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Abstract

In recent years, Talbot-Lau interfeometry has created a possibility to extract ad-

ditional image contrasts from an X-ray image. In addition to the conventional

attenuation image, a phase-contrast image and a dark-field image can be obtained.

While the phase image is characterized by improved soft-tissue contrast and the

dark-field image makes non-resolvable micro-structures visible, the simultaneous

availability of the conventional image allows the integration into existing diagnostic

routines. The use of three micro structured gratings makes it possible to extract

the signals from clinical, i.e. incoherent, polychromatic X-ray sources. Immediately

after the new method was presented in 2006, the scientific community started to

evaluate possible applications for clinical imaging. Today the method has reached

a state where dedicated prototypes for the most promising applications - mammo-

graphy and lung imaging - have already been presented for first human studies.

The aim of this work is to identify new diagnostic applications of grating-based

phase-contrast and dark-field imaging and to evaluate their feasibility experimen-

tally. Two application directions can be distinguished. On the one hand, there

are applications whose technical implementation is already possible with the cur-

rent state of the art, and on the other hand, there are approaches for potential

applications which still require technical progress and development of individual

components or methods, but which could be made available to large patient groups

in the event of successful implementation.

Among the applications with lower technical requirements, the detection of foreign

bodies in the extremities was identified. While metallic objects are reliably found in

conventional radiography, wood particles often remain undetected and can lead to

severe complications in wound healing. With a Talbot-Lau interferometer, however,

it is possible to clearly visualize even smallest wood splinters by means of a strong

dark-field signal. The simultaneous availability of the conventional image enables

identification of metallic particles at the same time.

Further, we discovered that gout-causing crystal depositions produce an enhanced

dark-field signal. In conventional radiography it is not possible to visualize these

crystals directly. Instead, gout is radiographically only detected at a late stage

when irreversible cartilage damage becomes visible. In a diagnostic study with ex-
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vivo mice, we showed that the crystal deposits were identified significantly better

in the dark-field than in conventional radiography. Here, sensitivity and specificity

increased to 100 % when both images - the conventional image and the dark-field

image - were available to the radiologists for diagnosis.

Due to the special sensitivity for scattering materials, the dark-field signal offers

the possibility to explore new contrast agents for angiography applications. Ultra-

sonic contrast media consisting of micrometer-sized spheres were identified early on

as potential candidates for this purpose. Using a new contrast enhancement ap-

proach could provide an alternative to iodine-based contrast media, which can lead

to severe side effects or kidney failure in certain patient groups. Previous work has

already been able to show experimentally that some of these agents actually produce

a strong dark-field signal. In this work, the ultrasound contrast agents available on

the market are systematically evaluated for their signal strength, previous research

results are summarized and conclusions are drawn for the development of a dark-

field contrast agent. While the commercially available agents show very different

signal strength and make quantitative experiments difficult due to low stability,

so-called PLGA spheres were identified as potential candidates for further investi-

gations.

Additionally, a method has been developed to use the three simultaneous signals for

quantitative material decomposition. By that, grating-based computed tomogra-

phy can provide similar image information as dual-energy imaging, which has been

successfully introduced into clinical imaging in recent years. The grating-based ap-

proach provides several advantages, whereof the availability of the dark-field image

is certainly the greatest. In this work, it is shown how this method can be used to

quantify iodine contrast agent and how the threefold image information can assure

the diagnosis in an unclear stroke situation.

With the collective of these results, the application spectrum of grating-based

phase-contrast and dark-field imaging will be expanded. The two dark-field ap-

plications for musculoskeletal imaging of the extremities entail fewer technical re-

quirements and could be made available to affected patients in a timely manner.

Although the other two approaches still require further technical development steps

in order to allow their use in humans, they open up large medical fields of applica-

tion which should drive the further development of the method.

The current progress in the field of mammography and lung imaging show us that

through continuous technical and methodological development Talbot-Lau interfer-

ometry can achieve the prerequisites for approval for medical imaging.



Zusammenfassung

In den letzten Jahren wurde mit der Talbot-Lau Interferometerie eine Möglichkeit

geschaffen, zusätzliche Bildkontraste aus einer Röntgenaufnahme zu extrahieren.

