out by a radiographer. This is
in contrast to ultrasound, which is a low-cost product but requires a radiologist
and takes about 10 to 20 minutes per examination, and to MRI, which requires
expensive products, a contrast agent and about 30 to 45 minutes per examination
[30]. A higher cost can of course be permissible; screening with breast MRI can be
performed on high-risk patients as an adjunct to mammography. Ultrasound can
be used as an adjunct for mammography for women who cannot undergo breast
MRI [31].
When something suspicious has been detected, either in screening or by the
woman herself, it has to be diagnosed and this stage allows for more advanced, and
more expensive, equipment. The first step is commonly to re-acquire or to acquire
specialized mammography images, but it is also common that an ultrasound or MRI
examination is performed if the radiologist believes there is cause for it. In addition
to these, tomosynthesis, contrast-enhanced mammography and automated breast
ultrasound are sometimes used for further diagnosis [32]. If a suspicious lesion is
found, confirmation of the lesion being a cancer is done by biopsy, i.e., part of
the tissue is extracted from the suspected lesion and a pathological analysis of the
sample is performed [32].

6

2.3

CHAPTER 2. HISTORY OF BREAST CANCER AND MAMMOGRAPHY

Mammography and tomosynthesis

Evolution of mammography detector technology
For a long time, mammography systems used the original x-ray detector technology,
the x-ray photographic film, which of course was refined over the years. In the
1980s, mammography started taking its first steps into digital images by using
computed radiography (CR) plates. CR plates consist of a phosphor that is exposed
in a comparable manner to x-ray film, but with the x ray causing electrons in
the phosphor to be excited and trapped in the excited state. After the exposure,
the CR plate is placed in a scanner that digitizes the image via photo-stimulated
luminescence, which frees the trapped electrons and emits light that is recorded by
the scanner [33].
In the 1990s, flat-panel detectors began to appear, at first as indirect detectors.
Indirect x-ray detection uses a scintillator layer, for example cesium iodide, which
converts x rays into visible light, followed by a photo-diode matrix that records the
light from the scintillator. Soon after, direct detection was introduced, whereby the
scintillator-photodiode combination is replaced with a semiconductor layer (typically amorphous selenium) followed by a TFT matrix that directly measures the
electrical charge deposited by the x-ray photons in the semiconductor layer [34].
In general, digital detectors have lower resolution than film, but allows for digital
image processing and improved contrast, which raises the total image quality and
clinical detectability [35].
Common to both direct and indirect flat-panel detectors is that they integrate
the charge from interacting x rays, usually over a full exposure, resulting in a signal
proportional to the integrated energy of the detected spectrum, including electronic noise. An alternative to charge-integrating detectors are photon-counting
detectors, which count each detected x-ray photon with a signal above a certain
electronic threshold and add it to a counter for that pixel. By using multiple
electronic thresholds for each pixel, it is possible to do spectral imaging, i.e., also
resolving the energy distribution of the x-ray photons. Due to the more complex
electronics required for photon-counting detectors, the only commercial photoncounting mammography systems (Philips MicroDose, Philips AB, Kista, Sweden)
uses a scanning geometry with line detectors instead of a flat-panel detector. Most
other modern mammography systems use flat-panel detectors, with direct or indirect detection, and analog mammography systems are still common in some parts
of the world due to their lower cost [36, 37].

Transition to breast tomosynthesis
Tomosynthesis is a technique for 3D imaging where x-ray projections are acquired
from a limited angular range and reconstructed into a volume. This is in contrast
to tomography where images are acquired from the full 360° angular range. To be
called tomosynthesis the angular range should be less than 180° and commercial
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breast tomosynthesis systems use 11° to 50° depending on vendor and protocol. The
benefit of tomosynthesis is that multiple low-dose projections can be used to obtain
3D information at a total x-ray dose similar to that of regular mammography. One
of the main benefits of the 3D information is the reduction of overlapping tissue
that obscures lesions. This problem of overlap is particularly severe in women with
dense breasts, i.e., with a high fraction of fibro-glandular tissue in the breast.
The clinical benefit and effectiveness of breast tomosynthesis has been, and
is still being, debated [38–40]. Nevertheless, the general consensus today is that
tomosynthesis improves detectability in dense breasts and is at least on par with
2D mammography for other breast types [41, 42]. In the case of screening, studies
have shown that in the high-volume programs (like in Europe), recall rates stay
largely unaffected but detection rates go up. In the low-volume programs (like in
the United States), detection rates are instead close to constant but recall rates are
reduced [43, 38, 44–46]. Nevertheless, regardless of patient volumes, the reading
time per patient increases by 2 to 3 times compared to conventional mammography
screening [47].
The increased acceptance for tomosynthesis has also led to increased adoption, initially as a diagnostic work-up tool, but after the United States Food and
Drug Administration (FDA) gave clearance for screening with combined 2D and
tomosynthesis imaging, screening with tomosynthesis has become more common in
the United States. In Europe, tomosynthesis screening is rare and is in general only
conducted as part of clinical studies [32], with the medical community waiting for
stronger clinical evidence.

Chapter 3

Imaging physics
3.1

X-ray generation

X rays are most commonly generated by accelerating electrons against a metal
target in a vacuum. When the electrons come close to the electric field of the
atomic nuclei they are decelerated, and their kinetic energy is released as x-ray
photons, also known as bremsstrahlung. If the energy of an electron is higher
than the energy of one of the electron orbitals, the electron will be knocked out
and when it relaxes it will emit an x-ray photon with the specific energy of that
electron orbital, also known as characteristic x rays.
X rays cover a wide energy range of the electromagnetic spectrum, starting
with soft x rays around 0.1 keV to 12 keV, hard x rays from approximately 12 keV to
124 keV (used for diagnostic x-ray imaging) and high-energy x rays from 124 keV up
to 1.24 MeV. Gamma rays are usually separated from high-energy x rays depending
on how they were generated, x rays being generated by electrons and gamma rays
from atomic nuclei [48].

