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Abstract

Mammography as a widespread, common screening procedure is nowadays a valuable
clinical tool for the early detection of breast cancer. Improvements of the sensitiv-
ity, specificity and also the mortality rate have been observed since the introduction
of the corresponding screening programs. Nevertheless, attenuation-based mammog-
raphy suffers from inherently low contrast of soft tissue, which results in failure to
detect microcalcifications or cancerous lesions distinctly, leading to high recall rates.
To overcome the superposition of diagnostically relevant anatomical tissue structures,
another limitation of projection-based mammography, the community focused on the
clinical implementation of three-dimensional attenuation-based breast computed to-
mography (BCT) in the past years. One technology that strongly evolved over the
last decades in the field of preclinical research is grating-based phase-contrast imag-
ing with a Talbot-Lau interferometer. It has been demonstrated that this promising
approach can provide improved diagnostic image content due to increased lesion de-
tection using the phase information or through the classification of microcalcifications
using the dark-field signal. By combining this technology with energy-resolving single-
photon-counting detectors, spectral differential phase contrast (SDPC) X-ray imaging
can be performed which further exploits the advantages of grating interferometry. Like
attenuation-based spectral X-ray imaging, SDPC provides material-selective and quan-
titative images, but with a decreased background noise level.
One major component of this work is the first experimental investigation of grating-
based phase-contrast BCT to simultaneously benefit from their respective strengths.
Due to the radiation sensitivity of the female breast, this was first conducted at the
Munich Compact Light Source (MuCLS), a quasi-monochromatic laboratory-size in-
verse Compton X-ray source. In this study, a dose-compatible attenuation-based and
grating-based phase-contrast BCT for breast phantoms of different sizes as well as for
a freshly dissected fibroadenoma was achieved. In a second step, a simulation study for
SDPC X-ray mammography and BCT was performed: First quasi-monochromatic us-
ing a dual-energy approach, followed by a polychromatic X-ray source with a detector-
based spectral separation. The simulations showed contrast enhancement and noise
reduction in a dose-compatible range, especially for the polychromatic mammography.
This offers the possibility to lower the mean glandular dose (MGD) or reduce the
amount of contrast agent injected without compromising image quality.





Zusammenfassung

Die Mammographie als weit verbreitetes, gängiges Screening-Verfahren ist heute ein
wertvolles klinisches Instrument zur Früherkennung von Brustkrebs. Seit der Ein-
führung der entsprechenden Screening-Programme sind Verbesserungen der Sensiti-
vität, Spezifität und auch der Sterblichkeitsrate zu beobachten. Dennoch leidet die ab-
sorptionsbasierte Mammographie unter dem inhärent geringen Kontrast des Weichge-
webes, was dazu führt, dass Mikroverkalkungen oder kanzeröse Läsionen nicht eindeutig
erkannt werden können und es somit hohe Rückrufraten gibt. Um die Überlagerung dia-
gnostisch relevanter anatomischer Gewebestrukturen, eine weitere Einschränkung der
Mammographie, zu überwinden, konzentrierte sich die Fachwelt in den letzten Jahren
auf der klinischen Umsetzung der dreidimensionalen absorptionsbasierten Brust Com-
putertomographie (BCT). Eine Technologie, die sich in den letzten Jahrzehnten auf
dem Gebiet der präklinischen Forschung stark weiterentwickelt hat, ist die gitterba-
sierte Phasenkontrast-Bildgebung mit einem Talbot-Lau Interferometer. Es hat sich
gezeigt, dass dieser vielversprechende Ansatz einen verbesserten diagnostischen Bild-
gehalt durch eine verstärkte Erkennung von Läsionen anhand der Phaseninformation
oder durch die Klassifizierung von Mikroverkalkungen anhand des Dunkelfeldsignals
liefern kann. Durch die Kombination dieser Technologie mit energieauflösenden, pho-
tonenzählenden Detektoren kann die spektrale differentielle Phasenkontrast (SDPC)
Röntgenbildgebung durchgeführt werden, wodurch die Vorteile der Gitterinterferome-
trie noch stärker genutzt werden können. Wie die spektrale Röntgenbildgebung auf
Absorptionsbasis liefert SDPC materialselektive und quantitative Bilder, jedoch mit
einem geringeren Hintergrundrauschen.
Ein Hauptbestandteil dieser Arbeit ist die erste experimentelle Untersuchung des git-
terbasierten Phasenkontrast-BCT, um gleichzeitig von ihren jeweiligen Stärken zu pro-
fitieren. Aufgrund der Strahlungsempfindlichkeit der Brust wurde dies zunächst an der
Munich Compact Light Source (MuCLS) durchgeführt, einer quasi-monochromatischen
inversen Compton Röntgenquelle. In dieser Studie wurde ein dosisverträglich absorp-
tions- und gitterbasiertes Phasenkontrast-BCT für Brustphantome unterschiedlicher
Größe sowie für ein frisches Fibroadenom erzielt. In einem zweiten Schritt wurde
eine Simulationsstudie für SDPC-Röntgenmammographie und BCT zunächst quasi-
monochromatisch mit einem Zwei-Energien-Ansatz durchgeführt, anschließend für eine
polychromatische Röntgenquelle mit einer detektorbasierten spektralen Trennung. Die
Simulationen zeigen eine Kontrastverbesserung und Rauschreduzierung in einem do-
sisverträglichen Bereich, insbesondere für die polychromatische Mammographie. Dies
bietet die Möglichkeit, die mittlere Drüsendosis (MGD) zu senken oder die Menge eines
injizierten Kontrastmittels zu reduzieren, ohne die Bildqualität zu beeinträchtigen.
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Introduction to Breast Imaging 1
The first chapter is an introductory part that serves to motivate the background of the
work carried out in this thesis. In this context, the current state of the art for imaging
the female breast in a clinical environment is initially explained, followed by the current
state of research. Furthermore, an outline of the contents of the following chapters is
provided. Please note that parts of this chapter have recently been summarized in the
review article on recent advances in X-ray breast imaging by Heck and Herzen [Heck,
2020].

1.1 Clinical State of the Art

Breast cancer is the most common type of cancer worldwide and the leading cause
of death in women under 60 [WHO, 2020b]. It is estimated that approximately 15 %
of all cancer deaths in women in 2018 were due to breast cancer [WHO, 2020a]. For
this reason, early detection of this disease is nowadays inevitable. Mammography,
ultrasound (US) and magnetic resonance imaging (MRI) are the standard imaging
modalities used for this purpose in clinical practice to date. Among them, the former
is established as a screening program. Although the introduction of these programs
successfully demonstrate a reduced mortality rate (38-58 %) in the USA and in Eu-
rope [Taylor, 2004; Paap, 2011; Paci, 2014; Paap, 2014; Sankatsing, 2017; Hendrick,
2019], measures such as the sensitivity between 69 % and 94 %, the specificity between
78 % and 95 % [Stout, 2014], and the positive predictive value between 7 % and 13 %
[Venkatesan, 2009] remain unsatisfactory. In case of females with dense breast tissue,
the sensitivity even drops to 30-48 % [Mandelson, 2000; Destounis, 2017]. Detection of
suspicious findings or palpable masses such as cancerous lesions or cysts is sometimes
not possible in two-dimensional radiography due to intrinsically low soft tissue contrast.
Therefore, overlapping breast tissue structures with diagnostically relevant abnormali-
ties and thus obtaining clinically useful images remains a challenge in mammography.
These points emphasize the need to further improve the diagnostic content in female
breast imaging. Without the use of radiation, US and MRI are two imaging modalities
that provide an alternative to mammography and thus also support early breast cancer
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1 Introduction to Breast Imaging

detection. In most cases, US is used as supporting tool in addition to mammography
to ensure a more reliable image evaluation and to obtain a final diagnosis. There are
two groups that mainly benefit from US imaging: First, women with dense breast tis-
sue and second, young women [Clevert, 2007]. Another possibility is the combination
of US with MRI. While this combination leads to a higher sensitivity it also leads
to an increased number of false positive diagnoses. The resulting overdiagnosis can
affect more than 20% of the detected breast cancers [Berg, 2008]. For MRI alone, the
sensitivity is very promising at 90 %. However, specificity needs improvement due to
its wide range between 37 % and 97 % [Kuhl, 1999; Orel, 1999]. For several reasons,
MRI is not appropriate as a breast cancer screening program: MRI suffers from a low
resolution of the images, the need for an imaging expert and is neither very cost- nor
time-efficient. In addition, the specificity of MRI can only be improved by the injection
of a contrast agent and is therefore is not suitable for people with contraindications
such as contrast agent side effects. Furthermore, MRI can not be used by women with
claustrophobia or pacemakers. One second-level examination that is clinically used is
contrast-enhanced spectral mammography (CESM) and relies on dual-energy K-edge
subtraction imaging. Iodine-containing contrast agent is injected, which accumulates
in the newly formed blood vessels that result from the neo-angiogenesis of a tumor
[Carmeliet, 2000]. In case of uncertain mammography results, CESM is used as check-
up as it overcomes limitations of conventional mammography since it reveals lesions
that are previously not detected. Nevertheless, CESM is – like MRI – not an ideal imag-
ing method because of the toxicity of the contrast agent [Lusic, 2013] and additionally
due to applied MGD that is higher compared to standard mammography (3.0 mGy vs.
2.1 mGy) [James, 2017]. The demand for extending two-dimensional mammography
to three dimensions is met by digital breast tomosynthesis (DBT). This technique re-
trieves a depth resolution with a confined extend by combining multiple projections of
the compressed breast across a limited angular range. Consequently, the detrimental
effect of superposition of breast tissue in mammography can be mitigated. Although
there are several advantages when comparing DBT to standard mammography, there is
still interest in developing BCT as it would provide an unrestricted view of the female
breast. In the 1970s, Chang et al. performed first studies about attenuation-based
BCT [Chang, 1977; Chang, 1978; Chang, 1980]. Over the past decades, several groups
have resumed research on BCT and have greatly advanced the development of this
technique towards clinical application [Kalender, 2012; Kalender, 2017; ABCT, 2020;
Boone, 2001; Boone, 2006; Lindfors, 2008; Prionas, 2010; Koning, 2019; Kuzmiak,
2016]. Some of these studies show that an average MGD for BCT comparable to that
of two-view mammography can be achieved. Due to the radiation sensitivity of the
glandular cells within the female breast and the rule that the dose should be as low
as reasonably achievable (ALARA principle), this is a very important and successful
progress for BCT. The foundation of two companies – AB-CT - Advanced Breast-
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1.2 Current State of Research

CT GmbH (Erlangen, Germany) and Koning Corporation (Norcross, Georgia, USA)
[ABCT, 2020; Koning, 2019] – working to bring BCT into clinical practice underscores
the clinical relevance of BCT. Both companies have developed commercial imaging
devices that are now installed in several hospitals. Results of the first clinical in vivo
images from the nu:view system from AB-CT were recently published with and without
the usage of contrast media [Berger, 2019b; Berger, 2019a; Shim, 2020; Berger, 2022].
These results highlight the clinical capability of a dedicated BCT system especially
due to its low radiation dose (between 4.4 and 5.7 mGy) and the additionally improved
patient comfort, as no breast compression is required [Berger, 2019b]. However, just as
with mammography, the image quality or more precisely the weak soft tissue contrast
still needs improvement, which is again the reason for the injection of iodine-containing
contrast medium [Berger, 2022]. A brief overview of all dedicated BCT systems is given
by Sarno et al [Sarno, 2015]. In summary, these results and efforts underline the great
potential for this promising imaging alternative for women whose mammography is not
very meaningful due to the dense tissue structures and who do not want undergo MRI.
Although recent developments and the techniques described above have improved early
detection of breast cancer leading to a reduction in mortality, attenuation-based breast
imaging still suffers from the inherently low soft tissue contrast. This makes tissue
discrimination and in consequence diagnosis difficult. Therefore, the need for more
reliable imaging techniques remains very high.

1.2 Current State of Research

The current state of research in X-ray-based breast imaging can mainly be split into two
parts: It addresses novel imaging approaches that have evolved in recent decades such
as phase-contrast and spectral imaging taking technical advances like energy-resolving
single-photon-counting detectors into account.
Using the additional refraction and scattering properties of X-ray photons is one possi-
bility to overcome the limitation of the intrinsically low soft tissue contrast which can
until now only be enhanced by the use of contrast agent. These properties are thus of
great relevance and interest for mammography and BCT. Phase-sensitive techniques
such as propagation- [Gureyev, 2009; Wu, 2014; Krenkel, 2016] and grating-based
phase-contrast [Pfeiffer, 2006; Weitkamp, 2005; Momose, 2003] imaging have developed
in recent years and evaluated for breast imaging. The propagation-based approach has
actively been researched at the Synchrotron Radiation for Medical Physics (SYRMEP)
beamline at the Elettra Synchrotron (Trieste, Italy) and at the Imaging and Medical
beamline (IMBL) of the Australian Synchrotron (Monash, Australia) both for mam-
mography first [Arfelli, 2000; Olivo, 2009; Castelli, 2011; Longo, 2014; Olivo, 2014] and
finally for BCT [Longo, 2016; Tromba, 2016; Taba, 2018; Pacilè, 2018; Brombal, 2018a;
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1 Introduction to Breast Imaging

Brombal, 2018b; Brombal, 2018c; Lewis, 2018; Brombal, 2019; Piai, 2019; Longo, 2019;
Pacilè, 2019; Delogu, 2019; Longo, 2020]. For both applications, improved delineation
of breast abnormalities in a clinical dose range was ultimately achieved, resulting in
fundamentally improved diagnostic image content. Due to the lack of clinical feasi-
bility of propagation-based imaging meaning that scanning women in vivo in clinical
daily routine remains unlikely with such an X-ray source due to the high costs, avail-
ability and space requirements of synchrotron facilities, imaging with grating-based
phase-contrast has gained importance [Pfeiffer, 2006; Pfeiffer, 2007; Pfeiffer, 2008].
This approach allows to additionally retrieve the so-called dark-field signal that corre-
sponds to ultra-small-angle scattering [Pfeiffer, 2008]. Since microcalcifications scatter
differently depending on their size and composition and can already be sign for breast
cancer [OGrady, 2018], this extra signal is another benefit of this approach. This leads
to a better detection, discrimination and classification of them based on the analysis
of their micromophology with the dark-field signal [Wang, 2014; Scherer, 2016; Rauch,
2020]. In addition, further work on this topic demonstrated that the grating-based
approach also provides promising results regarding for example the improved cancer-
ous lesion or cysts detection [Stampanoni, 2011; Scherer, 2014; Grandl, 2015; Hauser,
2014; Auweter, 2014; Grandl, 2022]. The clinical relevance is emphasized by the fact
that this approach has been conducted in a dose-compatible range [Scherer, 2015] and
that it was successfully implemented into commercial mammography system [Koehler,
2015; Arboleda, 2019]. As consequence, an extension to BCT has also been conducted
first at synchrotron sources [Sztrókay, 2013; Auweter, 2014] before starting experi-
ments at clinically relevant conventional X-ray sources [Grandl, 2013; Grandl, 2014;
Hellerhoff, 2019; Willner, 2016]. These studies deal with the quantitative breast tissue
characterization [Willner, 2016] and the examination of intraductal carcinoma in situ
[Hellerhoff, 2019] and fibroadenomas [Grandl, 2014] resulting in an improved visibility
of those lesions. The potential of this method is underlined by the foundation of the
company GratXray AG (Villigen, Switzerland), which aims at developing a commercial
grating-based phase-contrast BCT system [GratXray, 2022]. Nevertheless, and espe-
cially in contrast to the results obtained with monochromatic radiation, these studies
have no clinical relevance so far, as the MGD exceeds the proposed dose limit of 5 mGy,
which needs to be investigated in further research. In order to address this issue, this
work aims for a low-dose grating-based phase-contrast BCT. To first establish a proof
of principle, this is performed at the MuCLS, an inverse Compton X-ray source that
delivers quasi-monochromatic X-ray photons instead of measuring directly at a con-
ventional X-ray source. This should serve as a preliminary work, the results of which
should subsequently be transferred to polychromatic X-ray sources. Initial studies have
already proven breast imaging at the MuCLS [Eggl, 2016b; Eggl, 2018; Heck, 2019].
However, spectral imaging has recently also become more important. As introduced
in the previous section, CESM is a growing clinical check-up procedure used for fi-
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nal diagnosis. In contrast to that dual-energy approach, multi-energy imaging can
nowadays also be performed via detector-based spectral separation using the energy-
resolving single-photon-counting detector technology [Schlomka, 2008; Flohr, 2020].
These detectors separate X-ray spectra in only one exposure resulting in spatially
and temporally perfectly registered images circumventing motion artifacts and a po-
tentially higher MGD due to the acquisition of multiple images. In a comparison of
conventional and spectral CT, Shikhaliez and Fritz proposed that spectral imaging
could be a potential application for dedicated BCT [Shikhaliev, 2011]. In addition,
the clinical BCT from AB-CT is already equipped with such a detector but does not
yet use the possibility of spectral imaging in clinical imaging [ABCT, 2020]. One first
study has been published so far, in which the spectral performance was investigated
in a phantom study [Ruth, 2020]. Based on the energy-dependent attenuation, ma-
terial decompositions can be performed and basis material images can be generated,
which help to distinguish tissue structures. Although several clinical studies success-
fully worked out the benefit of attenuation-based spectral imaging for e.g. coronary
angiography or mammography [Ehn, 2017; Sellerer, 2017; Mechlem, 2018b; Mechlem,
2018a; Heck, 2019], this approach suffers from strong noise amplification leading to a
reduced contrast-to-noise ratio (CNR) especially in the low-dose range. This is par-
ticularly problematic for mammography, where the detection of microcalcifications is
important, but would be lost in noise within an attenuation-based material decompo-
sition. By combining the two previously presented approaches, namely grating-based
phase contrast and spectral imaging using a photon-counting detector or a dual-energy
approach, SDPC imaging can be realized. This was originally performed in numerical
simulations for thorax radiography [Mechlem, 2020]. One benefits from the strengths
of both imaging approaches by using both phase and spectral information simultane-
ously while the respective restrictions, such as phase wrapping and beam hardening,
are mitigated. In addition to the quantitative and material-selective images obtained
with a decreased noise level compared to attenuation-based spectral imaging, a third
dark-field basis material image is generated [Mechlem, 2020]. As side effect of grating-
based phase-contrast imaging, SDPC mammography and BCT is the second objective
which will be pursued in this work. To obtain a ground truth of the potential benefits,
simulations for the attenuation- and SDPC-based material decompositions are first per-
formed with a quasi-monochromatic X-ray source [Heck, 2022]. Based on the obtained
results, the simulations will be extended to the more clinically realistic conventional
X-ray tube [Heck, 2022].
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1 Introduction to Breast Imaging

Outline

This work gives an overview of the recent developments in spectral and phase-contrast
imaging for the medical application of BCT. In Ch. 2, the theoretical background, on
which this work is based, is introduced focusing on X-ray generation and detection,
grating interferometry and fundamentals of computed tomography (CT). Ch. 3 con-
tains a description of the methods which are used and applied in this work. This
includes different processing approaches, the basics of spectral imaging, the estimation
of the MGD, image evaluation measures and the background of detector characteri-
zation. The experimental results of this thesis mainly comprise two projects and are
therefore divided into two chapters. First, Ch. 4 deals with the realization of low-dose
attenuation-only and grating-based phase-contrast BCT at the MuCLS preferably in
a clinical dose-tolerant limit to provide preliminary work for this approach at poly-
chromatic X-ray sources. Second, in Ch. 5, the results of SDPC representing a ben-
eficial combination of the two aforementioned approaches are given. Simulations for
a quasi-mono- and polychromatic X-ray spectrum are conducted for projection-based
mammography imaging as well as for BCT. Ultimately, Ch. 6 summarizes the results
of this thesis in a final conclusion together with a brief summary of the prior discussed
outlook for prospective research on this topic.
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Theoretical Background 2
This chapter mainly explains the basic theoretical background the work is based on in-
cluding the definition, the generation and the detection of X-ray photons. First, the
wave-particle dualism of X-ray photons, their interaction with matter as well as the
complex refractive index are introduced. This is followed by the definition of the bril-
liance as figure of merit for X-ray sources. Among those, a conventional X-ray tube and
the compact light source are both described here. Besides this, the direct and indirect
detection process of flat-panel detectors as well as the single-photon-counting detector
technology are presented. Then, phase-contrast imaging with a Talbot-Lau grating in-
terferometer and the corresponding signal extraction process is explained. Last, the
principles for the reconstruction of three-dimensional computed tomography (CT) data
including filtered backprojection (FBP) and statistical iterative reconstruction (SIR) are
presented. Unless otherwise indicated, the literature mainly used for the explanations
in this chapter is [Kak, 1988; Spieler, 2006; Attwood, 2007; Buzug, 2008; AlsNielsen,
2011; Podgorsak, 2010; Willmott, 2011; Russo, 2017]

2.1 Definition of X-rays

X-ray photons are one part of the continuous electromagnetic spectrum drawn in
Fig. 2.1 and located between the ultraviolet spectrum and the gamma rays. X-ray
photons and gamma rays are not differentiated according to their photon energy, but
according to their radiation origin. In general, the properties of electromagnetic radi-
ation can be explained in two different ways. First, by the classical model in which
X-rays are represented as waves with wavelengths ranging from approximately 1 nm to
1 pm. Another common unit for the wavelength of X-ray waves is 1 Ångström (10´10 m).
This wavelength regime corresponds to an energy range between keV and MeV. One
discriminates between soft and hard X-rays where the former are mainly used for X-ray
microscopy. Hard X-rays with an energy of more than 5-10 keV are utilized for X-ray
crystallography or for medical imaging due to their high penetration depth in opaque
objects compared to soft X-rays. In the quantum mechanical view, however, X-rays
are considered to be quantized into photons which are defined by a distinct photon
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2 Theoretical Background

energy E that is generally calculated by

E “
hc

λ
“ ~ω , (2.1)

with the Planck’s constant h “ 4.136 ¨ 10´15 eVs, the speed of light in vacuum with
c “ 2.9979 ¨ 108 m/s, the wavelength λ and the radiation frequency ω “ 2πf . Both
concepts are important to understand the behavior of X-rays. On an atomic scale,
the particle picture may be the most intuitive, while on a macroscopic scale, the wave
picture may be beneficial for the description of the following interaction processes.

Photon energy [eV]

Wavelength [m]

Visible

101010610210-210-610-1010-14

10-1610-1210-810-4100104108

Radio Microwave IR UV Gamma rayX-ray

Figure 2.1: Overview of the electromagnetic spectrum. The continuous spectrum
includes long-wave radio waves, microwaves, infrared light, visible light, ultraviolet light, X-
rays and very short-wave gamma rays. The X-ray spectrum is marked with blue and located
between the ultraviolet spectrum and the gamma rays with wavelength of around 10´10 m.

2.1.1 X-ray Interactions with Matter

Here, the main processes of the X-ray interaction with matter are introduced. In the
energy range of X-rays, the photons mainly interact with electrons. This includes
the photoelectric absorption as well as scattering processes such as elastic (Thom-
son/Rayleigh) and inelastic (Compton) scattering. There are also other interaction
processes that are neglected here: On the one hand, pair production also as a primary
interaction process since it is not relevant to the clinically used energy range. On the
other hand, secondary processes like X-ray fluorescence and Auger electron emission.

Photoelectric Effect

An incident X-ray photon can be fully absorbed by an electron bound to an atom, if
the photon’s energy exceeds the electron’s binding energy. The energy of the X-ray
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2.1 Definition of X-rays

photon is transferred to the electron which is subsequently released from the atom.
This process is called photoelectric absorption. An electron from the outer shell can
fill the resulting vacancy. In consequence, a so-called fluorescence photon or Auger
electron is emitted with an energy corresponding to the energy difference between the
two atomic shells or the energy difference between the two atomic shells minus the
Auger electrons binding energy.

Elastic Scattering

Thomson or Rayleigh scattering are elastic scattering processes. They take place when
the wavelength of the X-ray photon is longer than the atomic radius, i.e. only at small
photon energies. While the wavelength, the X-ray energy and the absolute value of
the momentum remain the same after the interaction, the propagation direction of the
scattered X-ray photon changes.

Inelastic Scattering

Compton scattering is an inelastic and incoherent scattering process. An X-ray photon
hits a weakly bound orbital electron with a binding energy lower than the photon’s
energy. The incoming photon transfers a part of its momentum to the electron. After
the collision, the electron moves with an energy Ek that corresponds to the energy the
incoming photon lost. This results in a photon with a smaller X-ray energy, another
propagation direction and a longer wavelength. By the conservation of total energy
and momentum conversation [Podgorsak, 2010], the wavelength shift ∆λ is calculated
as

∆λ “ λ1 ´ λ0 “ λCp1´ cos θq , (2.2)

with λ1 and λ0 denoting the wavelength of the scattered and the incident photon,
λC “ h{mec the Compton wavelength and θ as scattering angle between the incoming
and the scattered photon.

2.1.2 Complex Refractive Index

On a more macroscopic rather than the atomic level, X-ray refraction, reflection and
absorption at the interface between different media can be characterized based on their
respective refractive index n. This complex refractive index n is defined as follows

n “ 1´ δ ` iβ , (2.3)
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2 Theoretical Background

with δ and β as refractive index decrement and the absorption index, respectively. The
δ value is in order of 10´5 in solids and 10´8 in air. However, β is much smaller than
that. Both quantities depend on the X-ray energy and the material of the medium.
An X-ray photon can be expressed as electromagnetic wave Ψp~r, tq in the wave optical
model at time point t and position ~r “ p0, 0, 0qT as follows:

Ψp~r, tq “ Ψ0e
ip~k¨~r´ωtq , (2.4)

where Ψ0 is the initial amplitude of the wave, ~k the wave vector with |~k| “ 2π{λ and
ω the angular frequency. For a wave propagating in a medium, its complex refractive
index n has to be considered in Eq. (2.4). When it is additionally assumed that the
wave only propagates in z-direction, also the position vector changes to ~r “ p0, 0, zqT.
This results in a modification of Eq. (2.4):

Ψpz, tq “ Ψ0 ¨ e
ipnkz´ωtq

“ Ψ0 e
ipkz´ωtq
looomooon

propagation

¨ e´βkz
loomoon

attenuation

¨ e´iδkz
loomoon

phase shift

. (2.5)

By splitting the general equation in three parts, the first one denotes the propagation,
the second the attenuation and the last one the phase shifting term. The propagation
of a wave front through a medium and the impact of these three effects on this wave
are schematically visualized in Fig. 2.2.

n = 1 - δ + iβ

Sample

d

Incoming wavefront Outgoing wavefront

Ψ

Ψ 0

med

 
Δ ϕ

Figure 2.2: Interaction of a monochromatic X-ray wavefront with a sample. The
incoming X-ray wavefront is drawn in blue on the left side of the sample and the outgoing
wavefront behind the sample is shown in green. The wave transversing the sample, character-
ized by its refractive index n, is depicted in orange. Compared to the undisturbed wavefront
shown as a blue dotted line for comparison, the wavefront’s amplitude is reduced from Ψ0 to
Ψmed and the phase is shifted by ∆φ by the sample.
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Attenuation and Beer-Lambert law

The interaction of X-rays with matter modifies the original wave, e.g. in terms of a
reduced amplitude. This effect is related to the attenuating part in Eq. (2.5). The
intensity that is measured after the X-rays crossed the object is defined as |Ψ|2 “ ΨΨ˚.
Thus, the intensity Ipzq after a certain propagation distance z becomes

Ipzq “ |Ψ0 ¨ e
ipkz´ωtq

¨ e´βkz ¨ e´iδkz|2 “ Ψ2
0e
´2βkz, (2.6)

where Ψ2
0 equals to the initial intensity I0 of the incoming X-ray wavefront. From this

equation follows the definition of the linear attenuation coefficient with µ “ 2βk. In
the simplified case, this leads to the so-called Beer-Lambert law

Ipzq “ I0 ¨ e
´µz, (2.7)

with a monoenergetic attenuation coefficient µ for a homogeneous object of thickness z
and an initial intensity I0. For a polychromatic X-ray source and a heterogeneous
object, the Beer-Lambert law changes to

Ipzq “

Emax
ż

Emin

I0pEqe
´
şz
0 µpE,Z,z

1qdz1

dE. (2.8)

The linear attenuation coefficient depends on the X-ray energy E (decreases with in-
creasing photon energy, µ ˜ E

´3) and on the atomic number Z (µ ˜ Z
4). Consequently,

the attenuation coefficient is element-specific. Furthermore, the linear attenuation co-
efficient can be expressed as

µpE,Zq “

ˆ

ρNA

A

˙

σtotpE,Zq , (2.9)

where ρ denotes the mass density, NA the Avogadro’s constant, A the atomic mass
and σtotpE,Zq the total scattering cross section. For a molecule consisting of N atoms,
however, the total attenuation coefficient is calculated as the weighted sum of the
individual elements attenuation coefficient µipEq.