Neben dem konventionellen Absorptionsbild, kann ein Phasenkontrastbild und ein

Dunkelfeldbild gewonnen werden. Während sich das Phasenkontrastbild durch

einen verbesserten Weichteilkontrast auszeichnet und das Dunkelfeld nicht auflösbare

Mikrostrukturen sichtbar macht, erlaubt die gleichzeitige Verfügbarkeit des kon-

ventionellen Bilds die Integration in existierende diagnostische Abläufe. Dabei

ermöglicht es eine Kombination aus drei mikrostrukturierten Gittern, die Signale

an klinischen, das heißt inkohärenten, polychromatischen Röntgenquellen zu ex-

trahieren. Direkt nach Vorstellung der neuen Methode im Jahr 2006 begann die

wissenschaftliche Gemeinschaft, die möglichen Anwendungen für klinische Bildge-

bung zu evaluieren. Heute hat die Methode einen Status erreicht, bei dem für die

vielversprechendsten Anwendungen - Mammographie und Lungenbildgebung - be-

reits dedizierte Prototypen für erste Humanstudien vorgestellt wurden.

Das Ziel dieser Arbeit ist es, neue diagnostische Anwendungen der gitterbasierten

Phasenkontrast- und Dunkelfeldbildgebung mit Röntgenstrahlung zu identifizieren

und deren Machbarkeit experimentell zu evaluieren. Hierbei können zwei Anwen-

dungsgruppen unterschieden werden. Auf der einen Seite stehen Anwendungen,

deren technische Umsetzung im Rahmen des aktuellen Stands der Technik bereits

möglich ist, auf der anderen Seite stehen Anwendungen, die noch einen technischen

Fortschritt einzelner Komponenten oder Methoden erfordern, im Falle einer erfol-

greichen Umsetzung aber großen Patientengruppen zur Verfügung gestellt werden

können.

Unter den Anwendungen mit geringeren technischen Anforderung wurde die De-

tektion von Fremdkörpern in den Extremitäten identifiziert. Während metallische

Objekte in konventioneller Radiographie sicher erkannt werden, bleiben Holzpar-

tikel oft unentdeckt und können zu teils schweren Komplikationen in der Wund-

heilung führen. Mit einem Talbot-Lau Interferometer ist es dagegen möglich, selbst

kleinste Holzsplitter durch ein starkes Dunkelfeldsignal dazustellen. Die gleichzeit-

ige Verfügbarkeit des konventionellen Bildes ermöglicht die simultane Identifizierung

von metallischen Partikeln.
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Außerdem wurde festgestellt, dass Kristallablagerungen, die Gicht verursachen, ein

Dunkelfeldsignal erzeugen. In konventioneller Radiographie ist es nicht möglich,

diese Kristalle direkt zu visualisieren. Statt dessen wird Gicht radiographisch erst

in einem späten Stadium erkannt, wenn irreversible Knorpelschäden sichtbar wer-

den. In einer diganostischen Studie mit ex-vivo Mäusen wurde gezeigt, dass die

Kristallablagerungen im Dunkelfeld signifikant besser identifiziert wurden, als im

konventionellen Röntgenbild. Darüber hinaus stiegen Sensitivität und Spezifität

auf 100 % an, wenn den Radiologen beide Bilder - das konventionelle Bild und das

Dunkelfeldbild - für die Diagnose zur Verfügung standen.

Durch die besondere Sensitivität für streuende Materialien bietet das Dunkelfeld-

signal die Möglichkeit, neue Kontrastmittel für Angiographieanwendungen zu er-

forschen. Als potentieller Kandidat hierfür wurden bereits früh Ultraschallkontrast-

mittel identifiziert, die aus Mikrometer großen Kügelchen bestehen. Damit könnte

eine Alternative zu den bisher verwendeten iodhaltigen Kontrastmitteln geschaffen

werden, die bei bestimmten Patientengruppen zu schweren Nebenwirkungen oder

zu Nierenversagen führen können. Es konnte bereits in vorangehenden Arbeiten ex-

perimentell gezeigt werden, dass manche dieser Mittel tatsächlich ein starkes Dun-

kelfeldsignal erzeugen. In dieser Arbeit wurden die auf dem Markt verfügbaren

Ultraschallkontrastmittel systematisch auf ihre Signalstärke hin evaluiert, bisherige

Forschungsergebnisse zusammengetragen und Schlussfolgerungen für die Entwick-

lung eines Dunkelfeldkontrastmittels gezogen. Während die kommerziell verfügbaren

Mittel sehr unterschiedliche Signalstärke aufweisen und quantitative Experimente

durch geringe Stabilität erschweren, wurden sogenannte PLGA-Kügelchen als po-

tentielle Kandidaten für weitere Untersuchungen identifiziert.