3.2

X-ray interactions with matter

There are three main ways x-ray photons can interact with matter: photoelectric
absorption, Compton scattering and Rayleigh scattering. There are additional effects, such as pair production, which occurs at energies above 1022 keV, but it is
not relevant for the energy range of x-ray imaging applications. X-ray interactions
are stochastic and follow Beer-Lamberts law. For a specific energy, the incoming
number of photons, Iin , are attenuated exponentially to Iout photons as
Iout “ Iin e´µt ,

(3.1)

where t is thickness of the material that the x rays are passing through and µ is the
linear attenuation coefficient. The linear attenuation depends on the attenuating
material and the energy of the x rays going through the material and it can be
9
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broken up into a sum of the three different interaction effects,
µ “ τ ` σc ` σr ,

(3.2)

where τ describes the probability of photoelectric absorption, σc the probability of
Compton scattering, and σr the probability of Rayleigh scattering [49].
Photoelectric absorption occurs when an x-ray photon deposits all of its energy
into an electron and ejects it from its electron orbital. This effect, however, only
occurs if the energy of the incoming x-ray photon is higher than the electron binding
energy. Because of this threshold, there are steps in the linear attenuation where
there is a sharp increase for energies higher than the energy of each electron orbital,
and theses edges are named after their corresponding electron orbital: K-edge, Ledge, etc.
Compton scattering occurs when an x-ray photon interacts with an electron,
and deposits part of its energy and momentum into the electron, resulting in a
change of direction and the remaining energy and momentum being ejected by a
photon.
Rayleigh scattering, also known as coherent scattering or elastic scattering, occurs when an electron causes an x-ray photon to change direction, but, in contrast
to Compton scattering, the photon retains its energy.

3.3

Photon-counting detectors

Photon-counting detectors count the current impulses generated by x rays interacting in the detector material. The strip-detector used in the mammography and
tomosynthesis systems covered in this thesis uses crystalline silicon as the detector
material, but cadmium telluride (CdT) and cadmium zinc telluride (CZT) are popular options in research systems. CdT and CZT have much higher attenuation than
silicon, meaning that detectors can have thinner absorption layers and high amount
of photoelectric absorption. Silicon has relatively low attenuation, requiring more
material to stop the beam and to achieve a high quantum efficiency. Silicon does,
however, benefit from higher electron- and hole-mobility than CdT and CZT, allowing for faster pulses from the material to the discriminating electronics, reducing
the risk for so-called pile up. In addition, at small pixel sizes, CdT and CZT detectors can suffer from cross-talk between pixels due to fluorescence, reducing both
spatial and energy resolution [50].
Interacting x rays excite electrons in the semi-conductor material to the conduction band, creating a charge cloud in the detector material. By placing a bias
voltage over the detector material, the electron cloud is collected at the surface
electrodes and analyzed in the pulse discriminating electronics. The signal is first
integrated over a short time interval to absorb the full pulse. The integrated charge
is then amplified and shaped before reaching a discriminator that counts pulses
above a set electronic threshold. By using multiple thresholds, information about
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the energy of the x-ray photon can be acquired since the deposited charge is proportional to the energy of the x-ray photon.
There are a number of interesting properties relating to photon-counting detectors and the quality of the image signal. In the amplification and shaping stages
there is a trade-off between the quality and strength of output signal and the speed
of the system. Generally, larger amplification can be applied to a pulse by longer
integration in the charge collection stage. Spending more time on integration, however, increases the risk for pile up (overlapping pulses) at higher count rates [51].
Pile up reduces the measured count rate compared to the true count rate, something that can be corrected for up to a certain point but does put a cap on the
highest measurable count rate.
Pile up does, however, not only affect the highest measurable count rate. A
second effect of pile up is reduced energy resolution because overlapping pulses
can cause a higher peak on the photon pulse that reaches the discriminating logic,
causing a higher energy to be recorded when using multiple thresholds and thus
distorting the spectrum toward higher energies and lower total count rates. One
method of increasing the highest measurable count rate is to use smaller pixels,
since for a constant photon fluence, a smaller pixel will receive less photons than a
larger one. However, smaller pixels also increase the risk for charge sharing; an x-ray
photon releasing a charge cloud that is measured by two or more pixels. In general,
charge sharing will cause higher energy photons to be counted as multiple lower
energy ones, distorting the spectrum toward lower energies. Charge sharing can,
however, be managed by using anti-coincidence logic that detects when neighboring
pixels are activated simultaneously (or close to simultaneously) and controls for
it. State-of-the-art photon counters will use charge reconstruction to control for
charge sharing, adding signals from the pixels activated by the charge sharing logic
to obtain the true pulse height and counting it in the correct energy bin [52]. Other
methods include discarding charge sharing events or counting charge sharing events
in a specific bin for the pixel with the fastest (and probably strongest) signal and
blocking it from being counted in the neighboring pixels [53].

3.4

Image quality metrics

Image quality analysis has developed substantially during the last 70 years. Today,
sophisticated models of the whole imaging chain can be used to assess the effectiveness of imaging systems, from patient and imaging task, through system, image
processing, and interpretation by radiologists [54]. Image quality analysis can even
be taken to the point of replacing or complementing clinical trials [55]. These
methods do, however, require a deep understanding of all the processes involved,
including the disease biology, and accurate system and interpretation models. A
relatively simple but powerful subset of image quality analysis is linear systems
analysis, which has been used for a long time to characterize the image quality of
x-ray imaging systems. Linear systems analysis can be used for system optimiza-
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tion, quality control, and as part of the previously mentioned full imaging-chain
models.
Linear systems analysis is based around the concept that an imaging system
can be described as a linear process that filters and amplifies the incoming image of
x-ray quanta. There are two important parts to this linear process: 1) the filtering
and amplification of a single quanta, i.e., an impulse signal, which determines the
sharpness or resolution of the system as well as signal gain, and 2) the filtering and
amplification of pure quantum noise, the physical lower limit of the noise level.