µpEq “
N
ÿ

i

wiµipEq , (2.10)

where wi is the mass fraction of the respective element i in the molecule.
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X-ray phase shift

In addition to the attenuating part, a phase shift ∆φ can be added to the incoming
wavefront as visualized in Fig. 2.2 and shown in Eq. (2.5). Extracted from the exponent
of this equation, the phase shift ∆φ for a homogeneous object of thickness z is defined
as

∆φ “ δkz “ δ
2π

λ
z. (2.11)

Comparing the projection approximation for a wave field with the results obtained for
the first Born approximation [Spieler, 2006], which are both not further elaborated
here, the refractive index decrement δ is

δ “
2πr0ρe
k2

, (2.12)

with r0 being the classical electron radius. For a polychromatic X-ray source and a
heterogeneous object, the generalized phase shift can be expressed as

∆φ “ k

z
ż

0

δpz1qdz1 . (2.13)

For a phase shift inducing object such as a wedge, the incoming wavefront and its prop-
agation direction is deflected by an angle α after passing the sample. This refraction
is just in the order of micro radians. Through geometrical considerations and for small
phase gradients where the small-angle approximation (tanα “ α) can be applied, the
refraction angle is approximated by [Davis, 1995; Spieler, 2006]

α «
1

k

Bφ

Bx
“

λ

2π

Bφ

Bx
. (2.14)

2.2 X-ray Sources

Over the last century, different types of X-ray sources were developed, ranging from
large synchrotron facilities to conventional X-ray tubes, which generate X-ray photons
in different ways. The quality of their X-ray beam can be expressed with a figure of
merit called brilliance. It takes the key properties of the X-ray source into account:
The bandwidth ∆E{E, the photon flux Φ, the source size area ∆A and the beam
collimation described in terms of the solid angle ∆Ω into which the X-rays are emitted.
The brilliance is defined by combining these properties into a single equation:
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2.2 X-ray Sources

Brilliance “
Φ

∆Ω ¨∆A ¨∆E{E
“

Photons{second

pmradq2psource area in mm2qp0.1 % BWq
. (2.15)

Compared to conventional X-ray tubes (ă 1010), synchrotron sources can typically
reach at least an up to ten orders of magnitude higher brilliance („1020). Then, by
following the experiments performed in this work, the basic principle of a conventional
X-ray tube used for clinical X-ray diagnostics as well as the working principle of the
Compact Light Source (CLS), a compact inverse Compton X-ray source (brilliance
„1010), are described in the following sections.

2.2.1 Conventional X-ray Tube

The basic principle of a conventional X-ray tube relies on the interaction of electrons
with the material of the anode. Free electrons are thermally emitted from the cath-
ode by heating up its filament. Subsequently, they are accelerated towards the anode
by an electric field. Once the electrons hit the target material, two interactions pre-
dominantly form the polychromatic spectrum emitted by an X-ray tube. The broad,
continuous part originates from electrons which are decelerated by the electric field of
the metallic anode’s material. The resulting radiation is called Bremsstrahlung. The
high-energy cut-off of the X-ray spectrum corresponds to the applied tube voltage. In
addition, sharp, so-called characteristic lines indicated by the two arrows in Fig. 2.3 (B)
superimpose the continuous spectrum. They are formed by incoming electrons which
remove an atomic electron from the inner shell. This results in a vacancy that is filled
by an electron from an outer shell. As a consequence, an X-ray fluorescence photon
is emitted with a specific energy corresponding to the energy difference between the
two respective shells. The schematic drawing of a conventional X-ray tube (Coolidge
side-window tube) is provided in Fig. 2.3 (A) and an example of an X-ray source spec-
trum in (B). In order to increase the total power and the photon flux of an X-ray tube,
rotating anode generators have been introduced. In these devices, the anode is rotated
effectively distributing the heat produced during the electron-matter interactions over
a larger area.

2.2.2 Munich Compact Light Source

The MuCLS hosts an inverse Compton X-ray source and a beamline with two ex-
perimental end-stations. The inverse Compton Source, the Lyncean Compact Light
Source, was developed by Lyncean Technologies Inc. (Fremont, USA) [Lyncean, 2022],
while the two experimental end-stations were designed in-house at TUM. A schematic
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Figure 2.3: Conventional X-ray tube and polychromatic X-ray spectrum.
(A) Schematic drawing of a conventional X-ray tube. Free electrons are thermally emit-
ted from the cathode by heating up its filament and travel towards the anode where X-ray
photons are generated through the interaction of electrons with the anode material. (B) Ex-
ample of a polychromatic X-ray spectrum including the characteristic emission lines and the
continuous spectrum.

drawing of the X-ray source itself is presented on the left side of Fig. 2.4 (A). The
grating interferometer used for the experiments in this thesis is schematically depicted
on the right. In the following, the working principle of the compact inverse Compton
source is described while the grating-based experimental setup will be presented later
in Sec. 4.2.
The MuCLS X-ray photons are generated through inverse Compton scattering during

the collision of laser photons and accelerated electrons. In general, the working princi-
ple of this can be described in two different ways: In the particle picture, the photon
is Compton scattered in the rest frame of the highly relativistic electron. Thus, the
backscattered photon is promoted to the X-ray regime in the laboratory frame. In the
wave picture, the highly relativistic electron is wiggled in the electromagnetic field of
the laser, comparable to X-ray generation with a classical undulator at synchrotrons.
Due to the scope of this work, this is not explained more in detail here, but can be
found in [Günther, 2021]. The explanations in this section are mainly based on [Eggl,
2016a; Gradl, 2019; Günther, 2020; Günther, 2021].
The CLS contains two major subsystems, the electron system and the laser. In the
electron system, electrons are generated in a photo-cathode radio-frequency gun and
then accelerated to relativistic energies between 29 and 45 MeV in a 5 m long electron
linear accelerator. Then, they are injected and stored in a miniature electron storage
ring that has a circumference of 4.6 m and in which the electron bunch revolves at
a repetition rate of 65 MHz. In order to ensure a high quality of the X-ray beam,
the circulating electron bunch is replaced at a rate of 25 Hz which equals 2.6 million
turns. The storage ring is designed such that the electron beam is focused in both
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Figure 2.4: Schematic drawing and X-ray source spectrum of the CLS. (A) Elec-
trons are produced in a radiofrequency cathode, accelerated towards relativistic energies and
stored in the electron storage ring. In the interaction point, they collide head-on with the in-
frared laser pulse which is stored in the enhancement laser cavity. This interaction generates
quasi-monochromatic X-rays photons. The produced X-rays are collimated to an opening
angle of 4 mrad by an aperture. An evacuated beam pipe guides the X-ray photons to the
experimental hutches. Here, only one is exemplary shown although two hutches are available
for experiments. (B) X-ray source spectrum shown for 25 keV and 35 keV.

transverse directions in the straight section of the storage ring in which the interaction
with the laser takes place. The key component of the laser system is a high-finesse
bow-tie enhancement laser cavity with a total length of 9.2 m. It increases the power
delivered by the Nd:YAG laser (wavelength 1064 nm) from ˜25 kW to ˜350 kW. Since
the laser’s repetition rate is 65 MHz as well, two laser pulses are circulating inside the
enhancement cavity at the same time. Consequently, its effective repetition rate at the
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interaction point (IP) inside the aforementioned shared straight section is the same
as the one of the electron bunch. The enhancement cavity is designed such that the
laser beam is focused at the same position like the electron bunch. There, the electron
bunch collides head-on with the laser pulse. Quasi-monochromatic X-ray photons are
generated in this collision via the so-called inverse Compton scattering. The resulting
X-ray energy Ex is calculated by

Ex “
p1´ β ¨ cos θiq ¨ EL

1´ β ¨ cos θf ` pEL{Eeqp1´ cospθf ´ θiqq
, (2.16)

where EL denotes the laser photon energy, β “ v{c, θi and θf the incoming and after-
wards scattering angles and Ee the electron energy. Equation (2.16) simplifies to

Ex «
Eep1` βq

2EL

Ee{γ2
« 4γ2EL , (2.17)

for a head-on collision of laser photon and electron bunch in the case of backscattering
with γ “ Ee{E0 and E0 “ 511 keV as electron rest energy. Since the wavelength
of the laser is fixed, the electron energy is adjusted to tune the X-ray energy. The
generated X-rays are confined to an opening angle of 4 mrad by an aperture. This
X-ray beam propagates to the experimental set-ups via an evacuated beam pipe. The
currently possible X-ray energy operation range is between 15 and 35 keV. The X-ray
source spectra for 25 keV and 35 keV are shown in Fig. 2.4 (B). Additional operation
parameters currently used and characteristics such as X-ray brilliance, bandwidth,
source size are shortly summarized in Tab. 2.1.

2.3 X-ray Detection

While classical techniques such as photographic films were used to detect the disturbed
X-ray wavefront in the past, digital detectors are preferred nowadays. In the following,
both the working principle of flat-panel detectors as well as the direct detection princi-
ple of photon-counting detectors are introduced. Unless otherwise indicated, the first
subsection is mainly based on the explanations in [Spahn, 2005; Seibert, 2006] while for
the second subsection the following references are used [Spieler, 2006; Ballabriga, 2007;
Ballabriga, 2013; Pennicard, 2013; Ballabriga, 2016; Sellerer, 2016].

2.3.1 Flat-panel Detector

Two types of flat-panel detectors exist which can be divided into an indirect or direct
detection method. In the first case of the indirect detection principle, the scintilla-
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2.3 X-ray Detection

Revolution frequency 65 MHz

Electron energy 29 to 45 MeV

Laser wavelength 1064 nm

Laser power 350 kW

X-ray energy 15 to 35 keV

X-ray flux Up to 1.5 ˆ1010 photons/s (15 keV)

Up to 4.5 ˆ1010 photons/s (35 keV)

X-ray divergence 4 mrad

X-ray source size ˜50 µm (σ-value)

X-ray bandwidth 3 % (15 keV) to 5 % (35 keV)

X-ray brilliance 1.2 ˆ1010 photons/(s (0.1 % bandwidth) mm2mrad2)

Table 2.1: Overview of the current operation parameters of the CLS. It includes
the characteristics about the X-ray source and beam as well as the parameter of the laser
and the electron bunch [Günther, 2020].

tion crystal, the impinging X-ray photons are absorbed and converted to visible light.
Usually gadolinium oxysulfide (GadOx) or caesium iodide (CsI) are employed as scintil-
lator material due to their high quantum efficiency and high light yield which originates
from their high atomic numbers. Afterwards, an electronic signal is produced which
is arranged by the following process: Every detector element called pixel consists of a
thin-film-transistor (TFT) and a photo diode that works as a capacitor deposited on
the TFT. The photo diode is initially charged by a bias voltage. Electron-hole pairs
are produced in the semiconductor of the photo diode by the absorption of visible light
photons. As a consequence, this discharges the photo diode. When the TFT is switched
on by the gate line, the charge flows to the photo diode until the initial bias voltage
is restored. The total charge is proportional to the energy and the number of X-rays
hitting the detector. This is measured by the coupled readout electronics. After one so-
called readout cycle and once the photo diode has reached the initial bias voltage, the
next acquisition can be performed. With those indirect detecting flat-panel detectors,
the information about the energy of the incoming X-ray is lost since the total charge is
integrated during one readout cycle of the detector. During the readout process, there
is dark current of and thermal noise in the photo diode and electronic noise. The offset

17



2 Theoretical Background

induced by the dark current must be corrected while noise contributions from thermal
and electronic noise are added to Poisson noise. Therefore, an additional dark current
correction is necessary when such detectors are used.
In direct converting detectors, a photo conductor is utilized instead of a scintillator
and a photo diode. Electron-hole pairs are produced by the incoming X-ray photons
in an amorphous Selenium-based layer. By applying an electric field to the layer, the
generated charge carriers travel to the electrodes at which they are stored. The readout
electronics are the same like the ones for an indirectly converting detector and also the
readout noise is similar. In this case, the energetic resolution is lost as well. Although
the detector’s point spread function (PSF) is superior with its nearly box-like behavior
than the one in the indirect detection scheme, spatial blur slightly exists since part
of the generated charge cloud spreads on its way to the storage electrode. Thus, the
charge cloud is not completely collected in the pixel that is directly under the loca-
tion in which the X-ray photon was originally absorbed. With the exception of few
prototypes, flat-panel detectors are by far the most commonly used detector types for
medical imaging.

2.3.2 Photon-counting Detector

In contrast to the scintillator-based integrating detector technology, photon-counting
detectors employ a direct detection principle. The main difference is that each incident
X-ray photon is measured energy-selectively and individually from others. It is possi-
ble to discriminate between several energy intervals simultaneously, so that the signal
is split into different energy bins and thus the energy information is not completely
lost. Photon-counting detectors are single-pulse processing detectors and consist of an
active semiconductor sensor layer in which the incoming X-ray photons are converted
into electron-hole pairs. Therefore, silicon (Si), gallium arsenide (GaAs) and cadmium
telluride (CdTe) are common sensor materials. The amount of generated charge car-
riers determining the signal pulse height is proportional to the energy of the incoming
photon. By applying a bias voltage Ubias, an electric field is induced, which separates
the produced charge carriers. The electrodes of the sensor layer are connected to an
individual pixel electronic circuit via so-called bump-bonds. A pulse-processing ar-
chitecture is realized by those pixel-wise read-out circuits realized by an application
specific integrated circuit (ASIC). As presented in Fig. 2.5, such a circuit mainly con-
sists of a pre-amplifier, a shaper, several energy discriminators and the corresponding
counters. The collected signal is first amplified before it is fed to the shaper, which
acts as a bandpass filter and suppresses noise while maintaining the signal. The height
of the shaped signal is proportional to the number of charge carriers collected and
in turn to the absorbed X-ray energy of the impinging photon. The output of the
shaper is then compared to several energy thresholds (THLs) (here: two) in the dis-
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Figure 2.5: Pixel electronics of a two THL-based photon-counting detector. The
absorbed X-ray photon creates electron-hole pairs in the active sensor layer. They are sep-
arated by the applied bias voltage Ubias. The resulting signal is pre-amplified, shaped and
finally compared to the adjusted THLs in the discriminator before stored in the correspond-
ing counters. Spatial and temporal registration of spectral data is obtained without losing
energy information completely, while thermal and electronic noise are effectively eliminated.

criminator. A logical signal is sent to the corresponding counter as soon as the signal
exceeds the corresponding energy THL so that the incident X-ray photon is detected.
Finally, the amount of stored counts is read-out and sent to a field programmable gate
array (FPGA). It is used to store the count data obtained during an acquisition. This
technology achieves spatial and temporal registration of spectral data within one mea-
surement.

Nevertheless, some sensor-related effects affect the spectral resolution of photon-
counting detectors shown in Fig. 2.6. In the ideal detection case (A), the whole energy
of the incoming X-ray photon is absorbed by photoelectric absorption and the created
charge cloud is read-out by only one pixel. In contrast, when a photon hits the de-
tector close to the boundary of two pixels, the charge cloud could spread out across
the pixel’s border and be detected in both pixels. This decreases the signal strength
for the pixel in which the photon originally hit the detector. In addition, when the
spread-out charge cloud induced a signal that exceeds the THL in another pixel, a
signal is falsely detected with a lower energy. This effect is called charge-sharing and
affects the spectral as well as the spatial resolution and is depicted in (B). Some de-
tectors additionally have a charge-sharing correction implemented. It either compares
the charge cloud collected by neighbouring pixels and just counts the one with the
highest signal or corrects the signal strength. Furthermore, the X-ray photon can get
scattered within the sensor material as well. Although the energy of an X-ray photon
absorbed after coherent scattering (C) is the same, the photon may travel to a neigh-
boring pixel, affecting spatial resolution. Compton scattering (D) has a similar effect
as charge-sharing since the X-ray photon loses some of its energy and partial charge
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Figure 2.6: Sensor-related effects of photon-counting detectors. (A) The ideal case
where the whole X-ray energy is detected in one pixel. (B) The charge-sharing effect where
the charge cloud spreads across several pixels and more than one pixel detects a signal.
(C) Coherent scattering where the charge cloud is created in a neighbouring pixel and falsely
detected. (D) The Compton scattering effect, where the energy resolution is additionally
affected. (E) Pulse pile-up takes place when two or more photons are simultaneously detected
since they can not be distinguished temporally. As a consequence, they are detected as one
photon with a higher X-ray energy. Figure is adapted from [Ehn, 2017].

deposition can occur in multiple pixels allowing more than one pixel to detect a signal.
The last effect called signal pulse pile-up is shown in subfigure (E). This happens when
two or more X-ray photons hit the detector pixel in a period of time that is smaller
than the temporal resolution of the detector. In this case, they cannot be distinguished
and are detected as one photon with a higher X-ray energy since their signal strengths
overlap.

2.4 Grating-based Interferometry

In the field of X-ray imaging, one way to enhance the contrast of soft tissue is to use the
wave properties of X-ray photons such as the phase and ultra-small-angle scattering
information. Over the last decades, phase-sensitive X-ray imaging methods such as
crystal interferometry [Bonse, 1965; Momose, 2003], analyzer-based imaging [Davis,
1995; Ingal, 1995] and free-space propagation [Snigirev, 1995; Wilkins, 1996; Cloetens,
1999] have been established. They require high spatial coherence and a high photon flux
as provided by large-scale synchrotron facilities. With regard to medical applications
and diagnostic imaging, the most promising approach for retrieving phase-contrast and
dark-field information with a conventional, laboratory-based and low-brilliance X-ray
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2.4 Grating-based Interferometry

source is grating-based interferometry [David, 2002; Weitkamp, 2005; Pfeiffer, 2007].
This technique is used in this work and is therefore introduced and explained in the
following in more detail.

2.4.1 Talbot Effect

In 1836, Henry Fox Talbot discovered the effect which was named after him during his
experimental investigations. He placed periodic structures in the beam path of visible
light and observed that the periodic structure is reproduced as a self-image behind the
so-called grating after a certain propagation distance [Talbot, 1836]. The distance is
called Talbot distance dT and defined as

dT “
1

η2

np2

2λ
. (2.18)

It depends on the grating period p and the wavelength λ of the electromagnetic
wave [Weitkamp, 2006]. It works for both attenuating as well as phase shifting pe-
riodic structures. The Talbot order n is an odd number (n = 1, 3, 5, ...) for phase
gratings and an even number (n = 0, 2, 4, ...) for absorption gratings . A further
difference between π/2-phase or absorption grating and the π-shifting phase grating is
given by the factor η as follows

η “

$

&

%

1 for a π{2-phase grating or absorption grating,

2 for a π-phase grating.
(2.19)

The simulated interference patterns or so-called Talbot carpets of an absorption, a π-
and a π/2-shifting phase grating for a monochromatic X-ray source are illustrated in
Fig 2.7. Wit an absorption grating in (A) the self image occurs after half of the Talbot
distance. For the π/2- and the π-phase grating, however, the periodical structure
reappears after odd multiples of 1/4 or 1/16 of the Talbot distance, respectively. It has
to be noted that the period of the modulation pattern behind the π/2-shifting phase
grating is half the period of the grating.

2.4.2 X-ray Grating Interferometry

X-ray grating interferometry, also known as Talbot interferometry, was first introduced
at synchrotron sources. An essential basis of this approach is the aforementioned Talbot
self-imaging effect (cf. Sec. 2.4.1) [Talbot, 1836]. The interferometer uses at least two
optical gratings to obtain the phase information of an X-ray wavefront. These gratings
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0 dT/2 dT 0 dT/2 dT0 dT/2 dT

p p 2p

Figure 2.7: Simulated Talbot carpets for different grating types. The interference
patterns are displayed for (A) the absorption grating, (B) the π-phase grating and (C) the
π{2-phase grating for a full Talbot distance dT simulated with monochromatic parallel beam
geometry. While the self images, indicated by dotted orange lines, of the absorption grating
appear after a distance of dT{2, the π{2- and π-phase gratings repeats itself after odd multiples
of 1/4 or 1/16 of the Talbot distance, respectively.

act either absorbing or phase-shifting on X-ray photons and consist of periodically
arranged thin bars [Weitkamp, 2006]. The first grating G1 is a phase-shifting grating
that imposes a periodic spatial modulation on the X-ray wavefront’s amplitude and
is therefore also known as beam splitter or reference grating. With this grating, the
so-called Talbot carpet is created. The grating periods are only a few micrometres in
size so that the length of the experimental setup is not very long due to the Talbot
spacing. By placing a sample in the beam path, the Talbot carpet is distorted so that
lateral displacements have to be detected. Since most detectors have pixel sizes larger
than the period of the intensity modulation, they can not directly resolve the intensity
pattern so the pattern is invisible for regular detectors. This is why a second grating G2

called analyzer grating is required to resolve the modulations. It is mounted directly
in front of the detector with a distance to the reference grating corresponding to one of
the fractional Talbot distances (cf. Eq.(2.18)). In contrast to G1, the analyzer grating
is an absorption grating with higher grating bars for complete X-ray attenuation. The
grating period p2 of the analyzer grating is proportional to the period p1 of the reference
grating G1 and calculated as

p2 “M
p1

η
. (2.20)

It additionally considers the magnification factor M which is defined as quotient of the
source-to-G2 and the source-to-G1 distance.
For imaging with a laboratory X-ray source with an extended source size, an additional
source grating G0 is necessary in order to accomplish the transverse coherence required
for grating interferometry [Pfeiffer, 2006; Pfeiffer, 2007; Pfeiffer, 2008]. The initial
X-ray beam is split by this absorption grating into an array of smaller, individually
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2.4 Grating-based Interferometry

coherent but mutually incoherent line sources [Pfeiffer, 2006]. An X-ray wavefront with
increased effective spatial coherence is obtained, so that the Talbot-Lau interferometer
allows the same image modality extraction as with synchrotron facilities [Pfeiffer, 2006;
Pfeiffer, 2008]. Depending on the inter-grating distances, the grating period of the
source grating p0 is

p0 “ p2
l

d
, (2.21)

with l as distance between G0 and G1 and d as distance between G1 and G2 [Pfeiffer,
2006]. If you choose p0 and the distance correctly, the interference patterns of each slit
will match each other individually. The working principle of a Talbot-Lau interferom-
eter for a three-grating interferometer is illustrated in the first row in Fig. 2.8 for three
different samples representing (A) the attenuating, (B) the phase-shifting and (C) the
scattering case. In the real case, however, a sample consists of a combination of the
three modalities. The procedure to sample the interference pattern by moving one of
the gratings relative to the others is called phase stepping and will be described in the
following section.

2.4.3 Phase Stepping and Image Extraction

The interference pattern is distorted when placing a sample in the beam path. Three
complimentary imaging modalities can be extracted with grating interferometry: The
attenuation, the differential phase and the dark-field (small-angle scattering) contrast.
The attenuation decreases the mean intensity of the stepping curve when a sample
absorbs X-ray photons (A). In the phase-shifting case (B), the interference pattern
is shifted so that also the stepping curve is moved laterally. Small-angle scattering
reduces the amplitude of the stepping curve referring to a reduction of the interference
pattern’s intensity (C). In the first row of Fig. 2.8, the effect of inserting a sample in
the beam path is visualized.
In order to retrieve the three signals, one of the gratings is shifted in lateral direction
perpendicular to the grating bars over one grating period during the phase stepping
procedure to resolve the interference pattern. The measured intensity that is recorded
for each detector pixel follows a sinusoidal curve and depends on the relative grating
position xg. This curve is called phase stepping curve. A reference phase stepping curve
is recorded without a sample in the beam path so that the sample stepping curve and
the changes affecting it can be examined. The effect on the after passing the sample is
visualized in the second row of Fig. 2.8.
Several approaches exist to finally obtain the three signals by comparing the reference
and the sample stepping curve. The Fourier decomposition where the description is
based on a Fourier series is a fast and simple way. In order to calculate the sinusoidal
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Figure 2.8: Working principle of a Talbot-Lau grating interferometer. (A) The
absorption-contrast induced by a purely attenuating sample reduces the measured mean
intensity a0 of the stepping curve. (B) The phase-contrast signal refers to the lateral phase
shift of the interference pattern caused by the refraction of a sample. (C) The dark-field signal
corresponds to ultra-small-angle scattering of a sample resulting in a reduced amplitude a1

of the stepping curve. The reference curve is illustrated by the black line whereas the sample
curve is indicated by the dashed, colored line.

stepping curve, the measured intensity Ipx, y, xgq in one detector pixel for a grating
position xg is modelled as

Ipx, y, xgq “

M
ÿ

i

aipx, yq sin

ˆ

2πi
xg

p
´ ϕipx, yq

˙

, (2.22)

for a total of M phase steps. In the first order, the Fourier series can be approximated
as follows

Ipx, y, xgq “ a0px, yq ` a1px, yq sin

ˆ

2π
xg

p
` ϕ1px, yq

˙

, (2.23)

where all terms above the first order are neglected when moderate coherence with a
visibility below 50 % is assumed [Bech, 2009]. Here, a0 denotes the average measured
intensity, a1 the modulation amplitude and ϕ1 the phase shift. After measuring one full
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2.4 Grating-based Interferometry

stepping curve with (denoted with superscript s) and without (denoted with superscript
r) sample in the beam path, the three imaging signals (absorption, refraction and
scattering) can then be retrieved:

Transmission

The pixelwise transmission signal can be extracted from the measured intensities I and
I0 or rather from the average intensity a0 from the stepping curve with (s) and without
(r) sample in the beam path

T “
as

0px, yq

ar
0px, yq

“
Ipx, yq

I0px, yq
“ e´

ş

µpx,y,zqdz . (2.24)

Referring to the Beer-Lambert law (cf. Eq.(2.7)), the transmission directly correlates
with the linear mass attenuation coefficient µ. In clinical daily routine and practice,
images are mostly evaluated regarding the negative logarithmic form of the transmission
signal.

Differential Phase Contrast

The phase shift can be calculated by pixelwise subtracting the phases of the two step-
ping curves yielding the differential phase-contrast signal:

∆ϕpx, yq “ ϕs
1px, yq ´ ϕ

r
1px, yq. (2.25)

Dark-Field Contrast

The reference flat-field visibility V is measured without any sample in the beam path
and is calculated by connecting the average intensity a0 and the amplitude a1 of the
stepping curve as follows

V r
px, yq “

Imax ´ Imin

Imax ` Imin

“
ar

1px, yq

ar
0px, yq

. (2.26)

It is an important parameter that is often used for the assessment of the quality of an
interferometer. The visibility reduction induced by a scattering sample is commonly
known as dark-field signal and calculated by the quotient of the visibilities with and
without sample in the beam path
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Dpx, yq “
V spx, yq

V rpx, yq
“
as

1a
r
0

ar
1a

s
0

. (2.27)

2.5 Principles of Computed Tomography

CT is a widely spread imaging approach for clinical, but also non-destructive X-ray
imaging that is able to provide three-dimensional information of the inside of a sam-
ple or patient. For that, a set of angular projection images are taken which are then
reconstructed to obtain the volumetric information of the sample. Two different ap-
proaches are used to reconstruct the measured data, referred to as FBP and iterative
reconstruction. FBP is a fast, analytically well-described and common clinically used
method. The SIR algorithm, however, is one way of iterative reconstruction that is
more complex and computationally expensive and as the name suggests, statistical in-
formation is required. Unless otherwise indicated, the explanations in this section are
based on [Radon, 1986; Kak, 1988; Hsieh, 2003; Buzug, 2008; Hahn, 2014].

2.5.1 Radon Transform

Although CT devices nowadays use fan- or cone-beam geometry, parallel-beam geome-
try is assumed for the following theoretical explanations for simplicity. This geometry
assumption implies that there are a several parallel lines travelling through the sample
which together form one CT slice. Instead of using a conventional Cartesian coordi-
nate system px, yq fixed for the sample position, a rotating coordinate system ps, tq, is
defined. A visualization of the connection between both coordinate systems is drawn
on the left sketch in Fig. 2.9. The measured projection ppθ, sq of an inhomogeneous
sample in the rotating coordinate system ps, tq under the projection angle θ is given by
the following integral

pθpsq “

ż d

0

µps, tqdt , (2.28)

representing the Radon transform. Here, s is the width of the detector and t the beam
direction. In clinical CT imaging, however, one is rather interested in the spatial object
information meaning the spatial distribution of the attenuation coefficients in the fixed
coordinate system of the sample px, yq rather than in the one of the rotating coordinate
system ps, rq. The geometrical connection between the variables of the two coordinate
systems can be written in the following notation by using unit vectors
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¨

˝

s

t

˛

‚“

¨

˝

cos θ sin θ

´ sin θ cos θ

˛

‚

¨

˝

x

y

˛

‚ . (2.29)

This enables to transfer any point from one coordinate system to the other. Conse-
quently, the attenuation coefficient from Eq. (2.28) can also be expressed as

fpx, yq “ µpspx, yq, tpx, yqq . (2.30)

Since in the rotating coordinate system, the X-ray source is stepwise shifted and thus re-
flects a sampling process, a δ-function can be used for the description. Using Eq. (2.29),
the projection integral may in consequence be written as

pθpsq “

ż d

0

fps, tqdt

“

ż 8

´8

fpx, yqδpx cos θ ` y sin θ ´ sqdxdy .

(2.31)

The two-dimensional Radon transform of the sample is taken to transform a function
fpx, yq into its angular projections. Therefore the following notation is usually utilized

pθpsq “ R2tfpx, yqu . (2.32)

Since the direct inversion of the Radon transform to obtain the objection function is
not computationally feasible, the data is reconstructed using the Fourier Slice theorem
and FBP or SIR which will be explained in the next section.

2.5.2 Fourier Slice Theorem

In contrast to the inverse Radon transform, the Fourier Slice theorem connects the
one-dimensional Fourier transform of the projection to the two-dimensional Fourier
transform of the objection function. This is schematically depicted in Fig. 2.9. All
in all, the procedure of the Fourier Slice theorem is split into three parts. First, the
one-dimensional Fourier transform of pθpxq “

ş

fpxqdy is calculated. This is described
by

Pθpuq “ Ftpθpxqu “
8
ż

´8

pθpxqe
´2πixudx . (2.33)
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The two-dimensional Fourier transform of the object function fpx, yq, however, is de-
fined as

F pu, vq “ Ftfpx, yqu “
8
ĳ

´8

fpx, yqe´2πipxu`yvqdxdy . (2.34)

Regarding the Fourier transform along a line at v “ 0, F pu, vq is simplified and one
slice through F pu, vq is given by

F pu, 0q “

8
ż

´8

8
ż

´8

fpx, yqe´2πixudxdy

“

8
ż

´8

ˆ

8
ż

´8

fpx, yqdy

˙

e´2πixudx.
(2.35)

In the second row, the equation is divided into two parts where the exponential factor
does no longer depend on the variable y. The comparison of the integral in the brackets
of this equation with Eq. (2.28) by assuming that the attenuation coefficient µps, tq
corresponds to the object function fpx, yq shows that it equals a projection under
angle zero. By submitting Eq. (2.28), it follows

F pu, 0q “

8
ż

´8

pθpxqe
´2πixudx “ P pu, θq , (2.36)

which equals Eq. (2.33) and reflects the basic idea of the Fourier slice theorem. Trans-
lating the mathematical formulations into words, the theorem states that the one-
dimensional Fourier transform Pθpuq of a parallel projection pθpxq recorded under an
angle θ equals a radial line through the two-dimensional Fourier transform of the ob-
ject function fpx, yq taken at the same angle θ. Please note that, as indicated by the
centered sketch of Fig. 2.9, two problems arise when following this approach. On the
one hand, the data points are radially distributed in Fourier space meaning over a
polar instead of a rectangular grid so that an interpolation is required. On the other
hand, since the sampling becomes sparser with increasing distance from the center,
this results in lower sampling for higher frequencies, which leads to a deterioration of
the image quality.
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Figure 2.9: Visualization of the Fourier slice theorem. The one-dimensional Fourier
transform of a parallel projection pθpsq of fpx, yq obtained at an angle θ equals a radial
line of the two-dimensional Fourier transform of fpx, yq taken at the same angle. In the
centered sketch, the unequal angular sampling in Fourier space is illustrated showing the
sparser sampling the higher the distance from the center.

2.5.3 Filtered Backprojection

The aforementioned unequal sampling in the Fourier domain can be compensated by
weighting the data in the frequency space before they are back projected. This algo-
rithm is called FBP and mathematically shortly introduced in the following. A more
comprehensive description about the mathematical background is summarized in [Kak,
1988; Buzug, 2008]. With the Fourier slice theorem, the object function can be derived
with the two-dimensional Fourier transform:

fpx, yq “
1

2π

ż 8

´8

ż 8

´8

F pu, vqe2πipxu`yvqdudv . (2.37)

The data is transferred from a rectangular pu, vq to a polar coordinate system pω, θq
by changing u “ ωcosθ and v “ ωsinθ. The Jacobian determinant is considered to
substitute the differentials with dudv “ |ω|dωdθ. Thus, Eq. (2.37) results in

fpx, yq “
1

2π

ż 2π

0

ż 8

´8

F pω cos θ, ω sin θqe2πiωpx cos θ`y sin θqωdωdθ , (2.38)
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using the transformations from above. By applying now the knowledge about the
Fourier slice theorem from Sec. 2.5.2, one can rewrite the two-dimensional Fourier
transform F pω cos θ, ω sin θq “ F pu, vq with the Fourier transform of a projection under
an angle θ as follows

fpx, yq “
1

2π

ż 2π

0

ż 8

´8

Pθpωqe
2πiωpx cos θ`y sin θqωdωdθ (2.39)

“
1

2π

ż π

0

ż 8

´8

Pθpωqe
2πiωs

|ω|dω
loooooooooooomoooooooooooon

hθpsq´filtered projection

dθ . (2.40)

The inner integral, indicated by hθpsq, reflects the projections filtered with a high-pass
filter in Fourier space. The higher frequencies are weighted more which is required
due to the sparse sampling in the outer regions. Depending on the application and
in addition to the linear ramp |ω| introduced above (also known as Ram-Lak filter
[Ramachandran, 1971]), various filters can be used, which should generally ensure a
balance between edge sharpening or preservation of edges and noise reduction. Exam-
ples therefore the Shepp-Logan or the Hamming filter. The outer integral is responsible
for the backprojection of the prior filtered projections. For every angular position θ,
they are smeared out along s. The imaginary Hilbert filter is used for the reconstruc-
tion of differential data. The Hilbert filter equals an integration of differential data in
real space. This filter is defined by a sign-function (sgn) as follows [Pfeiffer, 2007]

Hpωq “
1

2πisgnpωq
. (2.41)

In order to fulfill the angular sampling requirements for CT reconstruction and to avoid
undersampling, the Nyquist theorem has to be considered. It ensures sufficient data
sampling in the Fourier space for artifact-free reconstruction with FBP. It is stated
that the maximum frequency in the data spectrum has to be less than half of the
sampling rate. Taking the number of pixels Npix in horizontal direction into account,
the minimum number of projection angles Nproj can be estimated as follows [Kak, 1988;
Natterer, 1986]

Nproj ě
π

2
Npix . (2.42)
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2.5.4 Statistical Iterative Reconstruction

SIR is another method for the reconstruction of three-dimensional data. This approach
utilizes a statistical noise model together with iterative reconstruction. Compared to
FBP, it is less prone to missing data, angular undersampling and complex geometry
leading in consequence to an improve image quality. Further noise reduction is en-
abled by the usage of a regularization term that incorporates prior knowledge about
the sample. The computational effort, however, is more challenging than the analyt-
ical approaches such as the FBP and thus more time-consuming. Generally, the SIR
approach is composed of five individual parts:

1. Data noise model
2. Forward model for calculating the expected photon counts
3. Regularization term
4. Optimization algorithm to solve the log-likelihood function

Each part is shortly explained in the following. For a more detailed description, see
[Hsieh, 2003; Hahn, 2014]. To find a final image ~µf is the main goal of this approach.
This can be obtained by maximizing the probability of the measured data ~y in due
consideration of the current estimate ~µ. Mathematically it is expressed as follows

~µf “ arg max~µP p~µ|~yq , (2.43)

with P p~µ|~yq as probability function where several noise models can be employed for
the measurements. The Bayes’ theorem [Bayes, 1763] is an important rule that will be
used for the derivations in the following and is defined as

P p~µ|~yq “
P p~y|~µqP p~µq

P p~yq
. (2.44)

Two commonly used data noise models are the Poisson or the Gaussian distribution.
Since detecting X-ray photons is a counting process and the individual events are
independent of each other, a Poisson distribution is assumed for the detected counts.
For the expected photon counts ŷip~µq from the i-th of totally N measurements, the
probability of the measured data is defined as

P p~y|µ̂q “
N
ź

i“1

ŷip~µq
yi

yi!
e´ŷip~µq , (2.45)

when assuming statistical independence of the measurements. The Poisson model turns
into a Gaussian distribution for a higher amount of detected photon counts. Thus, the
probability is approximated by

31



2 Theoretical Background

P p~y|µ̂q “
N
ź

i“1

1
?

2πσi
exp

ˆ

´
pyi ´ ŷip~µqq

2

2σ2
i

˙

, (2.46)

with σi denoting the standard deviation of the i-th measurement. The discretization, a
finite parametrization of the spatially distributed attenuation coefficients µ is required
and a forward model is established. According to the Radon transform, the forward
projection in a discretized form is expressed as

li “
ÿ

j

aijµj , (2.47)

representing the line “integrals” li and information about voxel j for pixel i are con-
tained in the matrix aij. It includes forward projections and the Beer-Lambert law in
order to express the expected number of photon counts ŷi for a reference number of
photon counts during flat-field acquisition yr,i as

ŷi “ yr,i exp

ˆ

´
ÿ

j

aijµj

˙

. (2.48)

The last point deals with the optimization algorithm and for this, Eq. (2.43) can
be rewritten as follows

arg max~µP p~µ|~yq “ arg max~µ
`

P p~y|~µqP p~µq
˘

(2.49)

“ arg min~µ
`

´ lnP p~y|~µq ´ lnP p~µq
˘

(2.50)

« arg min~µ
`

´ lnP p~y|~µq ` λRp~µq
˘

, (2.51)

while applying that P p~yq is not depending on ~µ. The first summand equals the log-
likelihood function Lp~µq and the second one corresponds to the regularization where
λ denotes the regularization strength. For nearest-neighbour-based regularizers which
is an established way to obtain a prior knowledge, the regularization term is defined as

R “
ÿ

i

ÿ

jPNi

wijΨp|µi ´ µj|q , (2.52)

where large variations between adjacent voxels i and j are penalized with the potential
function Ψp¨q. Ni and ωij denote a set of voxel indices and the weights for penalization,
respectively. The Huber regularization term combines a linear and a quadratic function
and is used since a pure quadratic penalty would smooth the edges too much. This
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regularization penalizes in two different ways. It is quadratic if below a certain thresh-
old γ the deviations between adjacent pixels is small and thus most likely correspond
to noise. However, when detecting edges, where the difference is consequently larger,
it is linear. Mathematically written, this is described by the following equation:

RH “
ÿ

i

ÿ

jPNi

wij

#

pµi´µjq
2

2γ2
for |µi ´ µj| ď γ ,

|µi´µj |´γ{2

γ
for |µi ´ µj| ą γ.

(2.53)

The final image quality strongly depends on the choice of the parameters used for
the reconstruction. Smaller structures can become blurred so that they are no longer
detected in case of over-regularization. In contrast, too little regularisation leads to
increased noise due to over-fitting.
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Methods 3
This chapter comprises the methodological background that is used to generate the sim-
ulated and experimental results in this work. Primarily, advanced processing techniques
such as patchwise phase retrieval and a material decomposition into lipid, water and
protein. In addition, the principles about conventional spectral attenuation-based and
SDPC X-ray imaging are introduced. The estimation of the MGD for the experimental
measurements is then explained before the image evaluation parameters are presented,
which are used for the final evaluation of the results. The parameters include the cal-
culation of the CNR, the assessment of the image sharpness and an introduction to
a theoretical noise analysis. Finally, the background of detector characterization in-
cluding PSF, modulation transfer function (MTF) and line spread function (LSF) is
described.

3.1 Patchwise Phase Retrieval

For applications like dose-compatible BCT where the MGD of every single projection
is ultra low and only a few photons are detected, accurately extracting the phase in-
formation from the stepping curve becomes challenging. Higher statistics would be
required to circumvent this problem. One simple way to reduce noise in an image is
achieved by pixel binning, what means that the detector counts of neighbouring pixels
are summed up to one larger pixel. The drawback is that resolution gets lost. With
patchwise phase retrieval, however, it is possible to reduce the noise level while main-
taining the spatial resolution but at the expense of image sharpness (cf. Sec. 3.5.2).
The approach is illustrated in a schematic drawing in Fig. 3.1. One image is shifted to
all neighboring pixel directions. The 4N-patchwise phase retrieval considers four addi-
tional pixels (up, down, left and right). In 8N-patchwise phase retrieval the diagonal
pixels are also included. Thus, four or eight data points are additionally obtained for
one stepping position which in consequence facilitates least squares fitting of the sinu-
soidal stepping curve which is performed by an expectation maximization algorithm.
It has to be noted that a large moiré pattern is required to avoid strong outliers in the
stepping curve.
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Figure 3.1: Illustration of patchwise phase retrieval. (A) Schematic drawing of an im-
age patch which is shifted to all adjacent pixels. This is possible by using four (up, down, left
right) or eight (additionally including the diagonals) neighbouring pixels. (B) In the stepping
curve, every stepping position has, depending on the number of included neighbouring pixels,
different intensity values. Thus, the least squares fit for the stepping curve is improved. This
figure is adapted and extended from [Resch, 2021].

3.2 Material Decomposition into Lipid, Water and
Protein

Recently published work demonstrated the feasibility of material-selective image cal-
culation with grating-based phase-contrast X-ray imaging [Willner, 2016; Braig, 2018].
Willner et al. presented the material decomposition into lipid, protein and water
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[Willner, 2016], whereas Braig et al. calculated iodine and virtual-non-contrast images
[Braig, 2018]. Especially the results of the first publication emphasizes the potential
for breast imaging since the tissue composition differs between normal and malignant
tissue. The water content of tumors is higher and the lipid content of tumors is lower
than in normal tissue [Tromberg, 2005]. Furthermore, the amount of the protein colla-
gen [Haka, 2005] of abnormal breast tissue is also increased compared to normal breast
tissue. This approach could serve as a new supporting analysis tool for reliable breast
cancer detection. The linear material decomposition into lipid, water and protein ex-
plained in the following is based on the assumptions from Willner et al. [Willner, 2016].
The linear attenuation coefficient µmix of a mixture containing various different chem-
ical elements i is expressed by

µmix “ ρmix ¨
ÿ

i

wi ¨
µi
ρi
, (3.1)

using ρmix as mixture’s density, ωi as weighting factor representing the fraction of each
element in the sample and ρi as element’s density of the i-th element. The refractive
index decrement of the mixture δmix, encoded in the phase information, is derived by

δmix “
reh

2c2

2πE2
¨ ρmix ¨

ÿ

i

ˆ

wi ¨NA

Ai

˙

¨ Zi , (3.2)

with re being the electron radius, h Planck’s constant, c the speed of light, E the
effective X-ray energy, NA the Avogadro constant, Ai the atomic mass and Zi the
atomic number [Herzen, 2009]. The density of the given mixture ρmix is written as
follows

ρmix “ p ¨ ρp ` l ¨ ρl ` w ¨ ρw , (3.3)

where p, l and w are the volume fractions of protein, lipid and water, respectively.
With this knowledge, it is possible to calculate the Hounsfield Unit (HU) and the
phase-contrast Hounsfield Unit (HUp), which are standard measures in clinical CT
imaging, in the following way

HU “
µtissue ´ µwater

µwater ´ µair

¨ 1000 ,

HUp “
δtissue ´ δwater

δwater ´ δair

¨ 1000 .
(3.4)

For this purpose, the linear mass attenuation coefficients µtissue, µwater, µair and the
refractive index decrements δtissue, δwater, δair of tissue, water and air are required. Using
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the assumption that the volume fractions of protein, lipid and water are summed up
to one

p` l ` w “ 1 , (3.5)

the HU-HUp pair for every arbitrary mixture is described by the following vector
notation:

¨

˝

HUp

HU

˛

‚“ ~w ` p ¨ p~p´ ~wq ` l ¨ p~l ´ ~wq . (3.6)

Here, the 100 % water, 100 % protein and 100 % lipid HU-HUp pairs are given by ~w, ~p
and ~l, respectively. By solving this linear system of equations for p and l, the amount
of the protein and the lipid fraction is derived. With the definition from Eq. (3.5), the
missing water fraction is finally calculated by

w “ 1´ p´ l. (3.7)

Since water has per definition 0 HU and 0 HUp, the LPW-triangle is spanned by the
protein ~p and lipid ~l vector starting from the origin which corresponds to water. This
approach enables the depiction of every HU-HUp-pair of different mixtures by sim-
ple vector addition and thus the analysis of the sample composition and the partial
fractions of water, lipid or protein in it.

3.3 Principles of Spectral Differential Phase-Contrast
Imaging

Although a material decomposition generally allows for a successful discrimination of
materials in one object, attenuation-based spectral imaging with a polychromatic X-ray
source suffers from a high amount of background noise after the decomposition com-
pared to the attenuation images. With the extension to the recently developed spectral
differential phase-contrast X-ray imaging approach, which benefits from the strengths
from both spectral and phase-contrast imaging, one can overcome this limitation. In
this chapter, the principles that lead to the SDPC algorithm are introduced. This
includes conventional attenuation-based spectral imaging (cf. Sec. 3.3.1), differential
phase-contrast imaging (cf. Sec 3.3.2) and finally the SDPC approach (cf. Sec 3.3.3)
representing a combination of the two aforementioned methods.
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3.3.1 Conventional Attenuation-based Spectral Imaging

For the absence of absorption K-edges, the energy-dependent linear mass attenuation
coefficient can be described by a linear combination of two arbitrary basis materials

µpEq “ A1f1pEq ` A2f2pEq , (3.8)

where Aα represents the line integrals of the respective basis material α and fαpEq the
energy dependency of the attenuation caused by those materials [Alvarez, 1976]. Since
the contribution of Rayleigh scattering to the total attenuation cross-section is small
compared to the one of the photoelectric and Compton effect, only these two interaction
processes are relevant for medical imaging in the range of 20 keV to 140 keV. Based on
this, the attenuation caused by an object can be modeled by only two basis materials,
which can be obtained by a material decomposition. It has to be noted that Eq. (3.8)
can theoretically be extended to more than two basis materials, e.g. by materials with
K-edge discontinuities in the relevant energy range and decomposition into three or
more basis-materials could be transformed. In order to implement this, however, more
than two source energies or energy bins are required to avoid an underdetermined set
of equations. A direct quantitative evaluation of the samples internal structures in
terms of calculating electron density and effective number maps can be realized by the
photoelectric/Compton decomposition. Since this no electron density maps are shown
in this work, see [Ehn, 2017] for further information about its calculation.
The attenuation-based conventional spectral imaging approach is based on a forward
model. Using the Beer-Lambert law and the assumption from Eq. (3.8), the expected
number of photon counts ŷsi registered in detector pixel i for spectrum s and two basis
materials is expressed as follows

ŷsi “

ż 8

0

SspEq ¨Rs
pEqe´A

i
1f1pEq´A

i
2f2pEqdE , (3.9)

with SspEq denoting the source spectrum and RspEq the spectral bin sensitivity of
the detector being the probability that a photon with an X-ray energy E is detected
in energy bin s [Mechlem, 2019b]. Since a dual-energy approach with two different
interferometers and source spectra (low- and high-energy spectrum) is simulated for a
quasi-monochromatic X-ray source, it has to be noted that in contrast to the assump-
tions made by [Mechlem, 2020], the source spectrum SspEq differs from each other
for the different X-ray energies (s = 1, 2). The realistic detector energy response func-
tion (considering charge sharing and K-escape photons) and the quantum efficiency for
the pixel-wise effective spectra been considered in a tool simulating the behaviour of
photon-counting detectors based on the assumptions by [Schlomka, 2008]. Assuming
uncorrelated Poisson statistics for the individual bin and pixel data, the model param-
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eters of the forward model in Eq. (3.9) (here the basis material line integrals Aα) are
determined with a maximum-likelihood estimator. This is performed by minimizing
the following negative log-likelihood function in detector pixel i of totally N pixels
[Roessl, 2007; Long, 2014; Mechlem, 2018b]:

´ Lp ~A1, ~A2q “

S
ÿ

s“1

ŷsi ´ y
s
i ln ŷsi , (3.10)

in order to obtain the two basis material line integrals ~A1 and ~A2 for all pixels with
ysi being the measured photon counts. This optimization problem is solved for each
detector pixel individually for conventional attenuation-based spectral imaging because
they are not correlated which in turn facilitates the optimization.

3.3.2 Differential Phase-Contrast Imaging

As described before (cf. Sec. 2.4), the image acquisition in differential phase-contrast
imaging can be conducted by grating interferometry. Neglecting the polychromaticity
of an X-ray spectrum, the expected number of photon counts at the detector ŷri for
every stepping position r is given by [Mechlem, 2019b]

ŷri “ b ¨ e´µip1` V e´εi cos pφr `∆φiqq . (3.11)

The three modalities extracted by grating-based phase-contrast imaging, namely at-
tenuation, phase shift and visibility reduction (corresponding to the dark-field signal)
are denoted by µi, ∆φi and εi. The reference intensity, reference phase and reference
visibility of the stepping curve are expressed by b, φr and V , respectively. To obtain
the three aforementioned modalities (µi, ∆φi, εi), Fourier processing, least-squares fit-
ting or expectation-maximization processing can be utilized. Here, it is performed by
minimizing a negative log-likelihood function of the measured data as follows

´ Lp~µ,∆~φ,~εq “
R
ÿ

r“1

ŷri ´ y
r
i ln ŷri , (3.12)

where yri indicates the measured number of photon counts for each detector pixel i
and stepping position r of R stepping positions in total [Mechlem, 2019b]. Again, this
optimization problem is solvable for every detector pixel individually.
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3.3.3 Spectral Differential Phase-Contrast X-ray Imaging

Starting from the simultaneous acquisition of energy-resolved phase stepping curves
in grating-based phase-contrast X-ray imaging, the SDPC forward model is derived
combining the two forward models presented above (cf. Eq. (3.9) and (3.11)). It
expresses the expected number of photon counts ŷrsi as follows [Mechlem, 2019b]

ŷrsi “

ż 8

0

SspEqRs
pEqe´A

i
1f1pEq´A

i
2f2pEq¨

”

1` V s
pEqe´d

i
εf
s
ε pEq cos pφs,rpEq `∆φsi pEqq

ı

dE .

(3.13)

Here, an additional third basis material that is responsible for the stepping curve’s
visibility reduction is introduced and called “dark-field basis material”. The additional
term in the exponent compared to the forward model in Eq. (3.11) energy-dependent
visibility reduction per unit length fεpEq and is explained in more detail by Mechlem
et al. in [Mechlem, 2019b]. However, this is not further explained here due to the
lack of relevance for this work. Please refer to [Mechlem, 2019b; Mechlem, 2020] for
additional information concerning this topic.
A dual-energy approach with two different interferometers and source spectra (low- and
high-energy spectrum) is simulated in the quasi-monochromatic case. Therefore, it has
to be noted that in contrast to the assumptions made by [Mechlem, 2020], several
parameters (source spectrum SspEq, visibility V spEq, reference phase Φs

r and phase
shift ∆φsi pEq) differ from each other for the different spectral acquisitions (s = 1, 2).
These parameters are therefore denoted with an additional index s which is omitted in
the case of polychromatic imaging where only one source spectrum (s = 1) is used. In
the latter case, the spectral separation is detector-based.
The differential phase shift ∆φ is proportional to the the gradient of the projected
electron density (PED) B

Bx
ρ̃epxi, yiq with xi and yi as spatial coordinates for every

detector pixel i in the detector plane, is perpendicular to the grating bars and can be
calculated as follows [Birnbacher, 2018; Qi, 2010]

∆φsi pEq “
qs

E2

B

Bx
ρ̃epxi, yiq , (3.14)

with a proportionality factor q which is defined as

qs “
Mreh

2c2dsG1,G2

ps2
¨ g , (3.15)

where re the classical electron radius, dG1,G2 the inter-grating distance between G1 and
G2 and p2 the G2 grating period. For the quasi-monochromatic dual-energy simulation
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case where two interferometers are modelled, the inter-grating distance dG1,G2 or the G2

grating period is changed so that they match with the design energy. Therefore, these
two parameters are also marked with the index s. Since the measured electron density
profile is magnified, the magnification M is additionally considered. The sensitivity
reduction factor g depends on the position of the sample [Donath, 2009]. It corrects
for the fact that the sample is not directly located at the G1 grating position. It is
differentiated between the following two cases

g “

#

1´
dsample,G1

dsource,G1
for sample between X´ray source spot{G0 and G1 ,

1´
dsample,G1

dG1,G2
for sample between G1 and G2 .

(3.16)

Here, dsample,G1 and dsource,G1 denote the distances between sample to G1 and between
source or G0 to G1, respectively. The phase shift ∆φi is proportional to the gradient
of the PED which is perpendicular to the grating bars.
The (projected) electron density can be determined by both conventional attenuation-
based and phase-contrast imaging and is therefore the connecting parameter between
grating-based phase-contrast and spectral imaging for SDPC. Instead of obtaining
the PED ρ̃ie “ ρ̃epxi, yiq by the integration of the three-dimensional electron density
distribution ρepx, y, zq along the projection direction (z-direction) with

ρ̃epx, yq “

ż

ρepx, y, zqdz , (3.17)

the idea is to express the PED as sum of the PEDs of the respective basis materials
Mi in order to eliminate the PED as additional optimization variable:

ρ̃ie “ Ai1ρepM1q ` A
i
2ρepM2q , (3.18)

with ρepMiq denoting the electron densities of the respective basis materials. As in
conventional attenuation-based spectral imaging, this assumption works well for the
relevant energy range of medical imaging from 20 to 140 keV.
Analogous to spectral imaging, the optimization problem is solved by minimizing the
negative log-likelihood function to obtain the two basis material ~A1 and ~A2 as well as
the thickness of the dark-field generating material ~dε as follows

´ Lp ~A1, ~A2, ~dεq “
N
ÿ

i“1

S
ÿ

s“1

R
ÿ

r“1

ŷrsi ´ y
rs
i ln ŷrsi . (3.19)

In contrast to conventional attenuation-based spectral imaging and due to the statisti-
cal coupling of adjacent pixels by the electron density gradient, the SDPC optimization
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problem is not separable for each detector pixel individually. As a consequence, it is
conducted for every detector row perpendicular to the grating bars. Local optima are
introduced by the cosine term in the SDPC forward model (cf. Eq. (3.13)). Instead of
a computationally intensive global optimization strategy, a gradient-based optimiza-
tion strategy is fed with a sufficiently close initial guess. The initial guess used for
the SDPC optimization is the result of the conventional material decomposition and
smoothed with a 2D Gaussian with σ “ 2.0.

3.4 Estimation of the Mean Glandular Dose

Dosimetry is one of the most important tasks in medical X-ray imaging. Since glandular
tissue in the female breast is the most radiation-sensitive organ of the human body, dose
monitoring is very crucial to minimize the probability of radiation-induced detriment.
An extensive review about dosimetry in breast imaging is given in [Dance, 2016]. In
this section, a brief introduction into different general dosimetric quantities is given
before the detailed calculation of the MGD at the MuCLS is explained.