Point-spread function
The point-spread function (PSF) is the shift-invariant system response to an impulse signal. Digital systems are, however, not shift-invariant due to the pixel grid
and because of this the PSF is normally calculated as the average signal over all
phases of the pixel grid. For an ideal digital detector, the resulting PSF would be
a rectangular function with a width corresponding to the pixel size. The PSF is
usually measured with a sharp edge, thin slit or thin wire phantom placed at a small
angle against the pixel grid. By knowing the shape of the phantom, its position can
be determined with sub-pixel resolution by fitting, for example, a linear function to
the image of the edge, slit or wire. By knowing the sub-pixel position of the object,
it is possible to calculate an oversampled edge-spread function (ESF, for an edge)
or line-spread function (LSF, for a wire or slit), removing the phase information of
each sample. The LSF obtained is a one-dimensional cross section of the PSF. The
ESF is numerically differentiated to obtain the LSF [56].
An alternative to the PSF that is often used in tomosynthesis is the artifactspread function (ASF), also referred to as the slice-sensitivity profile [57]. The
ASF is the measured response for a specific object instead of the impulse signal
that is used for the PSF. Measuring the ASF is often more straightforward than
measuring the PSF. In the case of tomosynthesis the ASF is often used to measure the inter-slice resolution with I0.5 mm or I1 mm metal beads. The ASF is
commonly calculated by finding the maximum value in each slice, which makes it
easier to manage the hourglass-shaped artifacts in tomosynthesis compared to when
calculating an over-sampled PSF [58, 59].

Modulation transfer function
The modulation transfer function (MTF) is the normalized and absolute spatialfrequency-domain response to an impulse signal. For a digital signal, the MTF is
calculated as the normalized digital Fourier transform (DFT) of the PSF,
MTF “

DFTpPSFq
DFTpPSFq|f “0

.

(3.3)

Taking the absolute value of the Fourier transform removes the phase information.
Thus, it is also possible to measure the MTF by taking the absolute value of the

3.4. IMAGE QUALITY METRICS

13

Fourier transform for each phase and then averaging over all these MTF realizations.
The measurement method presented in Paper 1 is, however, based on the former
method extended for tomosynthesis, using a wire and a fitted polynomial to find
the wire position with sub-pixel precision.

Noise-power spectrum
Linear systems analysis of noise is based around the limitation posed by quantum
noise. For pure Poisson-distributed noise, the variance of the signal is proportional
to the number of quanta used to generate that signal. For a linear system, with
signal proportional to the photon count, it is therefore interesting to use the variance
of the image as a figure of merit. The variance analysis can, however, be generalized
to include the dependence on the spatial frequency of the noise in the form of the
noise-power spectrum (NPS). For a noisy digital image A with average signal Ā
and pixel size px ˆ py , the NPS can be calculated as the square of the DFT of the
deviation from the average signal (A ´ Ā),
NPS “ px py DFTpA ´ Āq2 .

(3.4)

To be valid, this calculation assumes stationarity, i.e., that the noise properties
does not change with position in the image. To account for this and the fact
that the resulting NPS may become noisy from a single measurement, the NPS is
normally calculated across multiple smaller regions-of-interest (ROIs) and averaged.
In addition, there can be effects in the image generation that can cause artifacts,
such as cupping in computed tomography (CT) or the heel effect, and it is therefore
common to subtract a low-order polynomial surface from the noise image instead
of only the mean value.
The NPS scales with the pixel values of the image. To compare between systems
and exposures it is therefore also common to calculate the normalized noise-power
spectrum (NNPS),
NPS
,
(3.5)
NNPS “
Ā2
which normalizes the NPS with both exposure and gain (signal scaling). It is in
general recommended to calculate the average NPS or NNPS by averaging the
NNPS, and not the NPS, of multiple ROIs to compensate for possible exposure
variations.

Derived metrics
Because noise is proportional to the incoming number of photons in the case of
an ideal system, it is of interest to look at the equivalent number of photons that
the noise would correspond to for quantum-limited detection. Considering the
spatial-frequency dependent response we can calculate the noise-equivalent number
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of quanta (NEQ):
Ā2 MTF2
MTF2
“
.
(3.6)
NPS
NNPS
Further, by measuring the exposure and the number of impinging photons (q),
we can estimate how far from the ideal detector the system is in the form of the
detective quantum efficiency (DQE):
NEQ “

DQE “

MTF2
Ā2 MTF2
“
.
qNPS
qNNPS

(3.7)

The DQE incorporates the quantum efficiency of the detector material, attenuation
by any materials between the object and detector as well as any noise added in the
electronics or image processing, and measures how efficiently the photons are being
used at each spatial frequency. The DQE does, however, only focus on the detector
and does not consider effects like for example scatter and the contrast of the object.
An extension of the DQE is the dose efficiency (DE), which in addition to comparing
the detector to an ideal detector also includes the contrast (C) relative the contrast
of an ideal system (Cideal ) [60], as
DE “

C2
DQE.
2
Cideal

(3.8)

These metrics describe the response across all frequencies, real world objects, however, consist of a range of frequencies so to understand how well we can observe a
certain object we can calculate the detectability, in its simplest form defined as an
ideal observer
ż
MTF2 pf qW pf q
df,
(3.9)
d“
NNPSpf q
where W pf q is a task function, the spatial-frequency domain representation of the
object that we wish to measure the performance for.

Dosimetry
Dosimetry is important when imaging with ionizing radiation, not only to measure
and understand the radiation dose absorbed by patients, but also to estimate the
impinging number of quanta for image-quality measurements such as in Eq. 3.7.
Most equipment measures the absorbed dose, i.e., the energy absorbed by air, in
units of Gray. To assess image quality, however, we are generally more interested in
the photon fluence because the noise is largely composed of quantum noise, which is
determined by the number of detected photons. Since the absorbed dose depends on
the photon spectrum in addition to the number of photons, the spectrum needs to be
known to convert the absorbed dose into equivalent photon fluence. Unfortunately,
the exact spectrum is seldom known exactly but using models to approximate the
spectrum is generally accepted. There can be variations between different models,
but for mammography the IEC 62220-1-2 method [61] is commonly used, which
utilizes a model by Boone et al. [62, 63].