Dosimetric Measures

In general, dosimetry discriminates between the absorbed dose D and the kinetic energy
released per unit mass (kerma) K which are the two most important quantities. While
the absorbed dose refers to the locally absorbed mean energy dε per unit mass dm as
follows [Nenot, 2009]

D “
dε

dm
, (3.20)

the kerma, however, considers the kinetic energy Etr transferred to charged secondary
particles of the first generation by indirect ionizing radiation [Krieger, 2012]. The kerma
is defined as the mean sum of this kinetic energy dEtr per unit mass dm [PetoussiHenss,
2010]

K “
dEtr

dm
. (3.21)

The unit of kerma is joule per kilogram which is defined as gray (1 J/kg = 1 Gy). To
consider the energy fluence ΦpEq of the uncharged particles for every energy bin E,
kerma can also be calculated as follows
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K “

ż

ΦpEq ¨ E ¨
µtrpEq

ρ
dE . (3.22)

with µtrpEq
ρ

as material-depending mass energy transfer coefficient. Thereby, the prod-

uct
”

E ¨ µtrpEq
ρ

ı

is also known as kerma factor. The total kerma K is composed of two

parts, the collision kerma Kcol and the radiative kerma Krad [Attix, 1979]

K “ Kcol `Krad . (3.23)

The collison kerma includes the part of the transferred kinetic energy which is converted
into ionizations and excitations by the secondary electrons. The radiative kerma refers
to the part which is converted back into photon energy (e.g. bremsstrahlung, anni-
hilation radiation of positrons or fluorescence radiation). Since the radiative kerma
is related to the bremsstrahlung whose amount is negligible compared to the one of
collision kerma for low X-ray energies and air (Krad « 0), the air kerma is used as
follows [Schlegel, 1999]

Kair “

ż

ΦpEq ¨ E ¨

ˆ

µenpEq

ρ

˙

air

dE , (3.24)

with
´

µenpEq
ρ

¯

air
as energy-dependent mass energy absorption coefficient of air for un-

charged particles. The International Atomic Energy Agency (IAEA) recommends air
kerma as the main measure in dosimetry [IAEA, 2007]. Additionally, (air) kerma can be
used for the calibration of ionization chambers in dose monitoring protocols. Another
quantity, now obsolete but still used in US papers, is exposure X. It should represent
the ionization in air based on ionizing radiation like X-ray photons. This quantity has
commonly been used for ionization chambers filled with air, so that the exposure is
defined as the electric charge freed divided by the mass of the air [Schlegel, 1999]

X “
dQ

dm
, (3.25)

where dQ represents the number of charge of ions which are produced in the air of the
mass element dm. The unit of the exposure is defined as [X] = R. To convert between
the two dosimetric measures (air kerma and exposure), the conversion 1 R = 8.7 Gy is
used.
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Mean Glandular Dose Calculation at the
Munich Compact Light Source

One way to obtain the effective dose of an entire organ is to measure the equivalent or
absorbed dose and calculate the effective dose by using tissue and radiation weighting
factors [Harrison, 2015]. Since the air kerma is measurable, but not the specific dose
applied to an organ, an approximating calculation is required. Therefore, conversion
factors usually provided by Monte Carlo simulations are used to convert air kerma
into dose (in this case: MGD). A detailed comparison of the existing dose calculation
models is summarized in [Eggl, 2017] including a comparison between the model of
Dance et al. [Dance, 1990; Dance, 1999; Dance, 2000], Wu et al. [Wu, 1991; Wu,
1994] and Boone et al. [Boone, 1999; Boone, 2002]. The disadvantage of most of
the models for breast imaging at the MuCLS is that the conversion factors are just
listed for specific X-ray spectra [Dance, 1990; Dance, 1999; Dance, 2000; Wu, 1991;
Wu, 1994]. In contrast, the SIERRA Monte Carlo simulation-based model developed
by Boone et al. tabulates monoenergetic normalized glandular dose coefficients, the
DgN values [Boone, 2002]. They are compatible with arbitrary X-ray spectra, e.g.
with those produced by the MuCLS. The DgN values are provided by fit equations for
energies between 8 keV and 50 keV, for breast thicknesses between 2 cm and 9 cm and
different percentages of glandular tissue (0 %, 50 % and 100 %) for a given sample. The
energy-dependent normalized glandular dose coefficients are exemplary plotted for a
glandularity distribution of 50 % in Fig. 3.2. Based on the assumptions by [Boone, 2002]
and [Nosratieh, 2015] explained in [Eggl, 2017], the MGD at the MuCLS is calculated
with

MGD “

Emax
ÿ

E“Emin

KpEqrmGys ¨ κ

„

R

mGy



¨

ˆ

DgNpE, t, gq

„

mGy

R

˙

, (3.26)

where κ is the conversion factor from air kerma to exposure with κ “ 0.114 R{mGy,
t the breast thickness and g the amount of glandularity (0 %, 50 % or 100 %). The
respective units are given in square brackets. For a CT scan, the MGD values of N
projections are summed up to the total MGD. For the sake of simplicity and since the
photon flux is not stable over the time at the MuCLS, the air kerma is not measured
during every beam time, but calculated using the following equation

KMuCLSpEq “ E ¨ ΦpEq ¨

ˆ

µen

ρ
pEq

˙

air

. (3.27)

For this equation, the tabulated values from Buhr et al. are used for the mass energy
attenuation coefficient of air [Buhr, 2012]. In addition, the X-ray spectrum is measured
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Figure 3.2: Energy-dependent normalized glandular dose coefficients DgN(E).
Since the air kerma depends on the mass where the energy is deposited, the values are
plotted for different sample thicknesses ranging from 2 cm to 9 cm and for a glandularity
of 50 %.

using an energy-dispersive detector (Amptek X-123, Amptek Inc., USA). The spectrum
is corrected for the absorption of air and the efficiency of the detector. The flux is
measured with the SANTIS 0808 GaAs 75 µm prototype detector (DECTRIS AG,
Baden-Daettwil, Switzerland) in an additional scan without any sample or gratings in
the beam path. The scintibloc counts are simultaneously recorded during this scan
since the photon flux is not stable at the MuCLS. Previous measurements show that
the behaviour is linear to each other [Cont, 2016]. In order to finally estimate the
photon flux, the following steps are performed: The photon flux at the sample position
is obtained by averaging the photon counts over an arbitrary region of interest (ROI)
and correcting for the pixel size yielding the photon flux per square millimeter at
the sample position. To obtain the relevant photon flux at the sample instead of
the detector position, a geometrical correction is conducted. For this, the following
equation of the transmitted intensity

T “

řEmax

E“Emin
SpEq ¨ exp

´

´
µ
ρ
¨ ρ ¨ d

¯

řEmax

E“Emin
SpEq

, (3.28)
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with SpEq as normalized intensity per energy bin E of the spectrum, d as thickness
of the absorbed material, µ{ρ as mass attenuation coefficient and ρ as density of the
respective material, is used to correct for the absorption of air between detector and
sample and the water bath (including polymethyl methacrylate (PMMA) and water).
The transmitted intensity T is also utilized to calculate the detector’s quantum effi-
ciency QESantis which is expressed as follows

QESantis “ 1´ TGaAs . (3.29)

All in all, the initially measured flux is finally corrected for the air gap between detector
and sample position Tair, for the PMMA of the walls of the water bath TPMMA and the
water within the water bath Twater to obtain the corrected photon flux at the sample
position:

Φcor “
Φ

QESantis ¨ Tair ¨ TPMMA ¨ Twater

. (3.30)

Through the multiplication of the normalized spectrum SnormpEq and the corrected
flux Φcor, the corrected flux per energy bin ΦpEq is obtained

ΦpEq “
SnormpEq

řEmax

E“Emin
SnormpEq

¨ Φcor . (3.31)

3.5 Image Evaluation

The results presented in this work are assessed in different ways. The image quality
is evaluated based on the CNR, the edge sharpness and a theoretical noise analysis
taking into account the applied MGD. All approaches are explained in the following
subsections.

3.5.1 Contrast-to-noise Ratio

The CNR is a measure to quantify noise in combination with the contrast in an image.
The contrast is defined by the difference between two average signals S1 and S2 in two
different ROIs. The contrast, divided by the standard deviation σBG within a larger
ROI of a background region, represents the CNR:

CNR “
S1 ´ S2

σBG

. (3.32)
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The standard deviation is defined as

σ “

g

f

f

e

1

N

N
ÿ

i“1

pxi ´ x̄q
2 , (3.33)

where N is the total number of pixels of the selected ROI, xi is the intensity of the given
pixel and x is the average of the intensity in all pixels. Noise is generally separated in
random and structural components. Random noise arises based on the quantum mottle
and can be decreased by imaging with more X-ray photons. Structural components,
however, are given by fixed structures of every sample.

3.5.2 Assessment of Edge Sharpness

In addition to the quantification of contrast and noise, it is also important to take the
resolution or sharpness of an image into account. The analysis of strongly attenuating
or phase-shifting edges is suitable to investigate the latter. At an edge, intensity values
gradually de- or increase such that the slope of its intensity curve can be used as
sharpness measure. While blurred edges correspond to a rather lower resolution, sharp
edges result in low to high (or the other way round) intensity values very quickly. The
intensity values along one line across the edge are fitted using a logistic fit function
fpxq which is adapted and slightly modified from Ahmad et al. [Ahmad, 2015] and
defined as

fpxq “
L

1` ekpx0´xq
` c , (3.34)

with L as amplitude, c as vertical offset, x0 as horizontal offset of the logistic fit and
k as measure for the slope of the curve. For the analysis of the edge sharpness, the
k-value is the relevant parameter and is therefore used as measure. The higher the
k-value, the better the sharpness, and the lower the k-value, the blurrier the edge
corresponding to a lower resolution. For a CT scan, the line is averaged over several
slices to increase image statistics and make it less prone to background noise. At
straight edges, it is also possible to average over several neighbouring pixels. In Fig. 3.3,
one exemplary CT slice with a zoom-in section of the PMMA rod ROI which is used
for edge sharpness analysis is presented in (A) while in (B), the plotted original values
and the corresponding logistic fit are shown.
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Figure 3.3: Visualization of the edge sharpness measure. (A) Exemplary slice of a
CT scan including the edge of a PMMA rod. The orange line indicates the line along which
the k-value is calculated. (B) The original values of the orange line are plotted and the
logistic fit whose slope is a measure for the edge sharpness is added.

3.5.3 Theoretical Noise Analysis

One way to evaluate the image quality and to compare the different imaging modalities
is a noise analysis initially proposed by [Mechlem, 2020] and among others used for
the estimation of optimum imaging parameters. It is based on the Cramér–Rao lower
bound (CRLB) from estimation theory and predicts the variance of the PED in order
to quantify the noise in the generated images.
For an unbiased estimator (like the maximum-likelihood estimator), it predicts the
lower bound of the minimal variance. For a given vector parameter a, the covariance
matrix Cpaq is stated as [Kay, 1997]

Cpaq ´ rFpaqs´1
ě 0 . (3.35)

This means that the Cpaq´ rFpaqs´1 matrix is positive semidefinite. The Fisher infor-
mation matrix Fpaq is defined by
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Fuv “ E

„

´
B2Lpaq

BauBav



, (3.36)

where E represents the expectation value of the curvature of the negative log-likelihood
function Lpaq and u and v as indices of the given vector a. The covariance matrix Cpaq
of vector a is

Cuv “ Erpau ´ Epauqq pav ´ E pavqqs . (3.37)

Based on the assumptions/knowledge of Eq. (3.35), the lower bound of the squared
variances of the estimated parameters σ2pauq is

Cuu “ σ2
pauq ě

`

F´1
˘

uu
. (3.38)

Since Eq. (3.35) is semidefinite, the diagonal matrix elements of the Cpaq ´ rFpaqs
matrix are non-negative. In consequence, the estimated parameter’s squared variance
σ2pauq can only be larger than or equal to the diagonal elements of the inverse Fisher
information matrix. As derived by and shown in [Mechlem, 2020], the CRLB approach
can be used for the prediction of the noise levels of the three imaging modalities de-
scribed above and enables a quantitative image comparison. Here, only the prediction
for the conventional spectral and the SDPC imaging are introduced. Please refer to
[Mechlem, 2020] for a more detailed derivation of this approach especially of the Fisher
matrix for differential phase-contrast imaging.
By utilizing the negative log-likelihood functions from Eq. (3.10) and (3.19) together
with Eq. (3.36), the corresponding Fisher matrix Fuv can be calculated. The Fisher
information matrix for conventional attenuation-based spectral imaging is derived as
follows [Roessl, 2009]

Fuv “

S
ÿ

s“1

1

ŷs
Bŷs

BAu

Bŷs

BAv
, (3.39)

with ŷs as expected number of photon counts for source spectrum s, and Au and Av
as line integrals of the basis materials u and v. Due to simplicity reasons, it has
been dispensed to include the pixel dependency with index i in this case, since this
optimization problem is separable for every pixel individually and since there is no
correlation between neighbouring pixels. Thus, the Fisher matrix for spectral imaging
with two basis materials is reduced to a 2ˆ2 matrix. To calculate the lower bound or in
this case the theoretically lowest basis material variances σ2pAu,vq using Eq. (3.38), the
Fisher information matrix from Eq. (3.39) is inverted with the 2ˆ2 matrix inversion
formula.
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As mentioned in Sec. 3.3.3, for SDPC imaging, however, the optimization problem
can not be solved for every pixel individually. In contrast to spectral imaging, the
Fisher matrix is extended to three optimization variables for all pixels N with a vector
a “ pA1

1, ..., A
N
1 , A

1
2, ..., A

N
2 , d

1
ε , ...d

N
ε q. Thus, the resulting 3Nˆ3N Fisher information

matrix is calculated for every stepping position r of totally R stepping positions by

Fuv “

N
ÿ

i“1

S
ÿ

s“1

R
ÿ

r“1

1

ŷrs
Bŷrs

Bau

Bŷrs

Bav
. (3.40)

Since the differential phase shift only couples neighboring pixels, most of the matrix
elements become zero. Again, the inverse Fisher matrix is calculated in order to use
its elements for the estimation of the line integral’s covariance:

Covpau, avq « F´1
uv . (3.41)

For the material decompositions (conventional and SDPC), the PED variance σ2pρeq
given in [cm´4] is calculated by standard error propagation from the variances of the
respective basis material thicknesses for one pixel as follows

σ2
pρeq “ ρVe pM1q

2σ2
pA1q ` ρ

V
e pM2q

2σ2
pA2q ` 2 ¨ ρVe pM1qρ

V
e pM2qCovpA1, A2q , (3.42)

where ρV
e pM1q and ρV

e pM2q represent the volume electron densities of the two basis ma-
terials, σ2pA1q and σ2pA2q the basis material variances and CovpA1,A2q the covariance
of the two basis material thicknesses approximated by pF´1q12.

3.6 Detector Characterization

The characterization of an imaging system can be conducted by measuring the spatial
resolution including measures such as the MTF, the PSF and the LSF measured either
with a knife edge or a Siemens star. The PSF depicts the intensity distribution obtained
with an infinitesimal small pin hole and source spot. The MTF represents a spatial
frequency dependent loss in amplitude of intensity modulations. The LSF, however, is
the intensity distribution obtained with an infinitesimal small slit which equals a line
of the MTF. In the following two sections, two common approaches to calculate these
measures using an absorbing sample of known shape are presented, both experimentally
and mathematically. They are useful to get access to the spatial resolution of an
imaging detector by placing the test pattern as close as possible to the detector so
that other influencing parameter can be minimized. The explanations in this section
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are based on and further information giving a comprehensive overview can be found in
[Boreman, 2001; Buzug, 2008; Behling, 2015; Russo, 2017].

3.6.1 Knife Edge Approach

Overall, the resulting MTF of an imaging system is composed of the respective MTFs
of all components such as the X-ray source, the detector, the pixel electronics and the
geometry [Buzug, 2008]

MTFsystem “ MTFsource ¨MTFdetector ¨MTFelectronics ¨MTFgeometry ¨ ... (3.43)

One possibility to obtain the MTF of the system is using a straight, sharp and highly
absorbing knife edge. Experimentally, the edge spread function (ESF) is derived by
plotting the normalized pixel values of the transmission image perpendicular to the
edge depending on the distance to the edge. In order to avoid sparse sampling of the
ESF, the edge has to be placed with a small inclination angle into the beam path a
subpixel accurate ESF. A linear combination of three error functions is used for fitting
the ESF. An one-dimensional Heaviside-function Θpxq can be used to model the pro-
duced intensity pattern of such an edge resulting in the so-called ESF. Mathematically
written, the ESF is defined as

ESFpxq “

ż 8

´8

ż 8

´8

PSFpu, vqΘpx´ uqdudv , (3.44)

where v is parallel and x and y perpendicular to the edge. The angular properties of
the PSF could be obtained step by step through measurements at different inclination
angles. From Eq. (3.44), the LSF as derivative of the ESF can be accessed via

ESFpxq “

ż 8

´8

LSFpuqΘpx´ uqduô LSFpxq “
d

dx
ESFpxq . (3.45)

Taking the real part of the Fourier transform of the LSF into account, the MTF can
be calculated as follows

MTF “ <tFtLSFuu . (3.46)

The 10 % value of the MTF is commonly a measure for the spatial resolution of an
optical imaging system given in line pairs per millimeter. In an ideal imaging case, one
is able to discriminate two neighbouring black and white line pairs.
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3.6.2 Siemens Star Approach

The second approach uses a Siemens star which is an absorbing test pattern consist-
ing of alternating, radially equidistant rays. The spatial frequency increases towards
the center of the plate. Experimentally, the radius- or rather the spatial frequency-
dependent contrast between the different rays is analyzed. Although the analysis is
more complex than with the edge approach, it is possible to obtain the two-dimensional
PSF with a Siemens star directly from the measured MTF within one measurement.
Different steps have to be conducted which are explained in the following:
Since this method is limited by the center plate of the Siemens star, whose size depends
on the respective production of the test pattern, this center plate of the Siemens star
has to be identified first. For this, a region growth segmentation is used starting with
a user-selected seed placed in the center region. This results in a radial mask from
which the center of mass and thus also the center of the Siemens star is computed.
This is followed by an analysis of the radial line plots resulting in the generation of
the MTF. A radius-dependent frequency modulation is induced by the alternating
non- and high-absorbing rays for the pixels on a circle around the center plate. An
additional angle-dependent modulation superimposes this fixed frequency modulation
(the enveloping of it) and finally defines the edge sharpness measure. In contrast to the
determination of the ESF, which usually only refers to a line plot perpendicular to the
sharp edge, the intensity difference between the minima and maxima of neighbouring
pixels that resembles a loss of contrast is of interest for the Siemens star approach. For
this, an upper Uepα, rq and lower Lepα, rq envelope function is calculated and plotted to
the high frequency intensity modulation, so that the contrast c between the alternating
intensities results from their ratio as follows

cpα, rq “
Uepα, rq

Lepα, rq
. (3.47)

Here, r denotes radius and is directly related to the spatial frequencies. The angle-
dependent MTF is finally generated by combining all analyzed radial line plots for each
radius. A discretizied two-dimensional Gaussian function is assumed for the PSF to
fill missing values in the MTF. Finally, the results of the MTF are transformed into a
Cartesian coordinate system. The resulting intensity maximum is located around the
center and is either round- or elliptical-shaped. The data can be Fourier transformed
which then leads to the PSF:

PSF “ |FtMTFu| . (3.48)

An ideal imaging system would yield in a point-like PSF meaning that there is full
contrast for all of the MTF’s spatial frequencies.
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Breast Computed Tomography at
the Munich Compact Light Source 4

In this chapter, first attempts towards grating-based phase-contrast BCT with a quasi-
monochromatic X-ray source are presented. This chapter initially includes a description
of the experimental setup of the second hutch of the MuCLS at which all projection
images of the samples have been acquired. Since achieving a low MGD for BCT is
the main goal and biggest challenge of this project, dose considerations were made in
advance to determine optimized exposure times. To find the most suitable detector for
this application, an evaluation and comparison of them was also conducted. Finally,
first BCT results with samples fitting into the field of view (FOV) are presented followed
by an off-axis scan for a larger breast-like phantom. Please note that parts of the
results in this chapter were produced in collaboration with a master’s thesis [Resch,
2021]. Some clinical images used for a visual comparison of the image quality of the
laboratory results obtained were provided by Magda Marcon. They were also published
in “Recent advances in X-ray imaging of breast tissue: From two- to three-dimensional
imaging” so that subfigures may appear identical to the publication [Heck, 2020].

4.1 Motivation

Although the breast imaging community already focused on the development of attenu-
ation-based BCT a few decades ago, [Chang, 1977; Chang, 1978; Chang, 1980], the mile
stones towards the clinical implementation of this technology have mainly been achieved
during the last two decades [Boone, 2001; Boone, 2006; Lindfors, 2008; Prionas, 2010;
Kalender, 2012; Kuzmiak, 2016; Kalender, 2017; Koning, 2019; ABCT, 2020]. The ex-
amination with BCT offers an unrestricted three-dimensional view of the female breast
without the patient feeling disturbed by the compression of the breast. The results
of several studies as well as efforts of researchers and manufacturers show the great
potential of this promising imaging alternative for women whose mammography is not
very meaningful and who do not want to or are not allowed to undergo MRI. Ten
reasons for the necessity of BCT are listed in [OConnell, 2017]. Among others, this
technique provides shorter performance time and better resolution than MRI, benefits
for dense breasts, it overcomes limitations of mammography and reduces false positive
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or negative diagnoses.
However, the problem of low soft tissue contrast, which is due to the weak absorp-
tion in biomedical samples, remains as with mammography. An example for in vivo
attenuation-based BCT is presented in Fig. 4.1 (A) and (C) for a coronal and sagittal
view, respectively. The multricentric invasive ductal carcinoma indicated by the orange
arrows was better visible after the administration of iodine-containing contrast agent
in (B, D). This example underlines the demand for an imaging technique providing
higher soft tissue contrast without the need of injecting a contrast agent. While the X-
rays traverse matter, they are attenuated, refracted as well as scattered. Exploiting the
latter two by imaging with phase-sensitive techniques such as propagation-, analyzer-
or grating-based phase-contrast imaging could help to overcome the aforementioned
limitation [Momose, 2003; Weitkamp, 2005; Pfeiffer, 2006; Gureyev, 2009; Wu, 2014;
Krenkel, 2016].
First studies for propagation-based phase-contrast mammography have been performed
at the Synchrotron Radiation for Medical Physics (SYRMEP) beamline in Trieste
[Arfelli, 2000; Olivo, 2009; Castelli, 2011; Longo, 2014; Olivo, 2014]. Due to the
monochromaticity of such an X-ray source, the photon energy can be perfectly ad-
justed for each application leading to an optimized contrast-to-dose-ratio. Improved
detection of breast cancer was successfully observed in initial proof-of-principle stud-
ies and finally in a clinical trial with more than 70 patients. [Arfelli, 2000; Olivo,
2009; Castelli, 2011; Longo, 2014; Olivo, 2014]. However, the clinical feasibility of
this method remains unlikely due to the high costs, limited availability, high spatial
requirements and remoteness of synchrotrons with respect to clinics.
In contrast, grating-based phase-contrast imaging is the most promising approach with
regard to the clinical implementation at a polychromatic X-ray source [Pfeiffer, 2006;
Pfeiffer, 2007; Pfeiffer, 2008]. This technique additionally retrieves information about
the ultra-small-angle scattering that is related to the dark-field signal. Besides the en-
hanced delineation of breast cancer features using the phase information, an improved
detection and classification of microcalcifications using the scattering information can
be achieved [Stampanoni, 2011; Scherer, 2014; Scherer, 2016; Grandl, 2015; Hauser,
2014; Auweter, 2014]. However, the applied MGD of the previous studies using grating
interferometry still exceed the allowed limit of 2.5 mGy per view [Perry, 2006]. Thus,
subsequent studies demonstrated the feasibility of this technique in a dose-compatible
range at a laboratory setup using a polychromatic X-ray source and even at a clinical
mammography device [Koehler, 2015; Scherer, 2015; Arboleda, 2019].
For early breast cancer detection, both approaches showed fundamental advances which
were encouraging for researchers to try to extend these results to BCT. Several ex-
periments for the evaluation of BCT have been performed in different ways includ-
ing analyzer-based [Keyriläinen, 2008; Sztrókay, 2012], grating-based [Sztrókay, 2013;
Grandl, 2014; Hellerhoff, 2019; Willner, 2016] and propagation-based [Longo, 2016;
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4.1 Motivation

DC

A B

Figure 4.1: Example of in vivo attenuation-contrast breast computed tomogra-
phy. The (A, B) coronal and (C, D) sagittal views of the uncompressed breast is presented.
In contrast to the images in the left column, the images in the right column contain iodi-
nated contrast agent. The patient has a nipple retraction and multicentric invasive ductal
carcinoma and was diagnosed with a retroareolar lesion (invasive ductal carcinoma) which is
better visible after contrast agent administration. In the sagittal view an additional lesion is
detected in the upper quadrants of the breast. Images were provided by Magda Marcon and
published in [Heck, 2020].
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Tromba, 2016; Taba, 2018; Pacilè, 2018; Brombal, 2018c; Brombal, 2018a; Brombal,
2018b; Lewis, 2018; Brombal, 2019; Piai, 2019; Longo, 2019; Pacilè, 2019; Delogu,
2019; Longo, 2020] phase-contrast imaging techniques with different imaging settings.
All studies reveal advantages of three-dimensional imaging in combination with phase
contrast in terms of an improved detection of cancerous lesions and abnormalities in
the breast. Although the synchrotron-based results at Elettra and the Australian syn-
chrotron were obtained at a dose within the limit for mammography, scanning women
clinically in vivo is rather unlikely at such X-ray sources due to aforementioned limita-
tions. Consequently, this approach would be challenging to implement in clinical daily
routine.
The overall aim of this project is the development of low-dose grating-based phase-
contrast BCT. Instead of measuring directly at a conventional, clinically used poly-
chromatic X-ray source, initial experiments are conducted at the MuCLS, the world’s
first commercial installation of an inverse Compton source, due to the radiation sen-
sitivity of the female breast. The X-ray source provides quasi-monochromatic X-ray
photons meaning that photons that only contribute to the applied MGD, but not to
image contrast are eliminated. Several studies have already been accomplished on
dose-compatible mammography, CESM and DBT at the CLS which should now be
extended to BCT [Eggl, 2016b; Eggl, 2018; Heck, 2019]. A first attempt deals with
an attenuation-only BCT without any gratings in the beam path. Afterwards, this is
extended to grating-based phase contrast performed with a smaller breast phantom
and a freshly dissected fibroadenoma. Finally, a larger breast phantom is measured
with an off-axis CT scan.

4.2 Experimental Setup

A photograph of the experimental setup of the MuCLS’s second hutch is shown in
Fig. 4.2. Through an evacuated beam pipe, the generated X-ray photons travel to the
experimental hutch. Two sample stages are available in this experimental hutch called
“mammo” stage for projection-based measurements and the “combi” stage for CT
scans. In this work, the sample is placed on the “combi” stage 14.93 m downstream
the IP of the accelerated electrons and the laser pulse. The sample hangs in a 30 mm
thick water bath during the measurement to avoid phase wrapping. A two-grating
interferometer including a phase grating G1 (made of nickel (Ni)) and an analyzer
grating G2 (made of gold (Au)) is utilized and installed behind the sample stage. The
FOV is 70 mm at the sample position and matches the size of the G2. Depending on
the design energy of the grating interferometer, the phase grating is replaced and in
consequence also the inter-grating distance is adjusted. The detailed grating specifica-
tions are listed in Tab. 4.1. Please note that the G1 grating is inclined by 6.33 degree
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resulting in an effective period of 4.89 µm. On average, approximate visibilities of 50 %
and 35 % are obtained for 25 keV and 35 keV, respectively. For attenuation-based CT
scans, the grating interferometer is moved out of the beam path. A movable stage
with different detectors is mounted 16.05 m away from the IP directly behind the G2.
The individual detectors including the Dexela 1512, one flat-panel detector, and three
photon-counting detectors (XC-Thor, Santis GaAs 75 µm and 150 µm) are delineated
in the following in more detail. Depending on the geometrical arrangement and the
physical pixel size, the effective pixel size of the detectors is calculated as follows

Effective pixel size “
physical pixel size

M
, (4.1)

where the magnification M is defined as

M “
SDD

SSD
, (4.2)

with SDD being the source-to-detector and SSD the source-to-sample distance. For
our experimental setup, this results in a magnification of 1.075 at the sample position
on the combi stage.

Santis GaAs 150 µm

Analyzer grating

Phase grating

Sample

Water bath

Beam path

Combi stage

Figure 4.2: Photograph of the experimental setup of the second hutch at the
MuCLS. This setup is used for attenuation-only and grating-based phase-contrast BCT.
The sample is mounted hanging into a 3 cm thick water bath in front of the grating interfer-
ometer including phase and analyzer grating. The X-ray beam comes from the left side out
of the evacuated beam pipe. The detectors are mounted on a movable stage directly behind
the analyzer grating on the right side.
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G1 G1 G2

Design Energy [keV] 25.00 35.00 both

Material Ni Ni Au

Substrate Si 525 µm Si 525 µm Si 525 µm

Height [µm] 4.39 6.15 70.00

Period [µm] 4.92 4.92 5.00

Duty cycle 0.50 0.50 0.50

Inter-grating distance dG [cm] 24.80 34.50 -

Table 4.1: Specifications of the gratings at the MuCLS. The individual characteristics
of the gratings used in this work for 25 keV and 35 keV are presented. The G2 is the same
for both X-ray energies. The two G1 gratings have a phase shift of π/2. The inter-grating
distance is adjusted for the respective design energy.

PerkinElmer Dexela 1512

The Dexela 1512 from PerkinElmer (Waltham, Massachusetts, USA) is a flat-panel de-
tector with a physical pixel size of 74.8 µm resulting in an effective pixel size of 69.6 µm
for the geometry at the combi stage. The detector has a GadOx scintillator with a
thickness of 150 µm. The active area is limited to 1536 ˆ 1944 pixels or 145.4 mm ˆ

114.9 mm [Elmer, 2012]. The maximum frame rate of this detector is 26 fps corre-
sponding to a minimum exposure time of 38.50 ms. In the following work, this detector
will be referred to simply as Dexela.

SANTIS GaAs 75 µm

The SANTIS 0808 GaAs 75 µm is a prototype detector provided by DECTRIS AG
(Baden-Daettwil, Switzerland). It is a photon-counting detector consisting of two
modules both equipped with a 500 µm thick GaAs sensor and separated by a gap
of 36 pixels. The detector’s active area is 77.25 mm ˆ 77.20 mm or 1030 pixel ˆ 1028
pixels. In order to use the spectral ability of this detector, it is possible to set two
different energy THLs per pixel [DECTRIS, 2019]. At the MuCLS, the physical pixel
size of 75.0 µm results in an effective pixel size of 69.8 µm. The maximum frame rate
for this detector is tabulated as 100 fps resulting in a lowest achievable exposure time
of 10 ms. In the following work, this detector will be referred to simply as Santis 75 µm.
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SANTIS GaAs 150 µm

The SANTIS 0808 GaAs 150 µm is a prototype photon-counting detector provided
by DECTRIS AG (Baden-Daettwil, Switzerland). The detector is equipped with two
modules of different sizes which are separated by a horizontal gap of five pixels. The
first module has a 500 µm and the second one a 750 µm thick GaAs sensor. An active
area of 154.20 mmˆ 38.55 mm or 1035ˆ 257 pixels can be used. The adjustment of four
energy THLs is possible for this device. Due to the small magnification, the effective
pixel size of this detector is 139.5 µm at the MuCLS. In burst mode, a maximum frame
rate of 200 Hz corresponding to a minimum exposure time of 5 ms is possible. In the
following work, this detector will be referred to simply as Santis 150 µm.

XCounter XC-Thor FX10

The XC-Thor FX10 from Direct Conversion AB (Danderyd, Sweden) is a single photon-
counting hybrid-pixel array detector equipped with a 750 µm thick CdTe sensor. The
physical pixel size is 100 µm resulting in an effective pixel size of 93.0 µm for the ex-
perimental setup used in this work. The total FOV meaning the active sensor area is
limited to 100 mm x 50 mm. For spectral imaging, it is possible to adjust two energy
THLs. The maximum frame rate for this detector is tabulated as 300 fps resulting in
a minimum possible exposure time of 3.33 ms. In the following work, this detector will
be referred to simply as XC-Thor.

4.3 Samples

The two samples described in the following sections are used to realize the first attempts
towards dose-compatible attenuation-only and grating-based phase-contrast BCT at
the MuCLS. The first one is a self-created breast-like phantom (cf. Sec. 4.3.1) and
the second one is a freshly dissected breast specimen including a fibroadenoma (cf.
Sec. 4.3.2).

4.3.1 Breast Phantom

For the preliminary work of attenuation-only and grating-based phase-contrast BCT, a
breast-like phantom is created. A piece of pork neck is used which should represent the
female breast as both mostly consist of adipose tissue. The female breast is additionally
composed of glandular tissue which is difficult to mimic in a biological phantom and
thus neglected here. Iodinated contrast agent and calcifications made of hydroxyapatite
and tissue glue are inserted. IMERON 400 MCT (Bracco Imaging Deutschland GmbH,
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5 mm

CIodine 
(6 mg/ml)

Adipose Tissue

Ethanol

Calcification5 mm

BA

Fibroadenoma

Muscle Tissue

Figure 4.3: Samples used for grating-based phase-contrast BCT at the MuCLS.
(A) Photograph of a piece of pork neck which consists of a high amount of adipose tissue
representing the breast phantom. It contains additional calcifications made of hydroxyapatite
and tissue glue and an Eppendorf tube with iodinated contrast agent in a clinical concentra-
tion of 6 mg{ml. (B) Sagittal slice of a phase-contrast CT image of the breast phantom used
for orientation. (C) Photograph of a 2.5 cm thick fibroadenoma.

Germany) is selected as commonly clinically used contrast agent. Injecting the contrast
agent in a concentration of 400 mg{ml at a standard dose of 1.5 ml{kg per body weight
of the woman, leads to a concentration of 6 mg{ml in the patient’s blood vessels with
a body weight of 80 kg and a blood volume of 66 ml{kg [Wadsworth, 1954]. Thus, an
iodine concentration of 6 mg{ml is chosen for the breast phantom. A photograph of the
sample is depicted in Fig. 4.3 (A) and a corresponding sagittal slice of a phase-contrast
CT image is additionally shown in (B) to enable a better orientation. The sample
is 2.5 ˆ 2.5 ˆ 4 cm3 large and chosen to fit in the FOV of the experimental setup.
The sample is first fixed in 4 % formaldehyde before it is added into a 70 % solution
of ethanol in the Falcon tube. This preparation allows the sample to be reused at
any time for prospective measurements. For subsequent work on this topic, the same
sample was recreated only with a larger diameter of approximately 6 cm to investigate
the difficulty of a dose-compatible off-axis CT scan (cf. Sec. 4.5.5).

4.3.2 Fibroadenoma

For the first evaluation of the experimental parameter settings initially investigated
with the breast phantom, the Red Cross Hospital Munich provided us with freshly
dissected fibroadenomas as first human breast specimens. The study was conducted in
accordance with the Declaration of Helsinki and approved by the local ethics com-
mittee (Ethik-Kommission der Bayerischen Landesärztekammer (BLAEK), number
19063, date of permission 30/09/2019). The 2.5 cm thick samples are embedded in
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4 % formaldehyde and an additional PMMA rod is inserted in the Falcon tube for en-
ergy calibration. This human breast sample is chosen since it fits in the experimental
FOV in contrast to large-scale mastectomy specimens. Fibroadenomas are the most
common benign breast lesions. They are benign fibroepithelial tumors that usually
occur in young women and in approximately 10 % of the female population worldwide
[Ajmal, 2021]. They are solid, not fluid-filled, usually unilateral with regular or lobu-
lated borders, often differ in size between a few millimeters and several centimeters and
originate from stromal and epithelial connective tissue cells which contain progesterone
and estrogen [Ajmal, 2021]. The growth of fibroadenomas is related to reproductive
hormones so that - due to the high amount of female reproductive hormones during
pregnancy - they may proliferate and the connective tissues increase [Ajmal, 2021].

4.4 Dose Considerations and Choice of Exposure
Time

Based on the two-view standard mammography screening, the published dose val-
ues for the conventional attenuation-based BCT are proposed to a total MGD of
5 mGy [Kalender, 2012; Kalender, 2017]. Thus, to acquire knowledge about the rele-
vant exposure time range, dose considerations must first be performed before starting
experimental work at the MuCLS. Therefore, MGD and the corresponding photon
flux values from previously conducted mammography studies are taken for a com-
parison [Eggl, 2018; Heck, 2019]. Measuring for example with a photon energy of
35 keV at a flux of 2.8 ¨ 1010 photons/seconds results in a MGD of 0.278 mGy per
second. Consequently, a total exposure time of 18 s is the upper limit for a 5 mGy-
based BCT measurement. Assuming an off-axis CT scan for large mastectomy samples
with 1340 angles and 5 phase steps, the exposure times for each projection and phase
step would be very short with 13.4 ms and 2.7 ms, respectively. For such low-dose CT
scans, the demands on the detectors, which have to deal with short exposure times, are
very high. In Sec. 4.2, the maximum frame rates of the given detectors are presented.
Comparing the flat-panel detector with the photon-counting detectors, it is notice-
able that the lowest achievable exposure times are provided by the photon-counting
detectors and their high maximum frame rates. The low frame rate of the Dexela, a
standard mammography detector, is not compatible with the high requirement of short
exposure times needed for BCT. Therefore, it is generally preferred measuring with
photon-counting detectors.
In this work, we aim for a grating-based phase-contrast BCT where three signals are
obtained simultaneously. Therefore, we propose this method rather as a check-up ex-
amination than as a screening method. Thus, a higher MGD than the 5 mGy proposed
for the attenuation-based BCT would also be reasonable. For first investigations in this
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direction we assumed a MGD of e.g. 20 mGy and a smaller sample. This requires only
650 angular projections for the CT scan resulting in an exposure time per projection
and stepping position of 22 ms. Based on the aforementioned assumptions as well as
taking pre-processing like binning, angle reduction and advanced reconstruction tech-
niques into account which additionally lower the MGD, higher exposure times would be
feasible. Please note that in addition to that, the daily varying photon flux of the CLS
must be taken into account so that the exposure times are adjusted accordingly. Most
of the measurements performed in this work have been conducted with a lower photon
flux than previously mentioned. In consequence, the measurements presented in the
following sections are generally conducted such that low and high dose measurements
ranging from exposure times with 40 ms up to 500 ms are obtained.

4.5 Experimental Results

The experimental results of this section are divided into different parts. After an ini-
tial analysis of the spatial resolution of different detectors (cf. Sec. 4.5.1), attenuation-
only (cf. Sec. 4.5.2) and grating-based phase-contrast breast computed tomography are
investigated. Therefore, a small breast-like phantom (cf. Sec. 4.5.3) and a fibroade-
noma representing a freshly dissected breast specimen are used for demonstration (cf.
Sec. 4.5.4) Finally, a larger breast-like phantom is created to examine the potential of
an off-axis CT scan (cf. Sec. 4.5.5).

4.5.1 Detector Comparison based on the Spatial Resolution

In this section, the Dexela and the Santis 75 µm detector as well as the two times
binned Santis 75 µm and the unbinned Santis 150 µm are compared regarding their
spatial resolution. Therefore, measurements with a tungsten knife edge in horizontal
and vertical direction and with a Siemens star are conducted. The measurements with
the edge are performed with a slight inclination of a few degrees compared to the
pixelated detector to obtain a dense sampling of the edge and thus an over-sampled
ESF. They are evaluated regarding their MTF, PSF and LSF. All measurements
are performed with an X-ray energy of 35 keV. The energy THLs of the two photon-
counting detectors are set to 55 % of the X-ray energy. In order to generate enough
statistics, 100 images with an exposure time of 5 s are recorded and finally averaged for
the two Santis detectors. Due to the comparably fast saturation of the Dexela flat-panel
detector, more images (500) with a smaller exposure time (0.1 s) are taken. For the
comparison between the Dexela and the Santis 75 µm, measurements are conducted at
the detector and the sample (“mammo” stage) position. The position of the detector is
additionally analyzed, as close to the detector surface any contribution from the X-ray
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source spot is eliminated. Thus, the detector’s MTF is exclusively measured. Since
the position-dependent results do not differ very much in case of this X-ray source, it
has been dispensed to measure at both positions for the two times binned Santis 75 µm
and the unbinned Santis 150 µm.

Comparison between Dexela and Santis 75 µm

The MTFs for the Dexela (blue and orange) and the Santis 75 µm (red and green)
detector at sample and detector position measured in horizontal ((h) in solid lines) and
vertical ((v) in dashed lines) direction with the knife edge are presented in Fig. 4.4.
The Nyquist limit for the detector and the sample position is indicated by a dashed,
grey line while the 10% MTF limit is shown by a dashed, black line. The MTF of the
Santis 75 µm detector shortly stagnates at the beginning before it slowly decreases. It
is noteworthy that the MTF does not fall below neither the 50 % nor the 10 % limit
within the Nyquist limit. The MTF drops to the 10% limit at a spatial frequency of
more than 12 lp{mm. In contrast, the Dexela’s MTF has a steep drop at first, i.e. it
drops much faster with increasing spatial frequency than the MTF of the Santis 75 µm.
Based on these observations, it is obvious that the MTF of the Santis 75 µm is signifi-
cantly higher than the one of the Dexela. Although the MTF and the Nyquist limit are
very close for the Dexela measurements, none of the given MTFs falls below the 10 %
threshold within the Nyquist limit. The PSFs which are extracted from the Siemens
star measurement are depicted in Fig. 4.5. The ones of the Dexela are shown in the
first row (A and B) and for the Santis 75 µm in the second row (C and D). The results
measured at the detector position are visible in the left column (A and C) and the
results of the sample position measurement are visible on the right (B and D). While
all PSFs exhibit a symmetric behavior, it is obvious that the PSF of the Santis 75 µm
detector is distributed over fewer pixels and thus smaller. By then integrating the data
of the PSFs along the x- and y-axis, the LSFs are obtained in horizontal and vertical
direction, respectively. These results are presented in Fig. 4.6 and the corresponding
full width half maximum (FWHM) values are listed in Tab. 4.2. While for the Santis
75 µm, the width of the fitted Gaussian in Fig. 4.6 does not differ much comparing
sample and detector positions, there is a significant difference for the Dexela. The LSF
at the detector position is broader which indicates the stronger influence of the source
blur for a flat-panel detector. This is also underlined by the respective FWHM where
the values are 41 % higher for the Dexela and only 10 % or 22 % for the Santis 75 µm
comparing detector and sample position.
The strong difference for the behavior of the MTF, PSF and LSF between the Dexela

and the Santis 75 µm described above are mainly caused by the fact that two fundamen-
tally different detector technologies are compared. Generally, there is a strong influence
of shared light for the Dexela flat-panel detector in the scintillation-based layer which
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Figure 4.4: Comparison of the MTFs for the Dexela and the Santis 75 µm detec-
tor. It includes the MTFs at the sample and the detector position in horizontal and vertical
direction for both detectors. It is clearly visible that the MTFs only differ slightly comparing
horizontal (h) and vertical (v) direction as well as detector and sample position. In contrast,
the achievable resolution is significantly higher for the Santis 75 µm than for the Dexela.

Dexela Santis 75 µm Dexela Santis 75 µm

Detector Sample

σx [µm] 68.73 36.79 48.64 30.17

σy [µm] 68.52 35.38 48.52 32.19

Table 4.2: FWHM values for the Dexela and the Santis 75 µm. It is clearly visible
that the values for the Dexela are higher than for the Santis 75 µm. The FWHM values at
the sample position are lower than at the detector position for both detectors.
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Figure 4.5: Comparison of the PSFs of the Dexela and the Santis 75 µm detector.
The Dexela’s PSF are shown in (A) and (B) while the one of the Santis are presented in (C)
and (D). For every detector, the results measured at the detector position are in the left
column and for sample position in the right column. It becomes clear that the Dexela smears
out over more pixels than the Santis 75 µm resulting in a sharper image and higher resolution.

results in lower measures than for the Santis 75 µm. The Dexela smears out over a few
pixels resulting in an slightly blurred image and a worse spatial resolution. This blur-
ring becomes visible in the PSFs in Fig. 4.5 (A) and (B) where the contribution ranges
over four pixels for the Dexela instead of two pixels for the Santis 75 µm. Although the
results for the photon-counting-based Santis 75 µm detector appear promising and indi-
cate that with this detector, a measurement with higher resolution would be achieved,
they differ from an ideal detector system since they are not point-like. It is likely that
ideal figure of merits can not be reached here due to the crosstalk between neighbor-
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µ

Figure 4.6: Comparison of the LSFs of the Dexela and the Santis 75 µm detector.
It includes the LSF at the sample and the detector position in horizontal (h) and vertical (v)
direction. While the directional influence is comparatively small, the LSF differ between
sample and detector position and especially between the two detectors. The LSF of the
Santis 75 µm is significantly higher than of the Dexela.

ing pixels. In summary, one benefits from the photon-counting detector in terms of a
higher spatial resolution in addition to the aforementioned shorter possible exposure
times (cf. Sec. 4.4).

Comparison between Santis 150 µm and Santis 75 µm

In Fig. 4.7, the MTFs for the Santis 75 µm and 150 µm detector oriented in horizon-
tal (h) and vertical (v) direction are presented and plotted in solid and dashed lines,
respectively. As initially indicated, the knife edge and the Siemens star have only
been measured at the sample position due to the high similarity of the results between
detector and sample position and since the results of the sample position are of par-
ticular interest for BCT measurements. Here again, the MTFs of both detectors do
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Figure 4.7: Comparison of the MTFs for the Santis 75 µm binned and the Santis
150 µm. It includes both the horizontal and the vertical direction and shows that the Santis
150 µm detector has a slightly higher achievable resolution. To better distinguish the results
of the Santis 75 µm, the vertically and horizontally oriented measurements are plotted in
dashed and solid lines, respectively.

not fall below either the 50 % or the 10 % limit within the Nyquist limit (marked with
a vertical, grey, dotted line). The PSFs are depicted in Fig. 4.8 for the Santis 75 µm
two times binned (A) and the Santis 150 µm (B). There, only a small difference can be
observed: It appears that the PSF of the two times binned 75 µm detector is slightly
broader especially regarding the diagonals than the PSF of the 150 µm. Extracting now
the LSF from the PSF results in the plots presented in Fig. 4.9. The corresponding
FWHM values are listed in Tab. 4.3 and underline the visual observations. As far as
FWHM values are concerned, the Santis 150 µm achieves again the best values by a
small margin. Although both have the same effective pixel size after binning the Santis
75 µm by a factor of two, the MTF-based resolution is a bit higher for the detector with
the physical pixel size of 150 µm. This can be explained by taking the sensor-related
effects of a photon-counting detector presented in Fig. 2.6 into account. For smaller
pixel sizes, it is more likely that the incoming X-ray photon is falsely detected due to
charge-sharing or being detected at the inter-pixel edge and the energy information is
completely lost. In general, the probability of this effect decreases with increasing pixel
sizes as here for the Santis 150 µm. These results indicate that binning after conducting
the measurement is not beneficial and thus that measurements with a detector with
an intrinsically higher physical pixel size is preferred.
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Figure 4.8: Comparison of the PSFs for the Santis 75 µm binned and the Santis
150 µm. The PSF of the two times binned Santis 75 µm in (A) is slightly broader especially
in diagonal direction than the one of the Santis 150 µm in (B).
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Figure 4.9: Comparison of the LSFs for the Santis 75 µm binned and the Santis
150 µm. It shows that the LSF of the detector with an unbinned physical pixel size of 150 µm
is slightly higher in both directions compared to the Santis 75 µm detector that is binned to
a pixel size of 150 µm. To better distinguish the results of the Santis 75 µm, the vertically
and horizontally oriented measurements are plotted in dashed and solid lines, respectively.
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Santis 150 µm Santis 75 µm binned

σx [µm] 60.79 67.91

σy [µm] 63.15 68.23

Table 4.3: FWHM values for the two times binned Santis 75 µm and 150 µm. The
values indicate that the Santis 150 µm has a slightly narrower LSF. For the Santis 150 µm,
the values in x- and y-direction differ a bit while they are nearly the same for the two times
binned Santis 75 µm

4.5.2 Attenuation-based Breast Computed Tomography

Before starting with grating-based phase-contrast BCT, the first work of this project
deals with achieving a low-dose and clinically comparable attenuation-based BCT at
the MuCLS. Therefore, the breast phantom described in Sec. 4.3.1 was measured with-
out any gratings in the beam path while being submerged in a water bath during the
scan. At the time of these measurements, the preferred Santis 150 µm prototype de-
tector was not yet available. This is why – based on the knowledge from the previous
sections – the images were recorded with the GaAs-based photon-counting detector
Santis 75 µm with binning afterwards instead. After pixel binning, resulting in a detec-
tor width of 515 pixels and taking the sample thickness into account, 650 projections
were acquired over one full rotation according to the Nyquist theorem (cf. Eq. (2.42)).
There are several possibilities to obtain reconstructions with different MGDs depending
on the combination of exposure time, binning and angle reduction. To cover both low-
and high-dose measurements, several exposure times of 40 ms, 70 ms and 500 ms were
taken for each projection angle for this study. In the work of Sandra Resch, this data
has been analyzed comparing different binning factors to reduce the required number
of projections and thus the MGD [Resch, 2021]. The analysis shows that the two times
binned images with an effective pixel size of 139.6 µm visually reveals the best results
for the high dose measurement (106.43 mGy) while maintaining a balance between
MGD and resolution. Nevertheless, three times binning is necessary to further reduce
the number of angles used for reconstruction and thus the MGD towards the low-dose
regime. Hence, the images presented in this section are three times binned and have
an effective pixel size of 209.4 µm. The pixel size is higher compared to standard mam-
mography, but this is reasonable since the first industrial and clinically available BCT
nu:view from AB-CT - Advanced Breast-CT GmbH (Erlangen, Germany) uses similar
sized pixels (100 µm physical pixel size) resulting in voxel sizes of 150 µm3 [ABCT,
2020]. Flat fields with a longer exposure time than for the projection images are taken
in the beginning and at the end of the measurement to obtain better statistics and to
improve the image quality of the flat field corrected projection images [Allner, 2022].
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A typewriter detector shift with a maximum shift of 10 pixels in both directions was
set to avoid ring artifacts in the reconstruction. To achieve a dose-compatible BCT,
an exposure time of 40 ms per phase step was chosen. For the whole scan, this results
in a MGD of 8.5 mGy. To meet the clinically suggested BCT dose limit of no more
than 5 mGy [Kalender, 2012; Kalender, 2017; Berger, 2019b], the number of angles is
halved which satisfies the Nyquist criterion due to binning.
The results for the attenuation-based BCT taken at the MuCLS are presented in
Fig. 4.10 and are reconstructed with SIR. One axial (A) and one sagittal (B) slice
containing the iodinated contrast agent are shown and reconstructed with a MGD of
4.25 mGy and 325 angles in total. Please note that the slices presented here are only
exemplary representatives of the whole volume. Larger structures like muscle and adi-
pose tissue are still discernible from each other, but smaller fiber structures get lost in
the background noise. Nevertheless, tiny muscle and adipose tissue structures are still
discernible as indicated by the orange arrows in (B). While the soft tissue contrast in
the attenuation images is intrinsically quite low, the iodine-containing contrast agent
(blue arrows in (A) and (B)) is very clearly visible which underlines why it is often used
in the clinic to generate more contrast. Since the images are reconstructed with SIR
using regularization, the images appear slightly blurred compared to a conventional
FBP but also less noisy. In subfigure (C), a clinical in vivo BCT slice taken with the
nu:view system and a total MGD of approximately 5 mGy is depicted for comparison.
The green arrow indicates an invasive ductal carcinoma also highlighted by the injec-
tion of iodinated contrast agent. By visually comparing the images, it becomes clear
that the laboratory results can successfully compete with the clinical low-dose BCT.
Since these results are quite promising, the emphasis of the next sections is on phase-
contrast imaging to further improve soft tissue contrast without the usage of contrast
agents.

4.5.3 Investigation of Grating-based Phase-contrast Breast
Computed Tomography with a Breast Phantom

Since it is possible to obtain attenuation-based BCT images in a dose-compatible
range (cf. Sec. 4.5.2), the investigation of BCT is extended to grating-based phase-
contrast BCT. The topic was mainly dealt with in the context of the master thesis of
Sandra Resch [Resch, 2021]. This includes among others the comparison of different
detectors, of various denoising approaches and of several reconstruction techniques.
Since parts of the results presented in this work here are based on the earlier obtained
knowledge, the results are briefly summarized in the following.
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Figure 4.10: Comparison of attenuation-based BCT. SIR reconstructed BCT scans
taken at the MuCLS showing (A) the axial and (B) the sagittal view are presented. The
MGD is 4.25 mGy for an exposure time of 40 ms per projection. Iodinated contrast agent is
indicated by blue arrows while smaller structures are highlighted by the orange arrows in (B).
(C) Clinical in vivo attenuation-contrast BCT is additionally shown for visual comparison.
The injected iodine containing contrast agent is highlighted by the green arrow and shows
the invasive ductal carcinoma. The image in subfigure (C) is provided by Magda Macron and
published by [Heck, 2020].

Detector Comparison

A visual and CNR-based comparison with the breast phantom (cf. Sec. 4.3.1) for
attenuation-only as well as phase-contrast images was conducted. The comparison
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includes the Santis 75 µm unbinned and two times binned, the Santis 150 µm and
the Dexela detector. First, the analysis of the influence of the physical pixel size of
the two Santis detectors turns out that although the reconstructions with the two
times binned Santis 75 µm seem to be slightly sharper, the calculation of the spatial
resolution by Fourier analysis is a bit better for the unbinned Santis 150 µm. Second,
by taking the spectral performance of this technology into account, which would be
necessary for spectral measurements at a polychromatic X-ray source, a detector with
a higher physical pixel would be better. There, the probability of charge sharing is
decreased and thus the spectral resolution is higher [Berthe, 2021]. In case of the
Santis 150 µm, the 500 µm module would then be preferred since the charge cloud is
not able to further spread over several detector pixels as it would be the case for the
800 µm module [Berthe, 2021]. Although there are already photon-counting detectors
with charge-sharing correction that could ensure better spectral resolution even for
detectors with smaller pixel sizes, a detector with a larger pixel size remains more
interesting for BCT because the dose limit must be maintained and a high spatial
resolution is not absolutely necessary. Nevertheless, photon-counting detectors can
handle both very short and long exposure times and generate sharper images in contrast
to the integrating flat-panel detectors. There, fast saturation and low detector frame
rates limit the measurements. Furthermore, small sample details are better observed in
the Santis images than in the comparably blurry images of the Dexela detector which
smears over several pixel due to the broader PSF of the Dexela (cf. Sec. 4.5.1). As
consequence of Sandra Resch’s work, a more detailed detector comparison based on
measurements with a knife edge and a Siemens star are already provided in Sec. 4.5.1.
The observations of both comparisons are in agreement to each other. Photon-counting
detectors with larger detector pixels are the recommended detector technology that
should be used for low-dose BCT imaging.

Denoising Techniques

For low-dose BCT imaging, projections with less image statistic are recorded and thus
a higher background noise level is present. Therefore, denoising or rather improving the
statistics of a single projection is an important issue to generate useful BCT images with
a low MGD. A comparison of pixel binning, patchwise phase retrieval and dictionary-
based denoising is performed with the Santis 75 µm. Binning is a very easy way to
obtain more image statistics with the consequence that one looses spatial resolution and
smaller structures potentially get lost. In contrast, patchwise phase retrieval is a simple
way to on the one hand increase image statistics while on the other hand maintaining
most of the spatial resolution of the image but at the expense of edge sharpness.
Combining both approaches is a promising and easy way to generate images with
sufficient image quality while reducing the MGD to a clinically and dose-compatible
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range. Dictionary denoising, however, introduces artifacts especially for the low-dose
results, is comparatively very time-consuming, requires more computing power and
is not easy to handle in terms of estimating the best denoising parameters. For this
reason, this approach was not pursued further for the following reconstructions.

Single-shot Computed Tomography

As alternative to grating-based phase-contrast imaging using the phase stepping ap-
proach, a single-shot CT is investigated to avoid time-consuming stepping and to thus
potentially reduce the MGD. For this approach, the G1 grating is rotated in z-direction
to induce a misalignment between the G1 and the G2 grating. In consequence, the Moiré
effect creates a small periodic intensity pattern. The three imaging modalities are ex-
tracted with Fourier space phase retrieval based on the assumptions in [Bevins, 2011]
which are not further explained here. The images have a resolution in axial plane
corresponding to the effective pixel size of 69.7 µm, but in y-direction the resolution is
with 279.8 µm four times higher. These values lead to the problem that the resolution
is too high for BCT in axial plane, but slightly to low in y-direction. In addition, the
minimal refraction angle for the stepping approach is lower than for the single-shot one
which means that the sensitivity is higher for grating-based phase-contrast imaging
with stepping. The loss in sensitivity for the single-shot scan is mainly caused by the
significantly reduced visibility during the single-shot scan due to the strong G1 rotation
and the small fringes. One problem is that the resolution in the y-direction would be
increased by further rotating the G1, but this would result in a lower sensitivity in
return. It is therefore a challenge to find a balance between these two parameters.
In summary, despite the generally shorter scanning time due to the skipping of the
classical stepping procedure, the single-shot method is not a promising alternative for
the application of low-dose phase-contrast BCT because image quality is not signifi-
cantly improved, additional artifacts occur and the expected dose reduction due to the
omission of phase stepping fails to materialize.

Low-dose Grating-based Phase-Contrast Breast Computed Tomography

Finally, a grating-based low-dose phase-contrast BCT measurement was conducted
with the Santis 75 µm detector at an X-ray energy of 35 keV. Five phase steps were
taken where the exposure time for one stepping position was 40 ms. In accordance to
the Nyquist theorem, 650 projections are totally taken over 360° resulting in a MGD
of 40.67 mGy for the whole scan. Based on the knowledge described above, the images
are processed with patchwise phase retrieval and two times binned so that an effective
pixel size of 139.6 µm is obtained. The images shown in Fig. 4.11 are reconstructed
with FBP. The attenuation-contrast images are presented in the left column (A, C)
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Figure 4.11: Low-dose grating-based phase-contrast BCT with a breast phan-
tom. (A, C) Attenuation-contrast and (B, D) phase-contrast FBP measured with a MGD of
40.68 mGy (A, B) and 10.17 mGy (C, D), respectively. The images are scaled for maximum
detail visibility. The reconstructions reveal an enhanced contrast in the phase-contrast image
compared to the attenuation-based image. More smaller structures can be identified in (B)
and (D) indicated by the red arrows.

and the phase-contrast images in the right column (B, D). Here, a distinction is made
between the reconstructions with a higher dose of 40.68 mGy in the first row (A, B)
and the low-dose images (C, D) with a MGD of 10.17 mGy in the second row. For
the latter, only every fourth angle (163 angles totally) is used for reconstruction. The
reconstructions reveal an enhanced contrast in the phase-contrast images compared to
the attenuation images for both presented dose regimes. It becomes visible that one
benefits from the phase-contrast information especially in the low-dose image (D) as
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indicated by the orange arrow. While the small structure is still detectable in the higher
dose attenuation image in (A), it is hard to recognize it in the low-dose image in (C)
and could also be just noise. However, in the low-dose phase-contrast image in (D),
it is possible to distinguish the adipose from the muscle tissue, so that this structure
is still well perceptible. Furthermore, the thin structure indicated by the red arrow in
the phase-contrast images is visually discernible despite the dose reduction, whereas it
is not visible in either the higher or the low-dose attenuation-contrast images. With
a MGD of 10.17 mGy, the achieved dose is only by a factor of two higher than the
MGD of the commercially used BCT device in the clinics [ABCT, 2020]. For phase-
contrast imaging, a higher dose can be justified by the further information obtained
through the additional imaging signals. It has to be noted, that the focus in this work
was rather on the evaluation of the phase-contrast images and pushing this towards a
low-dose regime. The dark-field image was neglected in this work and not presented
here, but would also provide further information especially regarding the detection
and classification of microcalcifications [Wang, 2014; Scherer, 2016] as well as the
discrimination of benign and malignant cysts [Grandl, 2022]. All in all, these results
show that grating-based phase-contrast BCT is feasible to be conducted with a low
MGD at a quasi-monochromatic X-ray source, while the image quality is adequate for
this dose regime and one additionally benefits from the phase-contrast information.

4.5.4 Breast Computed Tomography of a Freshly Dissected
Fibroadenoma

The radiologists from the Red Cross Hospital provided us with a freshly dissected
fibroadenoma for a more realistic investigation of grating-based phase-contrast BCT.
The sample is described in Sec. 4.3.2. Several fibroadenomas are measured within
this study, but only one result is exemplary depicted here. In daily clinical routine,
it is challenging to diagnose fibroadenoma or more generally to differentiate between
benign and malignant lesions. Most of these patients present with palpable findings.
The clinical images of the fibroadenoma are shown in Fig. 4.12. In the mammographic
image of the whole breast (A), a 3.6 cm large lesion is detected in the upper left marked
by a blue circle. It is clearly discernible that there is a lesion, but with this imaging
method, it is not possible to discriminate whether it is a benign fibroadenoma or a
malignant carcinoma. Although a dark, black region is visible in the additional US
examination in (B), a punch biopsy is required to make a final diagnosis. Only the
final histopathological analysis confirms a benign fibroadenoma shown in (C) and (D).
The fibroadenoma was measured at the MuCLS at an X-ray energy of 35 keV with 400
projections over 360° with 5 steps per angle. To cover the lower and the high MGD
range, multiple exposure times of 500 ms and 60 ms are taken resulting in MGDs of
216 mGy and 26 mGy, respectively. The measurements are performed with the Santis
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Figure 4.12: Clinical diagnostic of the fibroadenoma. A 3.6 cm large palpable lesion
is clinically imaged for better clarification. But (A) the mammographic and also (B) the US
image both can not distinguish between a benign fibroadenoma or a malignant carcinoma.
After a punch biopsy, a reliable diagnosis can be made during (C, D) the histopathological
analysis. The images were kindly provided by the Red Cross Hospital.