3.5. CASCADED SYSTEMS MODELLING
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Cascaded systems modelling

As prototyping in medical imaging can be expensive, the medical imaging community has long used models to predict the behavior of imaging systems and to
optimize designs before implementation. Based on assumptions of linearity and
shift-invariance, the system response in terms of MTF and NPS can be modelled
as a series of filter processes, or more generally, a number of linear operations that
represent the physical and digital processes that form the final image. By breaking
the system response into processes, it is possible to find bottlenecks and to optimize
image quality without using more advanced computational methods. Each step can
be broken down into a number of categories: gain (amplification or attenuation),
spatial filtering (such as blurring) or sampling onto a pixel grid. In addition, the
cascade chains can be calculated in parallel and combined, such as when combining multiple projections in tomosynthesis or tomography. The Philips MicroDose
photon-counting detector has been modelled by Xu et al. [64]. In Paper 3 this
model was combined with the work by Tward and Siewerdsen [65] and Zhao and
Zhao [66] to model the Philips MicroDose 3D tomosynthesis system.

Chapter 4

Spectral imaging
4.1

Introduction

Energy-resolved x-ray imaging, also known as spectral imaging, is a technique that
captures multiple x-ray images of the same object using different x-ray spectra for
each image. The information from the different spectra can then be used to obtain
information on the materials that were imaged. There are multiple ways of capturing these different spectra, but they can be broken down into two main categories:
varying the input spectrum to the object or resolving the output spectrum from
the object.
Methods in the first category usually has to perform multiple exposures or use
multiple image chains. The different spectra are commonly generated by changing x-ray filtration, switching the tube voltage, or a combination of the two [67].
Multiple image chains can be achieved with line-scanning systems [68] or with two
x-ray tube-detector setups [69].
The second category of methods generally requires an energy-resolved detector. One example of these are so-called sandwich detectors, consisting of two layers
where low-energy x rays are more likely to be absorbed in the first layer and highenergy x rays are more likely to be absorbed in the second layer [70]. However, this
type of detector and the previously mentioned filtration methods exhibit large overlap between the spectra, which makes the measurements less sensitive to material
differences. The solution to this, which is used clinically in mammography, and is
on the rise in CT imaging and other x-ray modalities, is multi-bin photon-counting
detectors that directly resolves the detected x-ray spectrum in two or more energy
bins. Multi-bin photon-counting detectors can still have some spectrum overlap
between energy bins due to limited energy resolution in the detector but are in
general the most efficient way of separating the spectrum. In addition, for energyresolved detectors, spectral images can be acquired with a single x-ray exposure,
reducing the risk of motion artifacts and allowing for faster image acquisition, and
energy-bin optimization is decoupled from the physical properties of the system.
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Philips MicroDose spectral photon-counting detector

All the research performed by the author has been done on four different Philips
systems: the Philips MicroDose SI (L50) commercial mammography system, the
Sectra/Philips HighRex tomosynthesis prototype, the Philips MicroDose S0 clinical
prototype, and the Philips MicroDose 3D (S90) commercial prototype systems.
These systems have different geometries; the MicroDose SI is a 2D system while
the latter three are tomosynthesis systems. They do, however, all use the same
type of detector: the Philips MicroDose spectral photon-counting detector.
The Philips MicroDose detector is a silicon-strip detector consisting of 21 lines
with each line divided into 6 to 7 different modules as shown in Fig. 4.1. The
spacing between the modules on each line detector is selected so that any point is
always imaged by at least 18 lines when scanned. Each module consists of a single
500 µm thick crystalline silicon wafer with electrode strips placed at 50 µm pitch and
a 150 V bias voltage across the wafer for charge collection. The line detectors are
angled by 8° providing an effective interaction thickness of 3.6 mm. An interacting
x ray in the silicon will create a charge cloud that is collected by the electrodes,
which are connected to an application specific integrated circuit (ASIC), illustrated
in Fig. 4.2. The ASIC contains dedicated electronics that amplify and shape the
charge pulse generated by the x ray. The amplified pulse is then compared to two
different electronic thresholds that increase a corresponding counter if the pulse is
above that threshold. One threshold is set just above the electronic background
noise so that no noise is counted as a photon, removing essentially all electronic
noise from the image; one of the major differences to a flat-panel charge-integrating
detector. The second threshold is set so that the measured spectrum is split into
two roughly equal parts, providing energy resolution in the form of being able to
separate low-energy and high-energy x-ray photons, and allowing quantification of
materials, as detailed in Sec. 4.3.
In addition to the line detectors, all systems use dual collimation, as illustrated
in Fig. 4.2. A pre-collimator is placed above the breast, determining the width
of the x-ray beam that hits the silicon wafer and ensuring that all x rays that go
through the breast are directed at the active detector material. A two-layer postcollimator is placed just above the line detectors and prevent scattered x rays from
hitting the silicon wafer. The two collimator layers in the post-collimator helps
reduce the angular acceptance of the post-collimator, improving scatter rejection.
The post-collimator is, however, large enough to accept all of the primary beam
from the pre-collimator. The dual collimation, combined with tungsten sheets
placed between the line detectors to prevent detector cross scatter, provides scatter
rejection above 99% [71]. The dual collimation improves dose efficiency compared
to a flat-panel detector with an anti-scatter grid since primary x rays are partially
absorbed by an anti-scatter grid and still transmits a substantial fraction of the
scattered radiation, exposing the breast to unnecessary radiation.
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Figure 4.1: Photo of the MicroDose photon-counting detector. Photo courtesy
Philips.

4.3

Material decomposition

Most applications of spectral imaging are based on material decomposition. Material decomposition is the process of using the spectral information of the image
to quantify the constituent materials of the imaged object, introduced by Jacobson
in 1953 [72]. The linear attenuation can be broken down into a number of basis
functions from the different x-ray interaction effects [73]. In the mammography
x-ray range and with no absorption edges in the measured spectrum, the linear
attenuation (µ) for a material can be approximated as
µpEq “ aC fC pEq ` aP E fP E pEq,

(4.1)

where aC and aP E are material dependent constants and fC pEq and fP E pEq are
basis functions representing Compton scattering and the photoelectric effect, respectively. E is the photon energy. This type of model excludes coherent scattering, which is commonly justified due to it being a weak basis function compared to
those of Compton scattering and photoelectric absorption. In addition, coherent
scattering has a complex material and energy dependence [7].
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Figure 4.2: Schematic over the dual collimation and the two-bin photon-counting
logic of the MicroDose detector.

Given that the linear attenuation of any material can be expressed as two basis
functions, which is valid if there are no absorption edges in the measured spectrum,
it is possible to write the linear attenuation of a material as a linear combination
of two other materials,
µpEq “ b1 µ1 pEq ` b2 µ2 pEq,
(4.2)
where b1 and b2 are constants. µ1 and µ2 are the linear attenuation of two other
materials without absorption edges in the measured energy range. In the case
of a photon-counting detector, by measuring the response at two different energy
spectra, i.e., in two bins (I1 and I2 ), we can solve for the thicknesses of these
materials (t1 and t2 ) in the following equations:
ż
I1 “ I0 q0 pEqD1 pEqe´µ1 pEqt1 ´µ2 pEqt2 dE
(4.3)
ż
I2 “ I0 q0 pEqD2 pEqe´µ1 pEqt1 ´µ2 pEqt2 dE,
(4.4)
where I0 is the incoming number of photons with spectrum q0 . D1 and D2 are
the combined detector and bin response for bin 1 and 2, respectively. These equa-
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tions are non-linear, and the bin response functions can vary between individual
detectors. The equation system is therefore normally solved by calibration.
Adding a material with a K-edge in the spectrum of interest we have to add
another basis function to Eq. 4.1:
µpEq “ aC fC pEq ` aP E fP E pEq ` aK HpE ´ EK q,

(4.5)

where aK is a material constant for the K-edge function, here represented as a
Heaviside step function (H) at the K-edge energy (EK ). However, with this third
basis function we can express the linear attenuation of a material as a linear combination of three materials, whereof one is the K-edge material. By measuring at
three different spectra, we can resolve three different materials, given that one (and
only one) material has a K-edge in the measured spectrum. For every material
with a unique absorption edge in the measured spectrum we have to add an additional basis function and energy measurement. For materials without absorption
edges in the measured spectrum we are restricted to the basis functions of Compton
scattering and photoelectric absorption.

4.4

Representation of linear attenuation

A common basis set for representing materials is aluminium (Al) and polymethyl
methacrylate (PMMA) due to their well-suited attenuating properties, being not
too far from the attenuation of human tissue, and the ease of manufacturing high
quality phantoms from the materials. The Al-PMMA basis set is especially useful
from a practical perspective, but when analyzing materials or spectral images it
is, however, often more interesting to look at other basis representations. When
investigating tissues, it is often preferable to look at the decomposition of those
specific tissues. In the case of breast imaging for example, the choice is often fibroglandular and adipose tissue. If we have measured a spectral response
in one base,
“
‰
for example Al-PMMA, with the equivalent material thicknesses tAl tPMMA , we
can convert this to fibro-glandular (g) and adipose (a) tissue as
„  „
„

tg
gAl gPMMA
tAl
“
, where
(4.6)
ta
aAl aPMMA tPMMA
µg “ gAl µAl ` gPMMA µPMMA , and
µa “ aAl µAl ` aPMMA µPMMA .
An example of this conversion and the coefficients between a fibro-glandular and
adipose tissue basis set to an Al and polyethylene basis set can be found in Ref.
[74].
Another interesting basis representation of the linear attenuation is that of density and effective atomic number (Zeff ). This basis set is a non-linear conversion of
the material equivalent coefficients, but it provides an interesting insight into the
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Figure 4.3: Relation between Zeff and the Al-PMMA coefficient ratio (r).
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Figure 4.4: Density scaling factor (gpZeff q) as a function of effective atomic number

constituent elements as well as the density. Zeff is a bijective function of the ratio
formed by attenuation coefficients, e.g., r “ aAl {aPMMA in the case of an Al-PMMA
base and the adipose coefficients from Eq. 4.6. The conversion from r to Zeff is
shown in Fig. 4.3 for this case. The density on the other hand is a function of both
ratio and distance from the origin and can be calculated as ρ “ gpZeff q||a||, where
gpZeff q is shown in Fig. 4.4 and ||a|| is the Euclidean norm of the coefficient vector.
Figure 4.5 and 4.6 show Zeff and material density, respectively, plotted as functions of equivalent Al and PMMA thicknesses. We see that for most body tissues,
which have densities in the range 0.9-1.1 g/cm3 , the primary variation in spectral
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Figure 4.5: Zeff as a function of Al-PMMA coefficients with adipose and fibroglandular tissue indicated.

response is in the Al coefficient, but in the density-Zeff basis there is a similar variation for both density and Zeff of about 20%. Both diagrams have the attenuation
coefficients for adipose and fibro-glandular tissue calculated from Johns and Yaffe
[75] indicated to further show the range of breast tissue. Zeff for adipose tissue is
around 6.0, the same as carbon, meaning that the higher atomic number of oxygen
and the lower atomic number of hydrogen in the fat molecules essentially cancel out.
Fibro-glandular tissue has a Zeff around 7.4, due to the higher oxygen content, especially from water and amino acids, and the presence of nitrogen and small amounts
of elements with atomic numbers above 8 [76]. The lower Zeff of adipose tissue is,
however, compensated for by a lower density, resulting in a PMMA response that
is close to the same as that of fibro-glandular tissue.