GaAs 150 µm with an effective pixel size of 139.6 µm. The data is not additionally
binned. The SIR reconstructed results are depicted in Fig. 4.13. Axial slices of the
attenuation-contrast images are shown in the left column and phase-contrast images
in the right column. The rows are sorted in dose ascending order starting with the
measurement of the highest dose. The MGD from the low-dose measurement (60 ms,
26 mGy) has been further decreased by reducing the number of angles used for the
reconstructions. In this way, almost a clinically comparable MGD of 9 mGy (E, F)
was achieved. The high dose measurement is used as a ground truth to see how many
and which structures have probably been lost during the dose reduction process. With
the exception of the darker area on the right side corresponding to adipose tissue,
there is nearly no contrast within the fibroadenoma in the attenuation-contrast images
at any of the three MGDs. In the phase-contrast image, however, finer structures
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Figure 4.13: Dose-dependent comparison of the fibroadenoma’s BCT scan. The
reconstructions are conducted with (A, B) 216 mGy, (C, D) 26 mGy and (E, F) 9 mGy. The
attenuation-contrast images are depicted in the left column and the phase-contrast images in
the right column. The MGD was subsequently decreased by reducing the amount of angles
used for reconstruction.
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Modality 216 mGy 26 mGy 9 mGy

Attenuation 0.31 0.26 0.13

Phase Contrast 3.18 3.31 1.91

Table 4.4: CNR analysis for the fibroadenoma. The values reveal that there is nearly
no contrast for the attenuation-based images compared to the phase-contrast images for the
cell-rich region in the center of the fibroadenoma.

called connective tissue strands appear. They get more and more lost in background
noise by the dose reduction. The darker area in the center of the fibroadenoma also
stands out which could probably be a very cell-rich region. Although this region loses
more contrast when the dose is reduced, it is still better detectable in the low-dose
phase-contrast image in (F) than in the high-dose attenuation-contrast image in (A).
An analysis of the CNR for this region presented in Tab. 4.4 emphasizes this visual
impression. While the values for the attenuation-contrast image are below one and
thus indicate that this is just noise, the CNR for the phase-contrast images are more
than ten times higher. The only striking point here is that the CNR slightly increases
from 3.18 to 3.31 for the CTs reconstructed with a MGD of 216 mGy and 26 mGy. This
can be explained by the fact that the advantage of patchwise phase retrieval becomes
more apparent in the low-dose regime while for such high doses, a saturation occurs.
Moreover, these two MGDs result from two measurement with different exposure times
which can also influence this result.
A material decomposition into lipid, protein and water (cf. Sec. 3.2) is additionally
performed to analyze the internal structure of the sample. This can especially be of
interest for the early breast cancer detection since the water content of tumors is higher
and its lipid content is lower than in normal tissue [Tromberg, 2005]. Furthermore,
also the amount of the protein collagen [Haka, 2005] of abnormal breast tissue is
increased compared to normal breast tissue. Consequently, this approach could serve as
new supporting analysis tool for a more reliable breast cancer detection. For effective
energy calibration of the polychromatic X-ray spectrum, a PMMA rod is added to the
sample. The results of this decomposition are presented in Fig. 4.14. The MGD of
these images is 26 mGy. The decomposed images are extracted from the reconstructed
attenuation- and phase-contrast images in Fig. 4.13 (C) and (D). The electron density
map shown in Fig. 4.14 (D) is required for the material decomposition. The unit of
the colorbar is electrons per nm3. The mean value of the electron density of the
PMMA rod is 387.00 ˘ 3.46 e/nm³. Since this is consistent with the theoretical value
(386.4 e/nm³) of PMMA, a quantitative analysis is ensured. It is clearly visible that
the discrimination of the three different materials generally works. The surrounding
structure of the fibroadenoma is adipose tissue (A). The fibroadenoma itself is mainly
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Figure 4.14: Material decomposition into lipid, protein and water of a fibroade-
noma. The (A) lipid image shows that the surrounding structure is adipose tissue whereas
the fibroadenoma itself is mainly composed of (B) protein and (C) water. (D) The electron
density map is given in the unit electrons per nm3. These images are obtained with a MGD
of 26 mGy.

composed of protein (B) and formalin where the sample was stored in so that the
sample is consequently soaked with this liquid and thus appears in the water image in
(C). Although this material decomposition generally works, it is difficult to lower the
MGD further, as noise would then predominate.

4.5.5 Off-axis Computed Tomography of a Breast Phantom

The samples presented in the previous sections are limited to a maximal diameter of
2.5 cm. For clinical imaging, the maximal sample size has to be extended so that larger
samples (e.g. freshly dissected mastectomy specimens) can be measured. Since the
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FOV is limited by several factors such as the size of the gratings, the detector and
the focal spot, a so-called off-axis BCT is conducted to artificially enlarge the FOV.
Therefore, the technique proposed by Wang et al. has been used [Wang, 2002]. A
displacement of the detector by maximum 50 % or of the sample is required such that
the FOV can arbitrarily be adjusted depending on the sample size. For the reconstruc-
tion, a data weighting scheme is applied for the redundant region in the center of the
measured sample and can be used in combination with FBP. For more information
about the weighting function see [Wang, 2002]. For this measurement, a new breast-
like phantom is created which resembles the sample in Fig. 4.3 (A). The only difference
is the size with 7 cm in diameter instead. The measurement is conducted with the
XC-Thor photon-counting detector with an X-ray energy of 35 keV at the MuCLS. To
cover a full range from low to high MGDs, 14 frames with 100 ms each are recorded
for every of the five stepping position and all of the 1339 angles. The MGD for the full
BCT with one frame and all angles used for reconstruction is 149 mGy. The raw data
was two times binned yielding to a clinically relevant effective pixel size of 192 µm and
reconstructed with FBP. The number of angles used for the reconstructions is reduced
to 226 to lower the MGD to 25 mGy. The results of the off-axis BCT are depicted in
Fig. 4.15 showing the attenuation- (left column) and the phase-contrast (right column)
images. A comparison between normal (A, B), 4N- (C, D) and 8N- (E, F) patchwise
processing is additionally provided. Visual comparison of the images shows that the
background noise is significantly reduced in the 8N-patchwise processing results, while
smaller sample features are still preserved. The image evaluation parameters includ-
ing the CNR, the background noise σBG and the k-value are listed in Tab. 4.5. They
underline the aforementioned observations: The background noise σbg is halved for
both imaging modalities which consequently results in higher CNR values. Although
the k-vlaue slightly decreases from normal to 8N-patchwise processing, structures vi-
sually do not get lost in the presented images. Nevertheless, the balance between the
contrast and the sharpness or resolution of the images is still acceptable for clinical
diagnostic imaging. Although streaking artifacts appear from undersampling despite
pixel binning, these results are quite promising for future work on this topic.

4.6 Discussion and Outlook

Besides the successful achievements regarding the attenuation-based BCT with 4.25 mGy
in Sec. 4.5.2 and the almost clinically dose-compatible grating-based phase-contrast re-
sults in Sec. 4.5.3 both conducted with a small breast phantom, some aspects of the
experiments are going to be discussed in the following. This should help to develop
future direction of BCT research, in particular its translation to larger specimens.
A freshly dissected fibroadenoma was measured in a dose-compatible range of 9 mGy
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Figure 4.15: Results of the off-axis BCT measurement. Different processing ap-
proaches are used for the reconstructions and are finally compared for a MGD of 25 mGy.
It is clearly visible that the noise is reduced from conventional to 8N-patchwise processing
while the resolution slightly decreases.
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0N 4N 8N

Attenuation

CNR 4.75 9.63 12.87

σBG 2.0 ¨ 10´4 1.0 ¨ 10´4 0.8 ¨ 10´4

k-value 0.39 ˘ 0.04 0.30 ˘ 0.02 0.25 ˘ 0.01

Phase Contrast

CNR 9.65 18.06 21.34

σBG 1.6 ¨ 10´3 0.9 ¨ 10´3 0.7 ¨ 10´3

k-value 0.28 ˘ 0.03 0.23 ˘ 0.01 0.20 ˘ 0.007

Table 4.5: Image evaluation parameters for the off-axis BCT. They include the
CNR, the background noise σBG and the k-value. It becomes visible that the CNR increases
while the k-value slightly decreases with patchwise phase retrieval.

applying 8N-patchwise phase retrieval, angle reduction and SIR with the recommended
detector, the Santis GaAs 150 µm (cf. Sec. 4.5.1). The clinical examination of this sam-
ple including mammography, US and a punch biopsy underlines that the demand for a
more reliable imaging approach for early breast cancer detection is very high. Although
the results appear very encouraging, some issues remain. The main problem of this spe-
cific sample is its intrinsic low soft tissue contrast. Therefore, smaller fiber structures
can no longer be distinguished in the low-dose images. However, the soft tissue con-
trast for a full freshly dissected mastectomy specimen would be higher. Daniel Berthe
investigated the feasibility of a fast off-axis BCT scan at a polychromatic X-ray source.
In this study, the specimen exhibited an inherently higher soft tissue contrast already
in the attenuation-based image [Berthe, 2021]. The contrast enhancement would also
show up in the phase information.
The material decomposition into three basis materials generally works for a MGD of
26 mGy. Further reduction of the dose is not performed since the noise would then
dominate the resulting images. For this decomposition, the noise level in the low-dose
images first would have to be reduced even further, for example by advanced recon-
struction methods which will be discussed below. In prospective studies, a change of
the basis materials to lipid, fibrous tissue and water would be interesting in order to
obtain more meaningful information about the sample’s composition. Another problem
is that the breast phantom (piece of pork neck) was embedded in formalin for some
time. This additionally reduces the contrast as the tissue is soaked with formalin. In
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consequence, the long-term aim would be to conduct fast CT scans with a continuous
rotation since the measurement of a fresh, non-formalin fixated sample become possible
in this case. This in turn would improve the soft tissue contrast.
In addition, an off-axis BCT scan was conducted. Although the MGD for such a large
sample could be decreased down to 25 mGy and despite the fact that a higher MGD
could generally be justified by the additional information obtained through trimodal
imaging, further MGD reduction is necessary to provide the same diagnostic informa-
tion at a clinically accepted dose range. Therefore, on the one hand, recent work in
this field investigates the impact of self-supervised deep learning networks on the image
quality with a focus on a potential MGD reduction for polychromatic grating-based
phase-contrast BCT [Wirtensohn, 2022]. This study shows that the Noise2Inverse
concept denoises the data better allowing an increase of spatial resolution while main-
taining the CNR. On the other hand, more advanced reconstruction techniques have
to be applied such as the sliding window approach or intensity-based statistical it-
erative reconstruction (IBSIR) [Zanette, 2012; vTeuffenbach, 2017; Xu, 2022]. The
sliding window approach is phase stepping-based and very effective since it requires
just one single image per angular position ω. The standard phase stepping at every
projection angle can thus be omitted. Three types of the sliding window approach
exist: The interlaced phase stepping, the sliding window zigzag and the sliding window
interlaced. A comparison of them is presented in Fig. 4.16. In (A), the conventional
phase stepping approach is shown in which a full stepping curve is recorded at a fixed
angular position ω. For interlaced phase stepping, however, the angular stepping po-
sition is slightly different for one stepping scan. As a consequence, this enables the
combination of phase stepping with continuous rotation of the sample during the to-
mography scan. The third technique is called sliding window zigzag and is mainly
characterized by recording the images during for- and backward movement of the grat-
ing which saves time while acquiring the same information. The interferogram at the
inflection point of the grating movement is used twice (orange dot). The sliding window
interlaced technique is finally a combination of the both aforementioned approaches.
Again both, the angular as well as the grating positions, are continuously moved.
Here, only one interferogram is used for only one stepping curve while the others are
reused several times. The three imaging modalities are extracted for each method
using Fourier analysis, like in the conventional stepping approach. As described by
Zanette et al., the number of required interferograms and the applied dose can thus
be reduced subsequently [Zanette, 2012]. Especially when combined with a continu-
ous rotation tomography scan, this approach would be promising to improve low-dose
grating-based phase-contrast BCT of larger samples further. IBSIR, however, is an
iterative reconstruction approach that directly generates the three imaging modalities
based on the measured interferograms [vTeuffenbach, 2017]. The intermediate image
processing step is omitted since it is included into a SIR-based forward model. In
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Figure 4.16: Comparison of various stepping approaches. Every dot denotes a de-
tected interferogram. The blue ones are utilized for only one stepping curve while the orange
ones are used multiple times. (A) The standard phase stepping procedure where all steps are
taken at the same angular position ω. In (B), the so-called interlaced stepping is presented.
There, the angular sample position during one stepping curve is slightly different. (C) For the
sliding window zigzag technique, projections are taken in both for- and backward movement
direction and one interferogram is again utilized in the subsequent scan to save scan time.
(D) The sliding window interlaced approach is a combination of the other approaches. Both
the angular as well as the grating positions are continuously moved while every interferogram
is used several times except the first one [Zanette, 2012].
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contrast to sliding window, IBSIR does not require any processed projections since the
volume is reconstructed directly from the raw data. Phase retrieval of the projections
and interpolations such as fitting the stepping curve is avoided. As a consequence, the
reconstruction is less prone to artifacts and thus enhances image quality. IBSIR can
be applied to normal phase stepping data, but is especially beneficial for single-shot
CT measurements that potentially enable low-dose scans. Another recently published
approach is intensity-based iterative reconstruction with helical scanning for grating
interferometry [Xu, 2022]. Due to helical scanning, phase stepping can be avoided,
yet a simultaneous reconstruction of the image signals is possible. This strategy is of
special interest for grating interferometry for BCT as presented by [Xu, 2022].
To summarize, the already promising results presented in this chapter can be further
extended and improved with samples intrinsically providing higher soft tissue contrast
in combination with more advanced reconstruction techniques.
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Spectral Differential
Phase-Contrast Imaging 5

In this chapter, numerical simulations of SDPC are presented and finally evaluated for
breast imaging as a promising application. This is conducted for a quasi-mono- and a
polychromatic X-ray source for mammography as well as quasi-monochromatically for
BCT. For every material decomposition task, optimal imaging parameters are previ-
ously determined. While the BCT simulations are performed with just one phantom, the
mammography simulations are performed with different phantoms, sequentially building
on each other. Please note that parts of the results in this chapter have been submit-
ted by Heck et al. [Heck, 2022] and were produced in collaboration with a master’s
thesis [Klaar, 2021].

5.1 Motivation

Since suspicious abnormalities like cysts or cancerous lesions possibly not being de-
tected during mammography, but sometimes observed during palpation, further follow-
up examinations are often required in a clinical environment. One modern clinical
check-up procedure to verify uncertain mammography results is CESM [ElSaid, 2014].
An iodinated contrast agent is intravenously injected and a recombined iodine image
is calculated using K-edge subtraction imaging. Two radiographs – one below and one
above the K-edge of iodine – have to be acquired leading to a higher applied MGD
of as in conventional mammography (3.0 mGy vs. 2.1 mGy) [James, 2017]. This ap-
proach in consequence increases the detection of lesions and has a higher sensitivity
than standard mammography [Fallenberg, 2014; ElSaid, 2014].
Dual-energy-based CESM, however, does not exploit the full potential of spectral
imaging since it only uses K-edge subtraction imaging resulting in one so-called “re-
combined” iodine image. In addition, CESM can - among others - potentially suffer
from motion artifacts [Yagil, 2016]. The evolving technique of energy-resolving single-
photon-counting detectors, which separate X-ray spectra in only one exposure, can be
utilized to perform multi-energy imaging. In contrast to the clinically used CESM ap-
proach, the images are temporally and spatially perfectly registered and it is possible
to retrieve more information from the acquired spectral data in terms of several basis
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material images. This circumvents the acquisition of multiple X-ray images and thus
motion artifacts. Several clinical studies have already investigated the advantages of
conventional, attenuation-based spectral imaging for medical use [Ehn, 2017; Sellerer,
2017; Mechlem, 2018b; Mechlem, 2018a; Heck, 2019]. Despite the present benefits of
this technology and the approach of a basis material decomposition, major problems
such as a strong amplification of noise, which leads to a reduction of the CNR, re-
main [Alvarez, 1976; Kelcz, 1979]. These problems have to be solved for e.g. a reliable
detection of microcalcifications in case of breast imaging.
Another actively researched technique providing better soft tissue contrast is grating-
based phase-contrast imaging, using the phase information of an X-ray wavefront
[Pfeiffer, 2006]. Unlike other phase-contrast techniques that are limited to synchrotron
radiation (e.g. propagation-based phase contrast), grating interferometry is clinically
more relevant due to its possible implementation with polychromatic, incoherent X-
ray sources. Improvements in breast imaging especially regarding the soft tissue
contrast using grating-based phase contrast have already been successfully demon-
strated [Stampanoni, 2011; Stampanoni, 2013; Scherer, 2014; Auweter, 2014; Hauser,
2014; Scherer, 2015; Grandl, 2015; Koehler, 2015; Eggl, 2018; Arboleda, 2019; Heck,
2020]. In addition to the attenuation and phase information, the so-called dark-field sig-
nal introduced by ultra-small-angle scattering is additionally retrieved, providing infor-
mation about the object’s microstructure. This is of particular interest for breast imag-
ing since it facilitates the detection and characterization of microcalcifications [Wang,
2014; Scherer, 2016]. However, grating-based phase-contrast imaging suffers from ar-
tifacts such as beam-hardening caused by the polychromatic X-ray source [Chabior,
2011; Yashiro, 2015] and phase wrapping [Haas, 2011].
In order to benefit equally from the strengths of both aforementioned imaging tech-
niques and to overcome their respective limitations, the advantages of combining both
modalities in SDPC for its application in standard mammography, CESM and BCT
are investigated based on the approach proposed by Mechlem et al. [Mechlem, 2019a;
Mechlem, 2019b; Mechlem, 2020]. The PED can be obtained by both techniques
and is therefore the connecting quantity between spectral and phase-contrast imaging.
By using both the spectral and the phase information simultaneously, quantitative
and material-selective basis material images with a reduced noise level can be gener-
ated [Mechlem, 2019b; Mechlem, 2020]. Moreover, a third dark-field basis material is
obtained which may also be enhanced, but is not examined in detail here.
In the following, numerical simulations with previously determined optimal imaging
parameters are conducted using the approach from Mechlem et al. to evaluate the
potential of SDPC for mammography and BCT with and without the usage of iodi-
nated contrast agent [Mechlem, 2020]. First, quasi-monochromatic dual-energy-based
simulations are performed for the conventional attenuation-based as well as for the
SDPC material decomposition to obtain a ground truth of the potential benefits. Fol-
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lowing a realistic X-ray source such as the MuCLS, the simulations are performed
quasi-monochromatically where the two spectra are completely separated and a spec-
trum overlap is mostly avoided. Based on this, simulations with a polychromatic X-ray
source are also carried out employing a photon-counting detector for the spectral sepa-
ration to simulate a clinically feasible case in a second step. For both cases, an analysis
of the CNR and the PED variance is used to compare the two material decomposition
approaches and to finally assess the benefits of this novel imaging approach.

5.2 Setup for the Numerical Simulations

The setups for the mono- and polychromatic simulations are separately introduced in
the two subsections presented below. Some characteristics are the same for both cases
and are therefore described in advance: For both, the Talbot-Lau interferometer is
arranged differently for each optimal design energy resulting in changing grating prop-
erties. The source and the analyzer gratings are made of gold and the phase grating is
made of nickel. All grating periods and the grating bar height of the phase grating G1

are optimized to ensure that the design energy of the interferometer ideally matches
the source energy. For both cases, a photon-counting detector with a sensor made of
CdTe and a thickness of 2.0 mm is used. Based on clinical settings, the physical pixel
size is 75 µm for mammography and 150 µm for BCT imaging. The realistic detector
energy response function (considering charge sharing, K-escape photons and fluores-
cence peaks) and the quantum efficiency for the effective spectra for each detector pixel
are considered based on the assumptions by [Schlomka, 2008].

Quasi-monochromatic X-ray source

The setup where a quasi-monochromatic X-ray source is used is shown in Fig. 5.1 (A)
and mainly inspired by and based on the experimental setup of the second hutch of the
MuCLS [Günther, 2020]. The inter-grating distance with 24.795 cm and the height of
the analyzer grating G2 with 90 µm remain the same for all decomposition tasks. The
simulation parameters such as the source energies and also the grating specifications
are listed in Tab. 5.4 for all decomposition tasks performed for mammography and in
Tab. 5.6 for BCT. Two different interferometers depending on the respective low- and
high-energy spectrum are used (cf. Tab. 5.4 and Tab. 5.6). The sample is placed in
front of the two gratings at a fixed position 1493.3 cm away from the interaction point
where quasi-monochromatic X-ray photons are generated. A dual-energy measurement
is simulated so that spectral separation is ensured and the spectral separation capability
of a photon-counting detector is not used. Only the lower energy THL is adjusted to
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10 keV to cut out noise. Due to a small magnification, the effective pixel size results
in 74 µm and 148 µm for mammography and BCT, respectively. The X-ray source
energy can thus take any value in the relevant energy range of 15 to 35 keV during the
parameter optimization process. Using the following function
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which is derived by the exponentially modified Gaussian distribution with A, ζ, κ and
τ as fit parameters, a measured 25 keV spectrum is approximated. Neglecting that the
shape of the curve changes for measured data meaning an increasing width for higher
energy, the peak energy is just shifted to the desired X-ray energy.

Polychromatic X-ray source

A schematic drawing of the interferometer used for the simulation with a polychro-
matic X-ray source are shown in Fig. 5.1 (B). In contrast to the quasi-monochromatic
case, an additional source grating G0 is placed right behind the X-ray source to ensure
coherence. The inter-grating distances with 120 cm and the height of the analyzer grat-
ing G2 with 200 µm are fixed for every decomposition task. The simulation parameters
such as tube voltage, design energy, and energy THLs of the detector and also the grat-
ing specifications are listed in Tab. 5.4 and 5.5 for all decomposition tasks conducted
for mammography. A tungsten X-ray source operated at different acceleration tube
voltages for the various decomposition tasks (cf. Tab. 5.5) is assumed. The sample is
positioned between G1 and G2. The ability of spectral separation by the detector is
used, so two energy THLs are set (cf. Tab. 5.5). The lower THL is always fixed to
an X-ray energy of 15 keV. The effective pixel size results in 44 µm for mammography
and 88 µm for BCT through the geometrical magnification.

5.3 Simulated Breast Phantoms

For the investigation of SDPC X-ray imaging as a potential method for early breast
cancer detection, different simulation phantoms are constructed for projection-based
mammography imaging and three-dimensional BCT. They are delineated in detail
in the following two sections. In addition, the physical properties such as the linear
mass attenuation coefficient and the electron density of the considered materials are
described.
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Figure 5.1: Overview of the setup geometry for the numerical SDPC simulations.
The two experimental setups using (A) a quasi-monochromatic and (B) a polychromatic
X-ray source including a two- or three-grating Talbot-Lau interferometer are respectively
presented. Both setups include a reference grating G1 and an analyzer grating G2 which
is directly mounted in front of the photon-counting detector. In the polychromatic case,
an additional source grating G0 is required. All distances are fixed and only the grating
specifications are optimized for the respective decompositions. They are listed in Tab. 5.4
and 5.5 for mammography as well as in Tab. 5.6 for BCT.

5.3.1 Simulated Mammographic Phantom

The phantoms used for the numerical, mammography simulations are mainly inspired
and based on the Gammex 156 Mammographic Accreditation Phantom [Gammex,
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2015]. In addition to breast tissue as surrounding material, the phantoms contain
various structures of interest, such as calcifications, an iodinated contrast agent and
tumor masses of different sizes. The calcifications and the tumor masses are spheres
and the iohexol structures are rectangular boxes. Different phantoms are created with
an increasing number of the aforementioned materials in each case. The first three
phantoms in Fig. 5.2 are two-material-based and only consist of breast tissue in the
background and tumor masses (A), iohexol structures (B) or calcifications (C). One
additional material is inserted in the three-material-based phantoms shown in Fig. 5.3,
whereas in Fig. 5.4 all structures are finally embedded. Please note that, the com-
bination of iohexol, calcifications and breast tissue is not included in Fig. 5.3. The
thicknesses of the different materials in projection direction are listed in Tab. 5.1. The
total thickness of all phantoms is 4.5 cm which is in the range of the mean thickness of
a compressed breast in clinical mammography [Helvie, 1994].

Figure 5.2: Two-material-based mammographic phantoms. These phantoms consist
of breast tissue as surrounding material where additionally (A) tumor masses, (B) iohexol
structures and (C) calcifications of different sizes are embedded. The total phantom thickness
in projection direction is 4.5 cm each.
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Figure 5.3: Three-material-based mammographic phantoms. Both comprise breast
tissue and tumor masses (1-5). In (A), calcifications are additionally inserted (11-14) while
in (B), iohexol structures are embedded (6-9). The total phantom thickness in projection
direction is 4.5 cm.

Structure Size 1 Size 2 Size 3 Size 4 Size 5

Tumor (1-5) 14.90 10.00 7.50 4.90 2.40

Iohexol (6-10) 4.00 2.89 2.00 0.89 0.44

Calcium (11-14) 1.11 0.89 0.67 0.44 0.22

Table 5.1: Structural sizes of the mammographic phantoms. Overview of the
thicknesses of the individual structures in projection direction embedded in the 4.5 cm thick
simulated mammographic phantom. All sizes are given in millimeters.
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Figure 5.4: Full mammographic phantom. This phantom contains all structures of
interest for breast imaging like tumor masses (1-5), iohexol structures (6-9) and calcifications
(11-15) with breast tissue as background material. The total phantom thickness is 4.5 cm in
projection direction.

5.3.2 Simulated Three-dimensional Breast Phantom

For the BCT simulations, a round-shaped phantom with a diameter of 6 cm and a width
of 600 pixels was created. A cluster of microcalcifications (1), six tumor masses (2-7)
and five iodine-containing structures (8-10) of different sizes are embedded in breast
tissue, which serves as surrounding material. The background material outside of the
phantom is air. One exemplary slice of the three-dimensional phantom is presented in
Fig. 5.5. The corresponding thicknesses can be taken from Tab. 5.2.

5.3.3 Physical Properties

The calcifications are chosen to be simulated by calcium oxalate (C2H2CaO5) as it best
mimics microcalcifications in vivo [Vedantham, 2013]. The iodinated contrast agent is
represented by iohexol because it is the most commonly used clinical contrast agent
for CESM [Zanardo, 2019]. The concentration is 6 mg/ml since injecting iohexol in a
concentration of 400 mg/ml at a standard dose of 1.5 ml/kg per body weight of the
woman, leads to an iohexol concentration of 6 mg/ml in the blood vessels of a patient
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1

2 3 4 5 6 7

8 9 1010 9

Figure 5.5: Simulated BCT phantom. This phantom includes the structures of interest
for BCT like a calcification cluster (1), tumor masses (2-7) and iohexol structures (8-10)
embedded in breast tissue. The material outside of the phantom is air. The diameter of the
phantom is 6 cm.

Structure Size 1 Size 2 Size 3 Size 4 Size 5 Size 6

Tumor (2-7) 2.0 3.0 4.0 6.0 10.0 15.0

Iodine (8-10) 0.2 0.4 0.6 - - -

Table 5.2: Structural sizes of the simulated BCT phantom. The structures are
inserted in a 6 cm thick breast phantom used for the SDPC CT simulations. All sizes are
given in centimeter. The diameter of the microcalcifications is 0.6 mm.

97
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with a body weight of 80 kg and a blood volume of 66 ml/kg [Wadsworth, 1954]. The
values for the linear attenuation coefficients and the electron densities are taken from
various publications [Johns, 1987; Boone, 1996; Schoonjans, 2011; Willner, 2014].
The linear attenuation coefficients of the materials in the clinically relevant energy
range of 10-60 keV are plotted in Fig. 5.6. Iohexol in a concentration of 400 mg/ml
is additionally plotted since it is later used as a basis material. The corresponding
material’s electron densities are listed in Tab. 5.3. The electron densities which are not
listed in the aforementioned publications are calculated using

ρe “ ρ ¨NA ¨

ř

nwnZn
ř

nwnAn
, (5.2)

where ρ is the material’s density, NA the Avogadro constant, Z the atomic number and
A the atomic mass of element n with the weight fraction w in the respective material.
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Figure 5.6: Linear attenuation coefficients of the materials used for the simu-
lations. The energy-dependent linear attenuation coefficients for the materials used in the
SDPC simulations are plotted. Additionally, the energy-dependent attenuation of iohexol in
a concentration of 400 mg/ml is shown as it is later used as basis material.
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Breast
Tissue

Tumor
Tissue

Calcium
Oxalate

Iohexol
400 mg/ml

Iohexol
6 mg/ml

ρe

“

e
cm3

‰

3.39 ¨ 1023 3.50 ¨ 1023 6.62 ¨ 1023 3.38 ¨ 1023 3.34 ¨ 1023

Table 5.3: Volume electron densities used for the simulations. It includes all materi-
als which are embedded in one of the simulated phantoms as well as iohexol in a concentration
of 400 mg/ml since it is later used as basis material.