4.5

Applications

One of the primary uses of spectral imaging, particularly for mammography, is to
improve contrast-enhanced imaging whereby iodine is injected intravenously, and
several images are acquired to detect areas of the breast with higher metabolism,
a common indicator for cancer. Iodine has been used for non-spectral contrastenhanced imaging for a long time due to its high atomic number and low toxicity1 ,
the latter enabling radiologists to inject relatively large amounts for improved contrast [77]. However, by using spectral imaging, iodine contrast can be improved
further, and the method also introduces the possibility of quantifying the iodine
concentration [78].
1 Iodine itself has low toxicity, but some people are allergic to other compounds in iodine
contrast dye.

24

CHAPTER 4. SPECTRAL IMAGING

Figure 4.6: Density as a function of Al-PMMA coefficients with adipose and fibroglandular tissue indicated.

Another application for breast imaging is measuring volumetric breast density
(VBD). VBD is the ratio of fibro-glandular in the breast, normally excluding the
skin. This is an extension of the American College of Radiology BIRADS breast
density score, a four-grade scale used by radiologists to classify the amount of
fibro-glandular tissue in the breast by visual inspection. BIRADS breast density
correlates with a higher risk of developing cancer and the risk of not detecting
cancer in mammography screening [74]. However, there is substantial inter-reader
variability in the BIRADS breast density score, which is why the imaging community is looking to automated BIRADS-scoring methods. These methods still
depend strongly on external factors such as compression and view, which is why
VBD is also being investigated. There are multiple methods of measuring the VBD
of a breast, including non-spectral methods that use a single polychromatic image
and combines it with compression height, breast models or a reference pixel value
[74]. Non-spectral methods that are commercially available today include VolparaDensity (Volpara Solutions, Wellington, New Zeeland) and Quantra (Hologic Inc.,
Marlborough, MA, USA).
A more accurate way to measure VBD, which requires less prior information,
is spectral imaging and material decomposition. Using two spectra and correcting
for the skin, it is possible to decompose the fibro-glandular and adipose tissue
into two separate quantitative images. Using these two images and integrating
all the material inside the breast one obtains the total fibro-glandular volume and
total adipose volume from which the VBD can be determined. This method is
used in the breast density product produced by Philips (Philips Mammography
Solutions, Kista, Sweden) using the MicroDose photon-counting detector to perform
the spectral measurement.

Chapter 5

Tomosynthesis
5.1

Introduction

This chapter discusses select aspects of tomosynthesis not directly covered in the
papers. A more detailed exposition on the principles of the MicroDose photoncounting slit-scanning tomosynthesis systems are available in Paper 1, and for the
latest version of the system, the MicroDose 3D (shown in Fig, 5.1), in Papers II
and III. There are further aspects of flat-panel tomosynthesis and tomosynthesis
reconstruction not covered here and in the papers, but are well reported in the
two-part 2013 review by Sechopoulos [79, 80].

5.2

Flat-panel and slit-scanning tomosynthesis

Figure 5.1 shows an example of a tomosynthesis system, the Philips MicroDose 3D.
There are two primary tomosynthesis techniques used today: flat-panel tomosynthesis and slit-scanning tomosynthesis. The fundamental difference between the
two techniques is the choice of the detector, a flat-panel detector or multiple line
detectors. The choice of detector directly impacts the geometry used to obtain
the 3D information and thus also the 3D image properties. There are of course
additional design considerations to tomosynthesis systems that will affect image
quality. For flat-panel systems, some of these include the possibility to tilt the
flat-panel detector, performing exposures with a continuously moving x-ray tube or
a so-called step-and-shoot approach, and varying the tomographic angle and number of projections of the acquisition protocol [79, 80]. Slit-scanning systems can
perform different types of scans to change the tomographic angle and image field
[2].
Both flat-panel and slit-scanning tomosynthesis are based on, and has many
similarities with, the 2D mammography systems that use the corresponding detectors. Figure 5.2 shows examples of the geometries of a flat-panel and a slit-scanning
detector in their 2D geometries, both with the same source-to-detector distance.
25
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Figure 5.1: Rendering of the MicroDose 3D spectral photon-counting tomosynthesis
system.

The flat-panel mammography system exposes the whole breast at one instant and
the image field is determined by a collimator at the source. The slit-scanning mammography system collimates the beam into a number of lines and only irradiates
part of the breast at a time. The length of the scan motion around the focal spot
determines the size of the image field.
If the detectors from Fig. 5.2 instead are used for tomosynthesis, keeping the
source-to-detector distance identical and arranging both to have a 15° tomographic
angle (γ) on the patient support at the center of the scan, we would obtain the
geometries shown in Fig. 5.3.

Scatter
In flat-panel systems, a substantial portion of the detected x rays will be scattered
radiation from interactions in materials in the x-ray beam path, like the compression
paddle and in particular the breast. In other words, instead of just measuring the
attenuation of the object between the source and the detector pixel, each pixel will

5.2. FLAT-PANEL AND SLIT-SCANNING TOMOSYNTHESIS

27

Figure 5.2: 2D flat-panel and slit-scanning geometries, the bases for the corresponding tomosynthesis geometries.

have an additional contribution from scattered photons from the rest of the breast.
This added signal results in two effects: 1) a low-frequency signal offset across the
field that depends on the imaged object and 2) increased noise. The first effect can
today be accounted for by the use of scatter correction algorithms [81, 82], which is
required to perform quantitative measurements from the image signal. The second
effect of increased noise can, however, not be compensated for by algorithms since
it is a stochastic process and will thus reduce the dose efficiency of the system [83].
Slit scanning, and in particular slit scanning with both pre- and post-object
collimation, can effectively remove close to all scattered radiation [71], allowing for
accurate quantitative imaging, and a lower dose at the same image quality as a
corresponding flat-panel system. The challenge of collimated systems is the high xray tube output required to achieve the same dose as an equivalent flat-panel system
since the pre-collimation stops a large amount of the radiation. For the MicroDose
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Figure 5.3: Geometries of flat-panel and a slit-scanning tomosynthesis systems.
Both geometries are illustrated with a 15° tomographic angle (γ).