5.4 Estimation of the Optimal Simulation Parameters

In order to achieve the best result of the material decompositions, the determination
of the optimal imaging configurations is performed in advance. For each phantom
and material decomposition, different basis material combinations and consequently
different simulation settings and optimized parameters are determined. The concept
is based on the explanations presented in Sec. 3.5.3. The parameters either minimize
the PED variance or the basis material line integrals variance for all three imaging
methods. In this section, only the parameters that are used for the simulations and
that minimize the PED variance based on the CRLB and the noise framework from
[Mechlem, 2020] are presented in the following.

5.4.1 Mammography

Corresponding to the given phantoms, the following basis material combinations are
used: Breast/tumor tissue, breast tissue/calcium oxalate and breast tissue/iohexol
(6 mg{ml)for the two-material-based phantoms as well as tumor tissue/iohexol in a
concentration of 6 mg{ml for the three- and multi-material phantom. As mentioned
before, the setup parameters are optimized with respect to the lowest PED variance.
In the quasi-monochromatic simulations only the source energies are optimized as they
correspond to the design energies. For the polychromatic simulations, both the tube
voltages and design energies are varied in the parameter optimization. Thus, the
specifications of the grating interferometer differ for both X-ray sources and all material
combinations to ideally match the respective design energies. The optimal parameters
and settings for the numerical simulation are listed in Tab. 5.4 and 5.5 for both cases and
all basis material combinations. The corresponding effective X-ray source (A) and the
energy-dependent visibility (B) spectra are presented in Fig. 5.7 and 5.8 for the quasi-
monochromatic and the polychromatic case, respectively, and for all the performed
decomposition tasks. The peak of the visibility spectrum is at the corresponding design
energy. For the quasi-monochromatic dual-energy simulation, two X-ray spectra are
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Breast and tumor tissue

Energy [keV] G1 G2

Low 16.00
Height [µm] 2.81 90.00

Period [µm] 6.15 6.25

High 28.00
Height [µm] 4.92 90.00

Period [µm] 4.65 4.72

Breast tissue and calcium oxalate

Energy [keV] G1 G2

Low 22.00
Height [µm] 3.86 90.00

Period [µm] 5.24 5.33

High 35.00
Height [µm] 6.15 90.00

Period [µm] 4.16 4.23

Breast/tumor tissue and iohexol (6 mg/ml)

Energy [keV] G1 G2

Low 30.00
Height [µm] 5.27 90.00

Period [µm] 4.49 4.56

High 35.00
Height [µm] 6.15 90.00

Period [µm] 4.16 4.23

Table 5.4: Optimal setup parameters for the numerical mammography simulation
for a quasi-monochromatic X-ray source. It contains the source energies which equal
the design energies as well as the grating properties like height and period for the different
material decompositions.

plotted. In contrast, the effective spectra of the low and the high energy bin are
depicted together with the adjusted energy THLs (indicated by the vertical grey lines)
for the polychromatic simulation case. The lower THL is always set to a fixed energy
of 10 keV and 15 keV for the mono- and the polychromatic case, respectively, to cut
out electronic noise. For the decomposition into breast or tumor tissue and iohexol
(6 mg{ml), the only striking characteristic is that the optimal energies with 30 keV and
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Breast and tumor tissue/calcium oxalate

Tube voltage [kVp] 40.00

Design energy [keV] 32.00

THL low [keV] 15.00

THL high [keV] 31.00

G0/G2 G1

Height [µm] 200.00 5.97

Period [µm] 13.64 6.82

Breast and iohexol (6 mg/ml)

Tube voltage [kVp] 50.00

Design energy [keV] 34.00

THL low [keV] 15.00

THL high [keV] 33.00

Height [µm] 200.00 5.62

Period [µm] 13.23 6.62

Tumor tissue and iohexol (6 mg/ml)/calcium oxalate

Tube voltage [kVp] 50.00

Design energy [keV] 36.00

THL low [keV] 15.00

THL high [keV] 35.00

Height [µm] 200.00 6.32

Period [µm] 12.86 6.43

Table 5.5: Optimal setup parameters for the numerical mammography simulation
for a polychromatic X-ray source. It contains the source energies which equal the design
energies as well as the grating properties like height and period for the different material
decompositions.
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Figure 5.7: Effective quasi-monochromatic X-ray source and visibility spectra
for all performed decompositions. The spectra are presented for the decomposition
into (A, B) breast and tumor tissue, (C, D) breast tissue and calcium oxalate and (E, F)
breast/tumor tissue and iohexol (6 mg/ml). The lower and higher energy spectra are plotted
in blue and orange, respectively. The corresponding optimal simulations settings for each
plot are listed in Tab. 5.4.
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Figure 5.8: Effective polychromatic X-ray source and visibility spectra for all
performed decompositions. The spectra are presented for the decomposition into (A, B)
breast tissue and tumor tissue/calcium oxalate, (C, D) breast tissue and iohexol (400 mg/ml)
and (E, F) tumor tissue and iohexol (6 mg/ml). The peak of the visibility spectrum corre-
sponds to the design energy of the interferometer. The corresponding optimal simulations
settings for each plot are listed in Tab. 5.5.
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35 keV for the quasi-monochromatic-based decomposition are very close to each other.
This indicates the influence of the absorption K-edge of iodine at an energy of 33.2 keV
during the parameter optimization process.

5.4.2 Breast Computed Tomography

The parameter optimization is repeated for the SDPC BCT simulations. Therefore,
the detector’s pixel size is enlarged to 150 µm referring to the commercial BCT device.
The assumed sample thickness is extended to 6 cm representing an uncompressed fe-
male breast. The three-dimensional phantom is not gradually filled with the various
relevant materials as for mammography, so that the number of interesting basis ma-
terial combinations is reduced. The two sensible basis material combinations for this
application are tumor tissue and iohexol (6 mg/ml) as well as into breast tissue and
iohexol (400 mg/ml) in order to further enhance the contrast of specific structures as
shown later. The optimization results in the same parameters for both basis material
combinations. The optimal imaging parameters and grating specifications are summa-
rized in Tab. 5.6 for the quasi-monochromatic X-ray source. The effective X-ray source
(A) and energy-dependent visibility (B) spectra are plotted in Fig. 5.9. The absorption
K-edge of iodine is indicated by a vertical, green, dashed line. The optimal source
energies are very close to the K-edge which underlines the influence of iodine as basis
material. By comparing the optimal simulation settings of the BCT with mammog-
raphy for the same basis material combinations, the two energies appear to be closer
together with increasing sample thickness.

5.5 Quasi-monochromatic and Polychromatic
Simulation

In this section, the results of all conducted numerical simulations for the quasi-mono-
and the polychromatic case are presented. The first part refers to the results performed
for two-dimensional mammography imaging (cf. Sec. 5.5.1) followed by the simulations
for BCT in the second part (cf. Sec. 5.5.2).

5.5.1 Simulation of Mammography

Two-material-based phantom

The results for the two-material-based phantoms are shown in Fig. 5.10, 5.11 and 5.12
for breast and tumor tissue, breast tissue and calcium oxalate as well as for breast
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5.5 Quasi-monochromatic and Polychromatic Simulation

Tumor tissue and iohexol (6 mg/ml)

Breast tissue and iohexol (400 mg/ml)

Energy [keV] G1 G2

Low 33.00
Height [µm] 6.15 90

Period [µm] 4.29 4.35

High 35.00
Height [µm] 5.80 90

Period [µm] 4.16 4.23

Table 5.6: Optimal setup parameters for the numerical simulation of breast
computed tomography for a quasi-monochromatic X-ray source. It contains the
source energies which equal the design energies as well as the grating properties like height
and period for the decomposition into tumor tissue/iohexol (6 mg/ml) and breast tissue/io-
hexol (400 mg/ml).
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Figure 5.9: Effective quasi-monochromatic X-ray source and visibility spectra for
the BCT simulations. The spectra are used for the decomposition into tumor tissue and
iohexol (6 mg/ml) as well as into breast tissue and iohexol (400 mg/ml). The lower energy is
plotted in blue and the higher one in orange. The absorption K-edge of iodine is indicated by
the vertical, green, dashed line at 33.2 keV. The corresponding optimal simulation settings
are listed in Tab. 5.6.

tissue and iohexol (6 mg/ml), respectively. The quasi-monochromatic case is always
displayed in subfigures (A-D) and the polychromatic case in (E-H). The results for the
conventional material decomposition are shown in the left column and the results for
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Figure 5.10: Conventional spectral attenuation-based and SDPC material de-
composition for (A-D) a quasi-mono- and (E-H) a polychromatic X-ray source
for breast tissue (BM1) and tumor tissue (BM2) as phantom and basis mate-
rials. Especially in the polychromatic case, the tumor detection is improved in the second
basis material image while the background noise level is reduced. Due to the correlation of
neighboring pixels, a horizontal noise pattern is introduced in the SDPC-based basis mate-
rial images in contrast to the conventionally decomposed images. The units for the material
decompositions are given by the equivalent projected breast and tumor tissue thicknesses in
centimeter. Images are windowed for maximum detail visibility.

the SDPC decomposition in the right one. The first and the second basis material
images are denoted with BM1 and BM2, respectively. The total dose for all simulated
measurements is 1.25 mGy estimated with the model presented by J. M. Boone and
is thus in the relevant dose range for mammography [Boone, 1992; Perry, 2006]. The
attenuation and differential phase-contrast images for the three two-material-based
phantoms are depicted in the Appendix in Fig. 6.1, 6.2 and 6.3. The noise level
for the quasi-monochromatic simulations is generally lower than for the polychromatic
ones in all decomposed images of the three two-material based phantoms. Neverthe-
less, the visual comparison between the conventional and the SDPC material decom-
position shows a reduction of the background noise also for the quasi-monochromatic
simulations. The decrease is stronger in the polychromatic case where especially the
smaller structures become visible after the SDPC material decomposition. The micro-
calcifications partially get lost in the background noise for the conventional material
decomposition (cf. Fig. 5.11 (G)) and are significantly enhanced in the SDPC-based
decomposition (cf. Fig. 5.11 (H)). This is also the case for the tumor masses, comparing
Fig. 5.10 (G) and (H) and the iohexol structures in Fig. 5.12 (G) and (H). The reason
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Figure 5.11: Conventional spectral attenuation-based and SDPC material de-
composition for (A-D) a quasi-mono- and (E-H) a polychromatic X-ray source
for breast tissue (BM1) and calcium oxalate (BM2) as phantom and basis ma-
terials. The results reveal an enhanced contrast of the microcalcifications in the SDPC
decomposition compared to the conventional one. The improvement is more pronounced in
the polychromatic case where the inserts get lost in background noise during the conven-
tional material decomposition. The units for the material decompositions are given by the
equivalent projected breast tissue and calcium oxalate thicknesses in centimeter. Images are
windowed for maximum detail visibility.

for this is the worse energy separation in the polychromatic case compared to the
quasi-monochromatic case which leads to an increased noise level in the conventionally
decomposed images. Consequently, the gain of SDPC by the additional phase-contrast
information is higher compared to the quasi-monochromatic case where the separation
(due to the dual-energy approach) is good. In contrast to the conventional spectral ma-
terial decomposition whose optimization problem is – as previously mentioned – solved
pixelwise, it is not possible to solve the SDPC approach for each pixel separately as the
signals from neighboring pixels are correlated. This results in a stripe-like horizontal
noise pattern which appears in all SDPC basis material images.
The described visual findings are emphasized by the CNR values and PED variances
which are summarized in Tab. 5.7 and 5.8 for both decomposition approaches. Here,
the CNR is calculated between one of the structural elements and the surrounding ma-
terial breast tissue. It should be noted, that the CNR is only calculated for the second
basis material image. For the attenuation-based images, the CNR values are listed
in the Appendix in Tab. 6.1. For the quasi-monochromatic case, the PED variance
is only slightly reduced, but the CNR values show a significant improvement for all
structures. For iohexol and the calcifications, the CNR values are approximately three
times higher for the SDPC-based material decomposition and also for the tumor masses
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Figure 5.12: Conventional spectral attenuation-based and SDPC material de-
composition for (A-D) a quasi-mono- and (E-H) a polychromatic X-ray source
for breast tissue (BM1) and iohexol (BM2) in a concentration of 6 mg/ml as
phantom and basis materials. The amount of iohexol becomes visible in the second basis
material image in both material decompositions. After the SDPC material decomposition,
the iohexol structures are remarkably improved in the iohexol basis material image. In the
polychromatic case, four instead of only two iohexol structures are detected. The units for
the material decompositions are given by the equivalent projected breast tissue and iohexol
thicknesses in centimeter. Images are windowed for maximum detail visibility.

an improvement of about 44 % is present. This effect becomes more prominent for the
polychromatic simulations where both the PED variances as well as the CNR values
are remarkably improved which is clearly emphasized by six- to eight-fold increased
CNR values after the SDPC material decomposition.

Since contrast enhancement can also be achieved by applying a filter to the con-
ventional material decomposition results, a comparison based on column-wise summed
line plots of the different modalities is presented in Fig. 5.13 with special regard to
the resolution/sharpness. This comparison is performed for all decomposition tasks
for the two-material-based phantoms exemplary for the polychromatic simulation case.
The results are exemplary displayed for the second basis material image. In (A-C),
the line plots of the conventional (blue) and the SDPC (orange) material decomposi-
tion are presented. It clearly shows that the noise is significantly reduced by SDPC.
Furthermore, compared to conventional material decomposition, one tumor mass, two
calcification clusters and two iohexol structures are additionally detected in the SDPC
approach. Structures get lost in the high background noise and are not observed in
the conventionally decomposed images. In (D-F), the SDPC result is compared with
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Modality Size 1 Size 2 Size 3 Size 4 Size 5

Tumor masses

Conventional 28.50 18.67 14.09 9.08 4.85

SDPC 41.38 27.09 20.46 13.18 6.91

PED variance [cm´4]

Conventional 6.45¨1041

SDPC 6.39¨1041

Calcium oxalate

Conventional 21.17 17.04 11.88 7.18 –

SDPC 66.43 54.33 37.05 22.11 –

PED variance [cm´4]

Conventional 1.07¨1042

SDPC 1.06¨1042

Iohexol 6 mg/ml

Conventional 3.23 2.30 1.60 0.74 0.39

SDPC 11.80 8.56 5.84 2.64 1.39

PED variance [cm´4]

Conventional 7.18¨1041

SDPC 7.16¨1041

Table 5.7: CNR values and results of the PED variance for all simulated cases
for the two-material phantoms in the quasi-monochromatic simulation case. CNR
values for the conventional and the SDPC decomposition for the second basis material image
are presented and show a significant improvement for all structural elements from conventional
to SDPC decomposition.

the 1D Gaussian filtered conventional material decomposition (green). Although the
noise is reduced which in consequence results in higher contrast, resolution gets lost.
For the smaller structures pixel 1100 upwards for the tumor masses, from pixel 900 for
the calcifications and from 1000 for the iohexol structures, the signal stagnates and the
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Modality Size 1 Size 2 Size 3 Size 4 Size 5

Tumor masses

Conventional 0.32 0.23 0.16 0.10 0.12

SDPC 2.14 1.54 1.12 0.78 0.43

PED variance [cm´4]

Conventional 5.92¨1045

SDPC 1.06¨1043

Calcium oxalate

Conventional 1.04 1.10 0.56 0.09 –

SDPC 7.93 7.11 4.44 2.75 –

PED variance [cm´4]

Conventional 8.25¨1044

SDPC 6.08¨1043

Iohexol 6 mg/ml

Conventional 0.21 0.12 0.11 0.02 0.01

SDPC 1.63 1.14 0.81 0.38 0.23

PED variance [cm´4]

Conventional 2.15¨1044

SDPC 8.47¨1043

Table 5.8: CNR values and results of the PED variance for all simulated cases
for the two-material phantoms in the polychromatic simulation case. CNR values
for the conventional and the SDPC decomposition for the second basis material image are
presented and show a significant improvement for all structural elements from conventional
to SDPC decomposition.

structures are no longer distinguishable from the background. Again, only the three
largest tumor masses, two calcification clusters and three iohexol structures are observ-
able. Consequently, one gains contrast without losing resolution with SDPC imaging.
To emphasize the observations from the line plots, a supplementary analysis of the
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Figure 5.13: Column-wise summed line plots of the different decompositions tasks
for the polychromatic simulation case. (A-C) Comparison between the conventional and
the SDPC material decomposition for the three two-material-based phantoms. These plots
underline the significant noise reduction. (D-F) Comparison between the Gaussian blurred
conventional and the SDPC material decomposition showing the loss of resolution through
filtering although the noise is reduced. The left column shows the results of the breast/tumor
decomposition, the center column the breast/calcium oxalate decomposition and the right
column the breast/iohexol (6 mg/ml) decomposition. These results are exemplary displayed
for the second basis material image.

CNR, the background noise and the k-value is presented in Tab. 5.9. Since the line
plots of the calcification-based phantom are mainly dominated by noise, the analysis is
omitted for this phantom. For the k-value calculation, an edge of the largest structural
element is respectively used as smaller structures partially get lost in the background
noise and thus the k-value would no longer be calculable or useful for comparison.
Even though the background noise is the lowest for the Gaussian filtered conventional
material decomposition image, the noise in the SDPC image is significantly reduced
compared to the unfiltered conventional material decomposition. In addition, the k-
and the CNR values underline that the sharpness and the contrast are the highest for
the SDPC approach. In conclusion, SDPC imaging outperforms the filtered conven-
tionally decomposed images.
In addition to the two basis material images, an additional dark-field basis material

image is generated by the SDPC material decomposition. Since the focus of this work
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Conventional Conventional Gauss SDPC

Tumor

CNR 0.311 1.813 2.166

σBG 4.133 0.210 0.606

k-value 0.111 ˘ 0.016 0.117 ˘ 0.006 0.120 ˘ 0.003

Iohexol 6 mg/ml

CNR 0.197 1.202 1.614

σBG 2.300 0.100 0.252

k-value 0.817 ˘ 0.644 1.055 ˘ 0.323 1.703 ˘ 0.283

Table 5.9: Comparison of the image quality measures. The image quality measures
include the CNR, the background noise σBG and the k-value representing the edge sharpness
and are calculated for the conventional material decomposition, for the Gaussian filtered one
and the SDPC decomposition. This analysis shows that one gains contrast without losing
resolution or sharpness with the SDPC approach.

is mainly on the material separation rather than on the physically correct depiction of
the ultra-small-angle scattering signal or the improvement of this signal, the dark-field
images are not included in the results of the SDPC optimization presented before. For
the quasi-monochromatic simulation case and the calcium-based phantom, the results
of the dark-field image are exemplary shown in Fig. 5.14. The corresponding CNR val-
ues and its percentage improvements are tabulated in Tab. 5.10. Compared to both,
the low- and the high-energy dark-field image, a contrast enhancement is discernible
which is larger for the low- (between 46 and 111 %) than for the high-energy (between
12 and 17 %) image and depends on the structure size.

Three-material-based phantom

The results of the iohexol-based three-material phantom are presented in Fig. 5.15 us-
ing tumor tissue and iohexol (6 mg{ml) as basis materials. A clear separation of the two
basis materials is observable. The iohexol structures appear bright only in the second
basis material image. For the conventional spectral attenuation-based decomposition,
the tumor masses are also very well depicted. This is not the case for the SDPC de-
composition where artifacts appear at the edges of the phantom for both simulated
X-ray sources. The reason for this is the inconsistency between the attenuation coeffi-

112



5.5 Quasi-monochromatic and Polychromatic Simulation

A

1 cm

B

C

-0.10

0.05

0.20

-0.05

0.05

0.15

-0.02

0.03

0.08

Figure 5.14: Dark-field images of the quasi-monochromatic simulation. It includes
the images for (A) the low (22 keV) and (B) the high (35 keV) energy and for (C) the DFI
after the SDPC optimization. The unit for the dark-field basis material image is given by the
equivalent thickness of a material behaving with εpEq in centimeters. Please note that the
values are not quantitative because the signal strength of the dark field for microcalcifications
was not simulated here.

Modality Size 1 Size 2 Size 3 Size 4

DFI 22 keV 7.98 6.34 5.12 3.21

DFI 35 keV 14.44 11.86 8.29 4.18

DFI SDPC 16.83 13.77 9.75 4.67

Improvement [%] 110.90 117.19 90.43 45.48

16.55 16.10 17.16 11.72

Table 5.10: CNR values for the conventional and SDPC DFIs. It is exemplary
shown for the quasi-monochromatic simulation case for both energies and the SDPC result. It
underlines the contrast enhancement after the SDPC optimization which is higher compared
to the lower energy, but lower for the higher energy.
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Figure 5.15: Conventional spectral attenuation-based and SDPC material de-
composition of the three-material-based phantom for a quasi-mono (A-D) and a
polychromatic (E-H) X-ray source into tumor tissue and iohexol with a concen-
tration of 6 mg/ml. It is clearly visible that the iohexol structures are almost perfectly
decomposed and separated from the tumor masses. Artifacts appear at the edges of the
tumor masses in the images decomposed with the SDPC approach. The reason for this is the
inconsistency between the attenuation coefficient and the electron density when a material
with K-edge, e.g. iohexol, is present. The units for the material decompositions are given by
the equivalent tumor tissue and iohexol thicknesses in centimeter. Images are windowed for
maximum detail visibility.

cient and the electron density when a K-edge material, e.g. iohexol, is present within
the used X-ray spectra. Additionally, if a phantom containing more materials than
available basis materials is used, the physical description of every material individually
is challenging. This is especially the case for this particular combination of phantom
materials where two soft tissue-like and even one material including a K-absorption
edge are present. In this combination, the decomposition with only two basis materials
leads to this artifact which is in contrast to the successful and artifact-free material
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separation presented before. Furthermore, both soft tissue-like materials (breast and
tumor tissue) appear in the same basis material image which totally results in lower
contrast for the tumor masses. The results of the CNR and PED variance analysis are
summarized in Tab. 5.11. The CNR is only calculated for the second basis material.
While the PED variances show an improvement for both simulation cases, the CNRs
only demonstrate contrast enhancement for the iohexol structures by up to ten times
for the polychromatic case and up to three times for the quasi-monochromatic case.
As already visible in the decomposed images in Fig. 5.15, the contrast in terms of CNR
for the tumor masses is not increasing. The attenuation and differential phase-contrast
images for the two three-material-based phantoms are depicted in the Appendix in
Fig. 6.4 and the CNRs for the attenuation images are tabulated in Tab. 6.2.
The second constellation for a three-material-based phantom includes tumor masses

and calcifications embedded in breast tissue. In Fig. 5.16 (A) and (B), the results of a
polychromatic, high dose and noiseless spectral attenuation-based material decomposi-
tion simulation are presented for (A) tumor and (B) calcium oxalate as basis materials.
This simulation is carried out with a higher dose and without noise in order to work
out possible inconsistencies with regard to the representation of the structures in the
respective base materials. While the calcifications correctly pop up only in the second
basis material image, it is conspicuous that the tumor masses appear bright in both
basis material images. In order to investigate this, line plots through the tumor masses
(C) and (D) and also the weight fractions of this decomposition task (E) are addition-
ally plotted. A zoom-in section is provided in (F) to better distinguish between tumor
and breast tissue. The line plot in (D) reveals that the tumor masses are modelled with
a negative calcium oxalate thickness. However, the values are only negative due to the
surrounding breast tissue material causing a negative offset, which is underlined by
the plotted theoretical weight fractions in (E) and (F) showing that the breast tissue
is modelled with a negative calcium oxalate fraction. When comparing tumor masses
and breast tissue, it is still correctly observed that the tumor masses have higher val-
ues than breast tissue (D,F). As a result, the tumor masses appear bright due to the
offset in the wrong basis material image. Since the separation between tumor mass and
calcification is not given even in a high-dose and noise-free simulation, the full results
for both X-ray sources and decomposition approaches are not presented here.

Full mammographic phantom

Nevertheless, the extension to a full mammographic phantom is performed to examine
the behavior when all four materials are present within one phantom while performing
a two-material decomposition. The results of the decompositions for the multi-material
phantom are shown in Fig. 5.17 utilizing tumor tissue and iohexol (6 mg/ml) as ba-
sis materials. The corresponding attenuation and differential phase-contrast images

115



5 Spectral Differential Phase-Contrast Imaging

Modality Size 1 Size 2 Size 3 Size 4 Size 5

Monochromatic

Tumor masses

Conventional 3.37 2.31 1.63 1.13 0.62

SDPC 6.98 3.99 2.08 0.57 0.29

Iohexol 6 mg/ml

Conventional 3.33 2.42 1.69 0.73 –

SDPC 10.62 7.84 5.48 2.28 –

PED variance [cm´4]

Conventional 7.18¨1041

SDPC 7.16¨1041

Polychromatic

Tumor masses

Conventional 0.37 0.25 0.20 0.12 0.04

SDPC 0.90 0.36 0.06 0.16 0.04

Iohexol 6 mg/ml

Conventional 0.17 0.13 0.08 0.03 –

SDPC 1.30 1.13 0.77 0.29 –

PED variance [cm´4]

Conventional 1.61¨1044

SDPC 3.56¨1043

Table 5.11: CNR values and results of the PED variance for the quasi-mono-
and polychromatic simulation for all structures inserted in the iohexol-based
three-material phantom. It includes the CNR values for the second basis material image
and PED variances for the conventional and the SDPC material decomposition. The PED
variance is improved for both simulation cases while for the CNR, there is only an increase
of contrast observable for the iohexol structures, but not for the tumor masses. This can
be explained by the artifacts that occur and which makes it difficult to visualize the tumor
masses resulting in fluctuating CNR values.
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Figure 5.16: Conventional spectral attenuation-based, high dose and noiseless
material decomposition into tumor and calcium oxalate. The decomposed images
are shown for (A) tumor and (B) calcium oxalate as basis materials. The simulations are
conducted for a polychromatic X-ray source. In (C) and (D), the corresponding line plots
through the tumor masses are plotted. (E) The weight fractions of this decomposition tasks
are presented with (F) a zoom-in section for better visualization. These figures justify why
the tumor masses appear bright in both images.

are depicted in the Appendix in Fig. 6.5. In both simulation cases the decrease of
background noise is visible in the decomposed images, but it is more obvious for the
polychromatic simulation. The outcome of the CNR and the noise analysis is pre-
sented in Tab. 5.12 for material decompositions and in the Appendix in Tab. 6.3 for
the attenuation images of both simulation cases. It has to be noted that CNR in
Tab. 5.12 is only calculated for the second basis material. For the perfectly decom-
posed iohexol structures, the analysis emphasizes the observed improvement in terms
of three to ten times higher CNR values. In addition, lower PED variances for the
SDPC decomposition are also calculated for both cases. However, artifacts appear
at the other structures. On the one hand, modeling the calcifications is challenging
with the chosen basis materials, as their appearance changes in brightness from the
conventional to the SDPC decomposition. Furthermore, streaking artifacts appear as
blurred edges around the calcifications and the tumor masses in the SDPC decomposed
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Figure 5.17: Conventional spectral attenuation-based and SDPC material decom-
position for (A-D) a quasi-mono- and (E-H) a polychromatic X-ray source into
tumor tissue (BM1) and iohexol with a concentration of 6 mg/ml (BM2) as basis
materials of the multi-material phantom. While the iohexol structures are almost per-
fectly decomposed, modeling the calcifications is challenging for the multi-material phantom.
Due to the inconsistency between the attenuation coefficient and the electron density when a
K-edge material is present, their appearance changes in brightness from the conventional to
the SDPC decomposition. The units for the material decompositions are given by the equiv-
alent tumor tissue and iohexol thicknesses in centimeter. Images are windowed for maximum
visibility.
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Modality Size 1 Size 2 Size 3 Size 4 Size 5

Monochromatic

Tumor masses

Conventional 3.21 2.17 1.55 1.09 0.55

SDPC 6.40 3.54 1.84 0.59 0.58

Iohexol 6 mg/ml

Conventional 3.34 2.42 1.68 0.74 –

SDPC 10.61 7.72 5.35 2.45 –

PED variance [cm´4]

Conventional 8.61¨1042

SDPC 8.35¨1042

Polychromatic

Tumor masses

Conventional 0.31 0.21 0.16 0.14 0.14

SDPC 0.43 0.01 0.09 0.12 0.03

Iohexol 6 mg/ml

Conventional 0.16 0.13 0.06 0.05 –

SDPC 1.53 1.09 0.77 0.35 –

PED variance [cm´4]

Conventional 3.19¨1045

SDPC 8.69¨1044

Table 5.12: CNR values and results of the PED variance for the quasi-mono-
and polychromatic simulation for all inserted structures for the multi-material
phantom. The analysis includes the CNR values for the conventional and the SDPC material
decomposition for the second basis material image. It was omitted for calcium because of
the change in brightness in the decomposed images. For the iohexol structures, these values
emphasizes the improvement induced by the SDPC approach underlined by the CNR and
PED variances.
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images. The reason is again the inconsistency between the attenuation coefficient and
the electron density when a K-edge material is present. The optimization attempts to
find the best possible compromise between the attenuation and the PED. This leads
to an inversion of the contrast from conventional to SDPC decomposition. On the
other hand, in the case of a phantom including more materials than available basis ma-
terials, the physically correct description of every individual material is not possible.
The additional materials must be composed as a linear combination of the other two
basis materials. Especially in this particular combination of phantom materials where
two soft tissue-like, two highly absorbing (calcium oxalate and iohexol) materials and
even one material including a K-absorption edge are present. In this combination, the
decomposition with only two basis materials leads to these artifacts compared to the
successful and artifact-free material separation in Fig. 5.10, 5.11 and 5.12.