5.3. INTER-SLICE BLUR
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tomosynthesis systems, the pre-collimator slit width also determines the resolution
in the scan direction, meaning that there is a trade-off between resolution, dose
rate, and tube stress.

Shift-variant detector response
Slit-scanning geometries allow for the detector to move in sync with the x-ray tube,
meaning that the x rays will hit the detector from the same direction, regardless of
position of the scan. In flat-panel tomosynthesis it is hard to move the full detector
in sync with the scan of the x-ray tube, resulting in most flat-panel tomosynthesis
systems exposing the detector at a range of angles. Exposing detectors at nonperpendicular angles can, however, result in blurred signal response in the detector
since oblique x rays may spread the deposited charge across multiple pixels [84, 85].

Tomographic angle variation
Even though most tomographic systems are specified as having a certain tomographic angle, all tomosynthesis systems exhibit a natural variation of this angle
in the image volume. When comparing flat-panel tomosynthesis and slit-scanning
tomosynthesis there is a substantial difference in this dependence. Figure 5.4 and
5.5 show the variation of the tomographic angle as a function of x and z position
(coordinate system shown in Fig. 5.3) for a simple model of each technique, both
with 15° tomographic angle on the patient support and a 240 mm wide image field
(the geometries shown in Fig. 5.3). For flat-panel tomosynthesis, the image field is
limited by the detector size, while for the slit-scanning system the image field is determined by the detector scan length combined with a requirement that the image
field will have 30% or more of the x-ray dose in the central field. For the flat-panel
system, the tomographic angle increases with height and sharply vanishes at the
edges of the image field where the x-ray field ends. In contrast, for the slit-scanning
system the tomographic angle decreases with height. Due to the requirement that
the image field consists of all points with more than 30% of the x-ray dose in the
central field, the detector will stop with 30% of the detector lines outside of the
image field, meaning that at the edge of the field, only a limited number of detector
lines will contribute to the tomographic angle and thereby reducing it, but not as
sharply as for the flat-panel system.

5.3

Inter-slice blur

One of the difficulties in tomosynthesis is the highly anisotropic image quality
caused by the limited tomographic angle, in particular for the inter-slice resolution.
The limited number of projections and small angle gives rise to an hourglass-shaped
PSF with distinct spokes for each projection (Fig. 5.6). Compared to simple back
projection (SBP), filtered back projection (FBP) and algebraic reconstruction technique (ART) reconstruction help reduce the relative strength of the spokes com-
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Figure 5.4: The variation of the tomographic angle in a 15° flat-panel tomosynthesis
system with a 240 mm wide detector.
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Figure 5.5: The variation of the tomographic angle in a 15° slit-scanning tomosynthesis system with a 240 mm wide image field.

pared to the peak of the PSF, but even with these methods there is still information
spreading through the volume. The spread of information, i.e., inter-slice blur, can
be reduced by increasing the tomographic angle but will continue to exist until the
angle reaches 180°Ṫhis spread is a challenge for 3D local quantitative measurements
in tomosynthesis. For example, if trying to determine the concentration of iodine
absorbed in a tumor in contrast-enhanced tomosynthesis, the signal from the iodine
will spread across multiple slices, reducing the signal strength in the tumor and thus
also the apparent iodine concentration in the tumor. It is, however, possible that
these problems can be better managed with improved reconstruction methods or
algorithms that compensate for the PSF when calculating concentrations [80].
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Figure 5.6: Comparison of the PSF in the xz-plane for three reconstruction methods: SBP, FBP and ART.

Chapter 6

Discussion and outlook
6.1

Photon-counting detectors and spectral imaging

Clinical implementations of photon-counting detectors are still rare and are most often at a research stage. The Philips MicroDose mammography systems use photoncounting line detectors and there are multiple groups working on photon-counting
CT detectors [86–91]. The bulk of x-ray imaging with digital systems, such as thorax, general purpose radiography and most mammography screening, is, however,
done with flat-panel detectors. In addition, cone-beam CT, which utilizes flat-panel
detectors, has grown in popularity and is used and being researched for a range of
applications [92]. There are 2D photon-counting detectors available, such as those
by the Medipix consortium [52] or X-Counter (Stockholm, Sweden) but photoncounting area detectors are not yet at the point that they can satisfy the demands
of general medical imaging applications. Photon-counting detectors could help enable lower x-ray dose or higher image quality as well as allowing for non-enhanced
spectral imaging as part of any x-ray imaging procedure, reducing noise, improving
contrast, and allowing for quantification of tissues [53]. For example, with spectral
detectors, bone density could be measured as part of regular imaging of fractures,
helping assess the risk for future fractures [93].
An important part of quantitative x-ray imaging is knowing the x-ray attenuation properties of the materials being imaged, especially biological tissue if the
goal is to quantify thicknesses of the tissues or to compensate for the tissues when
quantifying a contrast agent or other materials. Work has and is being done to better characterize the tissues present in breast imaging such as fibro-glandular tissue,
adipose tissue, cyst fluid, solid lesions [94] and skin [4], but more work is needed,
especially in understanding the natural variation in tissue x-ray properties and the
reasons for these variations.
The first spectral application that was commercialized for the MicroDose system
was automatic measurement of the volumetric breast density as well as an algorithm
for calculating a recommendation for the BIRADS breast density score, based on
33
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area density from thresholded maps of VBD. There are two risk factors associated with BIRADS-score: risk of developing cancer and risk of missing cancers in
screening mammography [74]. It is reasonable to assume that the risk of developing
cancer is associated with the amount of fibro-glandular tissue in the breast (since
cancer does not develop from fatty tissue) and thus total fibro-glandular volume or
VBD are reasonable indicators of risk. For the risk of missing cancers in mammography, however, one of the main contributing reasons is masking by overlapping
fibro-glandular tissue. The amount of overlapping tissue is likely better measured
by fibro-glandular area density, which is what is indirectly assessed in the BIRADS
breast density score. One conceivable option would be to locally measure the VBD
to find areas with elevated risk of obscuring lesions. Using spectral tomosynthesis
this method could be taken to an additional level by estimating the risk of obscured
lesions in tomosynthesis, a modality that is otherwise meant to minimize masking
of lesions by overlapping fibro-glandular tissue.

6.2

Spectral tomosynthesis

Spectral tomosynthesis opens up a range of new applications, many of those expanding on the applications enabled by spectral imaging in mammography: spectral breast density measurement, unenhanced lesion characterization and contrastenhanced K-edge imaging in tomosynthesis. Single-shot spectral imaging is a powerful tool since it allows spectral images to be acquired as part of regular screening
programs, in contrast to the dual-energy imaging performed with flat-panel detectors that requires double exposure, and if performed in tomosynthesis, double scans.
Spectral imaging is one of the most accurate ways of measuring breast density in
screening images. Breast density is, however, only a single metric representing the
whole breast and with single-shot spectral imaging it is also possible to locally measure the breast density, allowing for more sophisticated risk estimates that consider
breast density, structure and location.
Lesion characterization aims at differentiating solid lesions from cysts to assist
radiologist and to reduce call-back rates. The technique measures the attenuation
of a suspected lesion by comparing it to the surrounding tissue. Lesion characterization has shown promising results in regular mammography [95] and adding 3D
information could potentially better isolate the lesion from surrounding tissue and
thus improve the attenuation measurement of the lesion [10].
Contrast-enhanced mammography and tomosynthesis are cost effective tools
for diagnosing cancer. Contrast-enhanced imaging can, however, be greatly improved by using spectral imaging, allowing improved contrast enhancement and
quantification of iodine concentration by using the iodine K-edge [78]. Spectral
contrast-enhanced tomosynthesis has the potential to be on par with the specificity of MRI [96], which is often considered the gold standard in imaging, allowing
quantification via spectral imaging but with the added 3D information of tomosynthesis. There are, however, several challenges to overcome in quantifying contrast
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agents in tomosynthesis, particularly related to the inter-slice spread caused by the
small angle. Hopefully, this will be resolved by developments in reconstruction that
better account for the limited tomographic angle [80].

Chapter 7

Summary of papers
7.1

Paper 1: Characterization of photon-counting multi-slit
breast tomosynthesis

The first paper describes a slit-scanning spectral photon-counting tomosynthesis
prototype. It introduces the concept of slit-scanning tomosynthesis, explaining
the geometry, as well as methods for measuring image quality in reconstructed
images. The MTF was measured in both total photon-count images, used for
standard clinical imaging, and high-energy bin photon-count images, used with the
total photon-count images for spectral imaging, using three different reconstruction
methods. No substantial difference was found between the two total and highenergy bin images, but the MTF varied greatly depending on the reconstruction
method. The zero-frequency DQE was measured to 0.72.

7.2

Paper 2: Technical Note: Comparison of first- and
second-generation photon-counting slit-scanning
tomosynthesis systems

The second paper compares two generations of slit-scanning tomosynthesis systems in terms of geometry and image quality. The second-generation system has
a different scanning motion and pre-collimator specifications, which result in an
increased maximum breast thickness acceptance. Using the image quality measurement framework of Paper 1 the image quality of the second-generation system is
found to be on par or better than the first-generation system. The improvements
are attributed to improved calibration routines.
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Paper 3: Cascaded systems analysis of shift-variant
image quality in digital breast tomosynthesis

The third paper explores the shift-variance of image quality in slit-scanning tomosynthesis. A position-dependent cascaded systems model is presented that models the image quality of tomosynthesis and simple back projection. The model is
verified by measurements on a photon-counting slit-scanning tomosynthesis system
and then used to further explore the extent of shift-variance in the image quality of the system. The conical reconstruction grid of the system seems to reduce
the shift-variance in the scan direction, but in the slit direction, the image quality
has a positional dependence similar to that of normal mammography, dominated
by source blurring and geometric magnification. We conclude that image quality
can be measured and averaged over large areas in the scan direction, but the image
quality in the chest-mammilla and height directions should be measured using small
measurement volumes.

7.4

Paper 4: In-vivo measurement of the effective atomic
number of breast skin using spectral mammography

The fourth paper uses clinical spectral mammography images from a screening
population to measure the effective atomic number of breast skin and compares it to
the only available scientifically documented source on breast skin x-ray attenuation
(Hammerstein et al 1979). The effective atomic number is only one of the two
components that form the attenuation, but our method allows us to use a much
larger population than that used by Hammerstein. By segmenting out the skin
edge of the mammogram, the effective atomic number of skin was measured, and
the dependence of various clinical parameters was investigated. A difference in
effective atomic number was found between normal breast skin and the skin of the
nipple and areola, 7.36 and 7.44 respectively. The normal skin effective atomic
number agrees with that calculated from the Hammerstein measurement. A minor
increase in effective atomic number (0.01) was found for women older than 50 years
compared to the group aged 40-50 years. In addition, a small meta study of skin
thickness was performed, allowing us to conclude that breast skin is best modelled
as 1.56 ˘ 0.28 mm thick with the chemical composition measured by Hammerstein
et al.

7.5

Author contribution

For papers 1, 2 and 3, Björn Cederström, Mats Lundqvist and Erik Fredenberg
acted as advisors for the work. The measurement method used in the three first
papers was first developed by Erik Fredenberg but then further developed and
validated by the author. For paper 4, Mikael Eriksson, Per Hall and Matthew
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