5.5.2 Simulation of Computed Tomography

In this section, SDPC BCT is investigated for a quasi-monochromatic X-ray source.
As already pointed out in the experimental part about BCT at the MuCLS in Sec. 4,
it is challenging to obtain a clinically and dose relevant BCT scan due to the high
radiation sensitivity of the female breast. This is why the simulations are again firstly
performed with a quasi-monochromatic X-ray source, where X-ray photons that only
contribute to dose but not to contrast, are eliminated compared to a polychromatic
X-ray source. It has to be noted that the experimental setup at the MuCLS, that is
simulated here, is not dose-efficient because the sample is located before the two grat-
ings. To get a ground truth where the final results can be compared with, a high dose
simulation is initially performed. According to the Nyquist theorem, the number of
required angles is 966 for all simulations and the data is reconstructed with FBP. The
decomposition itself is conducted on each projection in image space individually before
reconstruction. Again, the Gaussian filtered results of the conventional attenuation-
based material decomposition are taken as initial guess for the SDPC optimization
based on the nonlinear conjugate gradient algorithm (NLCG).
The material decomposition into tumor tissue and iohexol in a concentration of 6 mg/ml
of the CT phantom for a dose of 100 mGy per source energy is presented in Fig. 5.18.
The resulting dose per projection is 0.1 mGy. This is referred to as simulation case 1
in the following analysis of CNR and PED variance. In case 2, the MGD is reduced to
a more clinically relevant limit of 5 mGy per source energy. This is obtained by reduc-
ing the applied dose per projection leading to a target dose per angle of 0.005 mGy.
The results of the 5 mGy simulation with the same basis materials mentioned before
are shown in Fig. 5.19 and reflect case 2. The decomposition generally reveals sim-
ilar results as for the mammography simulations presented in Sec. 5.5.1. The tumor
masses and the iohexol structures are overall well separated. A shadow around the

120



5.5 Quasi-monochromatic and Polychromatic Simulation

A

2 cm

B

C D

-0.02

0.02

0.06

0.10

-0.04

0.00

0.04

-0.02

0.02

0.06

0.10

-0.04

0.00

0.04

SDPCConventional

B
M

2
B

M
1

Figure 5.18: Conventional spectral attenuation-based and SDPC material decom-
position for a quasi-monochromatic X-ray source for breast computed tomogra-
phy and a MGD of 100 mGy. Tumor tissue (BM1) and iohexol with a concentration of
6 mg/ml (BM2) are used as basis materials. While the contrast for the iohexol structures is
sufficient for detection and enhanced in the SDPC basis material image, the contrast of the
tumor masses is barely visible since it appears in the same basis material image like breast
tissue. An inversion of contrast occurs for the microcalcifications which can be explained
by the inconsistency between the attenuation coefficient and the electron density of iohexol
being a K-edge material.

tumor masses is striking in the basis material images of the SDPC decomposition.
This effect in the reconstructed three-dimensional volume probably corresponds to the
blurred edges visible in the projection images in Fig. 5.17. It is again observable that
the calcifications change their brightness from the conventional attenuation-based to
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Figure 5.19: Conventional, spectral attenuation-based and spectral differential
phase contrast material decomposition for a quasi-monochromatic X-ray source
for breast computed tomography and a MGD of 5 mGy. Tumor tissue (BM1) and
iohexol with a concentration of 6 mg/ml (BM2) are used as basis materials. While the contrast
for the iohexol structures is sufficient for detection and enhanced in the SDPC basis material
image, the contrast of the tumor masses is very low since it appears in the same basis material
image like breast tissue. An inversion of contrast occurs for the microcalcifications which can
be explained by the inconsistency between the attenuation coefficient and the electron density
of iohexol as K-edge material.

the SDPC decomposition and show the shadow artifact. All structures are well visible
in the higher dose images. In the 5 mGy images, however, some inserts become harder
to detect because of the increased noise level. However, the background noise level is
clearly reduced in the SDPC decomposition compared to the conventional attenuation-
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based decomposition. The contrast of the tumor masses is remarkably decreased and it
is challenging to distinguish the smaller iohexol structures and the microcalcifications
from the background material in the conventional material decomposition images. In
contrast, all iohexol structures and microcalcifications are discernible in the SDPC-
based decomposition. These impressions are emphasized by an analysis of the CNR.
The results of them are listed in Tab. 5.13 for both simulation cases. The ROIs are
defined in only one exemplary slice and not in the whole volume. Generally, the CNRs
of the SDPC results outperform the conventional ones by at least a factor of two. The
CNR values for the iohexol structures are below one for the conventional simulation
case which means that they are no longer detectable. However, they are three times
higher after the SDPC material decomposition. The CNR values for calcium and tumor
are also increased. By additionally comparing the decomposition of both dose levels,
one can also conclude that the lower the dose, the more pronounced is the contrast
enhancement provided by the SDPC decomposition. The only lack of these results is
the comparatively low contrast of the tumor masses, which needs improvement. Thus,
in order to better distinguish between the background material breast tissue and the
tumor masses to provide a better contrast, the basis materials in which the phan-
tom is decomposed in are changed into breast tissue and iohexol in a concentration of
400 mg/ml (case 3). The higher concentration is used in order to provide more con-
trast for the tumor masses because then, more parts of the breast tissue would also be
modelled by the other basis material image resulting in better separated breast and
tumor tissue. Based on this, an additional low-dose (5 mGy) material decomposition
is simulated and its results are displayed in Fig. 5.20. The CNR values of case 3 are
also listed in Tab. 5.13. Although the breast tissue basis material image overall appears
slightly blurred, the contrast of the tumor masses is significantly improved compared to
the previously performed basis material combination. The CNR increases by a factor
of seven instead of only two as before. The enhancement of the iohexol structures is
comparable to the one of the tumor masses. It is striking that only the iohexol struc-
tures are slightly pronounced in the second basis material image of the conventional
material decomposition. In addition, the PED variance analysis is performed. Since
the parameter optimization in Sec. 5.4 is conducted on only one projection image but
not on the whole image volume, the PED variance is here also determined on the de-
composed simulated projection images. The results are presented in Tab. 5.14. It revels
a slight improvement which becomes with 3.37 % and 7.65 % slightly more prominent
for the low-dose simulation cases. The reconstructed attenuation and phase-contrast
CT images for 33 keV and 35 keV are presented in the Appendix in Fig. 6.6 and 6.7.
For comparison, the corresponding CNR analysis is also given there in Tab. 6.4. The
dark-field signal was again neglected in this investigation since the focus is not on the
exact determination and subsequent improvement of this signal. It would be helpful to
finally identify the microcalcifications due to their change in brightness in the decom-
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positions. The general possible improvement is already investigated and presented in
Fig. 5.14 and Tab. 5.10 for mammography.
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Figure 5.20: Conventional spectral attenuation-based and SDPC material decom-
position for a quasi-monochromatic X-ray source for breast computed tomogra-
phy and a MGD of 5 mGy. Breast tissue (BM1) and iohexol with a concentration of
400 mg/ml (BM2) are used as basis materials. For both, tumor masses and iohexol structures,
the contrast is apparent and significantly enhanced after the SDPC decomposition while the
background noise is notably decreased.
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Structure Modality Case 1 Case 2 Case 3

Tumor (BM1)
Conventional 0.74 0.16 0.70

SDPC 1.55 0.42 5.21

Microcalcification (BM1)
Conventional 15.56 2.92 13.63

SDPC 74.28 15.89 12.10

Microcalcification (BM2)
Conventional 6.32 0.88 0.97

SDPC 79.31 17.24 19.26

Iohexol 1 (BM2)
Conventional 3.42 0.76 0.27

SDPC 10.21 2.26 2.58

Iohexol 2 (BM2)
Conventional 3.91 0.88 0.73

SDPC 10.12 2.44 2.16

Iohexol 3 (BM2)
Conventional 2.79 0.39 0.70

SDPC 7.19 1.33 1.62

Table 5.13: CNR analysis for all CT simulations with a quasi-monochromatic
X-ray source. The analysis includes the CNR values for the conventional and the SDPC
material decomposition. Due to the contrast inversion, the CNR of the microcalcifications is
listed for both basis material images, while for tumor tissue and iohexol, it is only given for
the corresponding basis material image. The increased CNR values of the iohexol structures
underline the contrast improvement after the SDPC decomposition.

Modality Case 1 Case 2 Case 3

Monochromatic

Conventional 4.31¨1045 9.01¨1046 4.29¨1046

SDPC 4.26¨1045 8.37¨1046 4.15¨1046

Table 5.14: Results of the PED variance for the quasi-monochromatic CT sim-
ulation. While the value for the high dose SDPC-based material decomposition with ap-
proximately 1 % is only slightly lower than for the conventional attenuation-based material
decomposition, the improvement for the 5 mGy simulations is between 3.37 % and 7.65 %.
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5.6 Discussion and Outlook

The SDPC algorithm, which was initially demonstrated in simulations for thorax radio-
graphy in [Mechlem, 2019b], is successfully translated to X-ray breast imaging through-
out this chapter. While the decomposition performs well for a two-material-based
phantom, horizontal streaking and shadowing artifacts appear for the decomposition
of a three-material-based or multi-material phantom when a K-edge material is present
(cf. Fig. 5.15 and 5.17). These artifacts are expressed by structures blurred in hor-
izontal direction and should prospectively be prevented. In addition, the separation
of tumor masses and microcalcifications in the second three-material phantom (cf.
Fig. 5.16) remains challenging. The calcifications appear bright not only in the tumor
tissue image, but also in the calcium oxalate image since the surrounding material
breast tissue induces a negative offset. For these two reasons, an extension from a two-
to a three-material decomposition is proposed for future work. This is firstly shown by
Ji et al. by making use of a third source energy, a third energy THL or a dual-energy
differential phase-contrast CT measurement [Ji, 2020]. With a third basis material,
it would be possible to correctly model all included materials by a linear combination
of the basis materials. The optimization would result in three basis material images,
so that one could for example decompose into soft tissue (breast or tumour tissue),
calcium and iodine. Special cases such as the change in appearance of the microcalci-
fications in Fig. 5.17 or the bright emergence of structures in the wrong basis material
image (cf. Fig. 5.16) could potentially be averted. In particular, problems caused by
the K-edge material can be solved.
Another possibility to be able to separate iohexol from the microcalcifications is to
make use the dark field. This signal is an additional advantage especially for breast
imaging since it helps to diagnose and characterize microcalcifications [Wang, 2014;
Scherer, 2016]. Nevertheless, this work was not concerned with the correct depiction
of a simulated ultra-small-angle scattering signal and thus its evaluation was gener-
ally neglected here. To simulate this signal, either an advanced wave propagation or
dedicated dark-field measurements are required to retrieve the energy dependence for
microcalcification of different sizes. Then, a parameter optimization could also be per-
formed. Nevertheless, a slightly improved dark-field basis material thickness would
be expected after the SDPC decomposition, as it is also implemented in the forward
model (cf. Eq. (3.13)) and thus also one of the model parameters determined after
minimizing the negative log-likelihood function. The theoretically possible improve-
ment of the dark-field signal by the SDPC framework was exemplary investigated for
the quasi-monochromatic simulation case for an arbitrary signal height (cf. Fig. 5.14
and Tab. 5.10). A significant improvement is demonstrated which is reflected in CNR
values that are 10-20 % or 45-118 % (depending on the source energy) higher after per-
forming the SDPC material decomposition. In consequence, it would be interesting
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to make use of the X-ray dark-field signal in experimental studies where this signal is
generated anyway.
In order to fully exploit the potential of the dual-energy SDPC X-ray imaging results,
the dose distribution per source energy could be optimized and included in the param-
eter optimization process. So far, the dose per energy is uniformly distributed to a
fixed target dose. With an overall target dose, better image quality would be expected
if the dose is optimally distributed over both scans. In addition, one problem with the
parameter optimization process is that the optimal imaging settings change for every
material decomposition task depending on the selected basis materials, which is not
suitable for clinical routine. For this, a decision on imaging settings must be made in
advance. However, this should still not be a problem, since these parameters were only
optimized for maximum image quality (minimal PED variance) and even with slightly
changed parameters for a polychromatic X-ray source, the decomposition would work.
In order to overcome the current limitations of conventional mammography and of the
clinically available attenuation-based BCT system [Kalender, 2012; Kalender, 2017;
Berger, 2019b; ABCT, 2020], the evaluation of SDPC for three-dimensional breast
imaging seems to be another promising approach. With a novel round-shaped phan-
tom created for three-dimensional imaging, SDPC-based BCT imaging is performed
and assessed for the quasi-monochromatic X-ray source, various dose levels and differ-
ent basis material combinations. The BCT simulations with a quasi-monochromatic
X-ray source are feasible for both dose levels and reveal enhanced contrast and a ma-
terial discrimination. For the polychromatic case, it is more challenging to be able to
conduct the simulation in a dose-compatible range. In Sec. 4.6, it has already been
discussed to extend the reconstruction techniques to more advanced approaches such
as sliding window or IBSIR especially with regard to the polychromatic investigation as
it was challenging to obtain a grating-based phase-contrast and low-dose off-axis BCT
at the MuCLS so far. This would be one possibility to also lower the total target dose
for a polychromatic and SDPC-based BCT material decomposition. A first attempt
in this direction has already been performed for a phantom study in combination with
SIR by Mechlem et al. [Mechlem, 2019a]. The combined SDPC-SIR algorithm is a one-
step method meaning that the image reconstruction and the material decomposition is
jointly performed. The time-consuming stepping procedure is avoided and an improved
image quality would be expected as initially presented in the first preliminary results
[Mechlem, 2019a]. In addition, as already addressed in Sec. 4, patchwise phase retrieval
or the application of self-supervised deep learning networks would potentially help to
realize polychromatic SDPC BCT imaging. Since it makes more sense to incorporate
the previously listed improvements first to approach a low-dose, no polychromatic BCT
simulation was presented in this work.
As extension of that and based on the simulations, an experimental validation of this
technique for mammography and BCT with biomedical samples appears to be use-
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ful and should be aimed for. Future experimental studies will then also be able to
better deal with the initially mentioned problem of the superposition of diagnosti-
cally relevant tissue structures, which has not been addressed by the phantoms of
this proof-of-principle study. First attempts towards the experimental investigation of
SDPC mammography at the MuCLS have been presented in [Klaar, 2021]. This has to
be pursued in further studies not only with self-made breast phantoms, but also with
e.g. freshly dissected mastectomy specimens. If the spectral separation of a photon-
counting detector does not work sufficiently at a polychromatic X-ray source, it would
also be possible to first conduct a dual-energy measurement where the X-ray source
spectrum is filtered for the low-energy part in order to eliminate as much of the high-
energy X-ray photons as possible. In a first experimental implementation of SDPC
mammography at a polychromatic X-ray source where the applied dose was neglected,
this approach has already been used to ensure the spectral separation [Breitenhuber,
2020]. Although the decomposition generally works in this study, several issues occur
that have to be solved for better accuracy of experimental results of SDPC X-ray imag-
ing. The visibility spectra are simulated and thus assume ideal gratings which lead to
an overestimation of the visibility. In addition, the analysis of the data is performed
with X-ray spectra that are effectively corrected for position or gratings/filters in the
beam path, but not for the energy response of the detector. Since this is one main pa-
rameter in the SDPC forward model (cf. Eq. (3.13)), its previous estimation is of great
importance, but was not performed in the aforementioned study [Breitenhuber, 2020].
The lack of this quantity can lead to a convergence towards a wrong direction or to an
incorrect local minimum in the optimization landscape. It would be best to determine
both X-ray spectrum and detector response as well as the visibility spectrum pixelwise
to obtain a higher accuracy of the experimental results.
In summary, a significant improvement for the material decomposition with the forward-
model-based SDPC algorithm that combines the advantages of dual-energy or spectral
energy-resolved imaging with phase-contrast X-ray imaging was obtained. The con-
trast is enhanced while the noise is reduced for standard mammography and CESM as
well as for BCT. These benefits can be used for increasing the contrast while keeping
the dose constant, for lowering the dose while maintaining the image quality or for
reducing the amount of injected contrast agent. Due to the radiation sensitivity of the
female breast, these aspects are of particular interest for breast imaging especially with
regard to SDPC BCT.
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Conclusion 6
The main findings of this work are given in a final conclusion followed by a brief
summary of the outlook for future studies in this research area.

Breast Computed Tomography at the
Munich Compact Light Source

Ch. 4 comprises not only the experimental results of BCT at the MuCLS, but also
an analysis and comparison of different detectors potentially relevant for X-ray breast
imaging. The data for the latter are generated by measurements with a tungsten
knife edge and a Siemens star. The results are summarized in Sec. 4.5.1. A comparison
between the MTFs, PSFs and LSFs are provided for the Dexela flat-panel detector, the
Santis 75 µm and the Santis 150 µm photon-counting detectors. Comparing the Dexela
and the Santis 75 µm detectors, which have nearly the same pixel size, reveals the huge
advantage of the photon-counting detector technology. Based on the aforementioned
measures, the spatial resolution for the Santis 75 µm is significantly higher. In addition
to the shorter exposure times that can be achieved with a photon-counting detector,
which is an important aspect for low-dose imaging, the recommendation is to use
a photon-counting detector for BCT. The difference between the two times binned
Santis 75 µm and the unbinned Santis 150 µm is not that large. Nevertheless, since the
Santis 150 µm is less susceptible to the charge-sharing effect, it achieves the best results
by a small margin. For spectral imaging, one would also benefit from the detector with
a larger pixel size since it increases the spectral resolution but at the expense of spatial
resolution. But this would be acceptable for BCT since a high spatial resolution is not
necessarily required for this application. The results of this work finally lead to the
conclusion that a photon-counting detector with a higher pixel size is recommended
for BCT.
Experimental studies for BCT are outlined in Sec. 4.5.2 to Sec. 4.5.5. It was successfully
shown that an attenuation-based BCT taken at a quasi-monochromatic X-ray source
in a clinical dose level (4.25 mGy) is achieved that can visually compete with a clinical
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6 Conclusion

in vivo BCT. Based on this, the grating-based phase-contrast BCT was performed
first with a self-build breast phantom and then with a freshly dissected fibroadenoma.
For both phantoms, a low MGD of approximately 10 mGy is obtained. The twice as
high MGD can be attributed to the analyzer grating being located behind the sample
and can be justified by the higher information gain from the additional modalities and
the improved soft tissue contrast in phase-contrast imaging. The image data of the
fibroadenoma scan was furthermore decomposed into lipid, protein and water. Finally,
an off-axis BCT scan was conducted with a more realistic sample size as pre-work for
measurements with mastectomy specimens and a MGD of 25 mGy.
Two main aspects have to be improved in future work: First, to better highlight and
emphasize the benefit of the phase information for BCT, biomedical samples with
inherently more contrast within the samples are required for future studies. Second,
further processing and advanced reconstruction techniques are essential in order to also
lower the MGD for scans with larger samples sizes. Approaches like self-supervised deep
learning networks can denoise the image data, but also reconstruction techniques such
as the sliding window approach or IBSIR could potentially help to further decrease the
MGD of BCT. A detailed discussion of the results, on which the recommendations of
future work are based, can be found in Sec. 4.6. Prospective studies should deal with
these aspects to increase the clinical relevance of grating-based phase-contrast BCT.

Spectral Differential Phase-Contrast Imaging

In Ch. 5, the benefits of SDPC for mammography and CESM are firstly investigated
in numerical simulations with three two-, two three- and one multi-material phan-
tom for a quasi-mono- and a polychromatic X-ray source at different experimental
setups (cf. Sec. 5.5.1). Secondly, iodine containing BCT simulations are conducted
for one phantom using a quasi-monochromatic X-ray source (cf. Sec. 5.5.2). For
this, the optimal imaging parameters were initially estimated for the various decom-
position tasks in Sec. 5.4. While for the two-material-based phantoms, the material
discrimination works artifact-free, the three- and multi-material phantoms reveal some
artifacts such as blurred edges in horizontal direction, the missing separation of tumor
masses and microcalcifications, and the contrast inversion of the microcalcifications.
For more information on the detailed discussion of the simulated results, see Sec. 5.6.
Nevertheless, all SDPC decompositions show significantly lower noise values and im-
proved contrast when the conventional attenuation-based approach is compared with
the SDPC approach. This is also underlined by the analysis of the CNRs and the PED
variances (cf. Tabs. 5.7, 5.8, 5.11, 5.12). The CNR values are improved by a factor of
three in the quasi-monochromatic case. For the polychromatic X-ray source, the in-
crease in CNR is six to eight times higher which could allow a reduction in the amount
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of injected contrast agent by approximately one order of magnitude. In addition to
considering contrast and noise in the image evaluation, the behaviour of the resolution
is also taken into account. Therefore, a comparison of column-wise summed line plots
between the conventional and the SDPC as well as between the conventional and the 1D
Gaussian filtered conventional material decomposition was performed. It shows that
simply filtering an image reduces noise but at the cost of resolution so that ultimately
fewer structures are recognizable. Thus, SDPC imaging benefits from maintaining the
resolution and also the edge sharpness. These findings were additionally validated
by the k-value. Although the small-angle-scattering signal is not correctly simulated
in this work, the theoretical improvement was nevertheless analyzed for the quasi-
monochromatic simulation case. It shows a contrast enhancement for both the images
of the low and the high X-ray energy. Due to the challenging experimental realization
of low-dose BCT at the MuCLS for a larger sample, simulations are only performed
with the quasi-monochromatic X-ray source for three different cases. Again, the noise
is reduced and contrast enhanced (cf. Tab. 5.13 and 5.14) while contrast inversion of
microcalcifications occurs and blurred edges around the spheres appear. Nonetheless,
the BCT results are encouraging for prospective work also for polychromatic X-ray
source since the dose (5 mGy) was already quite low.
Concluding the discussion of this project, an extension to a three-material decomposi-
tion should be the next step for improving the accuracy of SDPC mammography and
BCT to avoid artifacts in the decomposed basis material images. For this approach,
a third source energy, a third energy THL or a dual-energy differential phase contrast
CT measurement is required to extend the SDPC forward model to a third basis mate-
rial [Ji, 2020]. Moreover, the advanced reconstruction techniques mentioned above are
also relevant for prospectively performing polychromatic SDPC BCT simulations such
as the use of SDPC-SIR at a reasonable dose [Mechlem, 2019a]. For dual-energy simu-
lations or measurements, one could additionally optimize the dose distribution for the
respective scan by adjusting the exposure time to achieve the best possible contrast.
Furthermore, an expansion of the experimental validation of SDPC for mammogra-
phy and BCT with breast phantoms or freshly dissected mastectomy specimens might
be very interesting. Such a study would finally enable the evaluation of the clinical
relevance of this approach for breast imaging.
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Appendix

5 mm

Figure 6.1: Attenuation and differential phase-contrast images for the tumor-
based phantom. They are presented for the (A-D) quasi-monochromatic and (E, F) the
polychromatic simulation case. The attenuation images are shown in the left column and the
differential phase-contrast images in the right column. Images are windowed for maximum
detail visibility.
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Figure 6.2: Attenuation and differential phase-contrast images for the calcium
oxalate-based phantom. They are presented for the (A-D) quasi-monochromatic and
(E, F) the polychromatic simulation case. The attenuation images are shown in the left
column and the differential phase-contrast images in the right column. Images are windowed
for maximum detail visibility.

5 mm

Figure 6.3: Attenuation and differential phase-contrast images for the iohexol-
based phantom. They are presented for the (A-D) quasi-monochromatic and (E, F) the
polychromatic simulation case. The attenuation images are shown in the left column and the
differential phase-contrast images in the right column. Images are windowed for maximum
detail visibility.
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Modality Size 1 Size 2 Size 3 Size 4 Size 5

Monochromatic

Tumor masses

AMP 16 keV 39.07 25.86 19.66 12.78 6.78

AMP 28 keV 20.15 13.18 10.02 6.51 3.32

Calcium oxalate

AMP 22 keV 68.83 56.16 38.51 22.78 –

AMP 35 keV 38.68 31.81 21.50 12.47 –

Iohexol 6 mg/ml

AMP 30 keV 6.17 4.51 3.07 1.32 0.67

AMP 35 keV 10.36 7.49 5.15 2.29 1.18

Polychromatic

Tumor masses

AMP 2.75 1.89 1.40 0.99 0.49

Calcium oxalate

AMP 8.86 7.33 5.10 2.83 –

Iohexol 6 mg/ml

AMP 1.70 1.20 0.84 0.36 0.21

Table 6.1: CNR values for all attenuation-based images for the two-material
phantoms in the quasi-mono- and polychromatic simulation case. The CNR values
are calculated for the low- and high-energy images in the quasi-monochromatic case.

135



6 Appendix

A

1 cm

B

C D

E

1 cm

F

1.55

1.65

1.75

1.29

1.33

1.37

2.30

2.60

2.90

-0.25

0.00

0.25

-0.15

0.00

0.15

-0.60

0.00

0.60

DPCAMP

M
on

o
ch

ro
m

at
ic

P
ol

yc
h

ro
m

at
ic

Figure 6.4: Attenuation and differential phase-contrast images for the two-
material-based phantom. The images are depicted for (A-D) the quasi-monochromatic
and (E, F) the polychromatic simulation case. The attenuation images are shown in the left
column and the differential phase-contrast images in the right one. Images are windowed for
maximum detail visibility.
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Modality Size 1 Size 2 Size 3 Size 4 Size 5

Monochromatic

Tumor masses

AMP 30 keV 18.45 12.52 8.94 5.96 2.96

AMP 35 keV 14.78 9.96 7.16 4.71 2.25

Iohexol 6 mg/ml

AMP 30 keV 6.19 4.45 3.10 1.36 –

AMP 35 keV 10.44 7.54 5.28 2.30 –

Polychromatic

Tumor masses

AMP 2.32 1.59 1.21 0.81 0.37

Iohexol 6 mg/ml

AMP 1.62 1.60 0.78 0.31 –

Table 6.2: CNR values for all attenuation-based images for the iohexol-
based three-material phantom in the quasi-mono- and polychromatic simulation
case. The CNR values are calculated for the low- and high-energy images in the quasi-
monochromatic case.
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Figure 6.5: Attenuation and differential phase-contrast images for the multi-
material-based phantom. The images are shown for (A-D) the quasi-monochromatic and
(E, F) the polychromatic simulation case. The attenuation images are shown in the left
column and the differential phase-contrast images in the right one. Images are windowed for
maximum detail visibility.
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Modality Size 1 Size 2 Size 3 Size 4 Size 5

Monochromatic

Tumor masses

AMP 30 keV 17.74 11.98 8.52 5.82 3.11

AMP 35 keV 14.20 9.59 6.82 4.62 2.51

Calcium oxalate

AMP 30 keV 74.16 66.16 43.46 31.28 15.28

AMP 35 keV 56.75 50.75 32.76 23.47 11.50

Iohexol 6 mg/ml

AMP 30 keV 6.14 4.39 3.03 1.40 –

AMP 35 keV 10.40 7.48 5.17 2.34 –

Polychromatic

Tumor masses

AMP 2.53 1.70 1.25 0.83 0.41

Calcium oxalate

AMP 10.10 8.69 5.20 4.45 0.99

Iohexol 6 mg/ml

AMP 1.64 1.15 0.80 0.34 –

Table 6.3: CNR values for all attenuation-based images for the multi-material
phantom in the quasi-mono- and polychromatic simulation case. The CNR values
are calculated for the low- and high-energy images in the quasi-monochromatic case.
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Figure 6.6: Attenuation and differential phase-contrast images for the BCT phan-
tom. The exemplary slices are shown for the (A, B) attenuation and (C, D) the phase-contrast
reconstructions for a MGD of 100 mGy. The left column represents the results from the
lower (33 keV) and the right one the higher energy (35 keV). Images are windowed for maxi-
mum detail visibility.
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Figure 6.7: Attenuation and differential phase-contrast images for the BCT phan-
tom. The exemplary slices are shown for the (A, B) attenuation and (C, D) the phase-
contrast reconstructions for a MGD of 5 mGy. The left column represents the results from
the lower (33 keV) and the right one the higher energy (35 keV). Images are windowed for
maximum detail visibility.
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Structure AMP low AMP high DPC low DPC high

100 mGy

Tumor

4.66 4.26 3.14 2.70

4.66 4.28 3.36 3.09

4.82 4.36 3.19 3.31

4.64 4.29 2.90 3.56

4.76 4.37 3.31 3.19

4.53 4.48 3.41 3.08

Microcalcification 96.62 86.91 33.57 33.20

Iohexol

5.17 11.00 1.90 1.24

5.08 10.45 1.27 1.39

3.25 7.08 0.80 1.14

5 mGy

Tumor

1.00 0.94 1.07 1.01

1.04 1.01 0.73 0.50

1.10 0.98 0.77 1.00

0.95 1.06 0.74 1.06

1.10 0.99 1.22 1.06

0.97 1.27 0.95 1.20

Microcalcification 21.17 20.54 5.80 7.17

Iohexol

1.21 2.60 0.21 0.34

1.21 2.50 0.37 0.63

0.83 1.41 0.24 0.01

Table 6.4: CNR values for all structures of the reconstructed attenuation and
phase-contrast CT images. The values are calculated for the low-energy (33 keV) and the
high-energy (35 keV) images.
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