Darüber hinaus wurde eine Methode entwickelt, um die drei komplementären Sig-

nale eines Talbot-Lau Interferometers für quantitative Materialzerlegung verwenden

zu können. Dadurch kann mit der gitterbasierten Computertomographie eine ähn-

liche Bildinformation geliefert werden, wie mit der in den letzten Jahren erfolgre-

ich eingeführten Dual-Energy Bildgebung. Der gitterbasierte Ansatz liefert hierbei

verschiedene Vorteile, wobei die Verfügbarkeit des Dunkelfeldbildes sicherlich den

Größten darstellt. Hier wird gezeigt, wie diese Methode zur Quantifizierung von

Iodkontrastmittel verwendet werden kann und wie die dreifache Bildinformation in

einer unklaren Schlaganfallsituation die Diagnose sichern kann.

Diese Ergebnisse erweitern das Anwendungsspektrum der gitterbasierten Phasen-

kontrast- und Dunkelfeldbildgebung. Die beiden Dunkelfeldanwendungen für musku-

loskelettale Bildgebung der Extremitäten bringen geringere technische Anforderun-

gen mit sich und könnten den betroffenen Patienten zeitnah zur Verfügung gestellt

werden. Obwohl die beiden anderen Anwendungen noch weitere technische En-

twicklungsschritte benötigen, um Humananwendungen zuzulassen, erschließen sie
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große medizinische Anwendungsgebiete, die die weitere Entwicklung der Methode

vorantreiben sollen.

Die aktuellen Erfolge auf dem Gebiet der Mammographie und der Lungenbildge-

bung zeigen, dass die Talbot-Lau Interferometrie durch kontinuierliche technische

und methodische Weiterentwicklung die Voraussetzungen zur Zulassung für medi-

zinische Bildgebung erreichen kann.
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Chapter 1

Introduction

Within the 20th century, numerous diagnostic imaging methods were developed

and brought to an advanced technological level. The concepts vary greatly in terms

of the underlying physical interaction between the tissue of interest and the used

modality. There was big success with endoscopy and microscopy, ultrasound imag-

ing, magnetic resonance imaging, nuclear imaging and of course X-ray imaging.

All these techniques have specific advantages in different clinical scenarios (see

Sec. 2.3.4). Ultrasound imaging is widely available at low cost and works with-

out ionizing radiation. Magnetic resonance imaging (MRI) can differentiate soft

tissues with very high contrast and clarify diagnosis in the field of mammography,

joint imaging or brain imaging, among others. Nuclear imaging can provide func-

tional information e.g. in the form of an increased metabolic rate as associated with

tumor growth. X-ray imaging is fast and reproducible and is nowadays available

at such low radiation doses that it can even be used for screening mammogra-

phy. Computed tomography (CT) allows to visualize virtual slices of the body in

a quantitative and reproducible manner. The method provides a high availability,

fast image acquisition and a broad range of applications at moderate cost. Even

though the general principle was demonstrated already in 1970, there is still an

intense research activity in improving and innovating CT imaging. The first steps

in CT development concerned the decrease of the measurement time, the increase

of the detector coverage and improvements of the X-ray tube technologies. Later,

the availability of higher computational power enabled the implementation of iter-

ative reconstruction methods which started a proper dose reduction race between

the vendors of commercial CT systems. The interdisciplinary and innovative re-

search community developed many novel aspects concerning hardware components,

tube geometry and image processing concepts including new image reconstruction

approaches (see Sec. 2.3.3). But there was never a conceptual change of the inter-

pretation of the physical interaction process which is used for image formation.
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Conventional X-ray imaging is based on the reduction of the number of photons

depending on the tissue type, resulting in an attenuation image. But X-rays are

electromagnetic waves and cannot only be seen as particles but also as waves with

a certain intensity and phase. Similar to visible light, the phase of an X-ray wave is

changed by different materials and therefore contains potential for another contrast

modality. However, the direct measurement of the phase is not possible with X-ray

detectors. Within the last few decades, numerous concepts for the indirect detec-

tion of the X-ray phase have been proposed and demonstrated. While most of these

methods require beam properties which are only provided at large scale synchrotron

facilities and are often restricted to biomedical in-vitro or ex-vivo applications, a

specific method has been proposed in 2006 which allows the simultaneous extrac-

tion of the attenuation contrast, the differential phase-contrast and an additional

small-angle scattering signal at compact high-powered X-ray tube sources as used

in clinical imaging. This method uses a so called Talbot-Lau interferometer which

consists of three high pitch grating structures. In the following years it has been

demonstrated that numerous clinical questions could profit from the simultaneous

availability of the three image signals.

In this work, a comprehensive overview of the most promising candidates for clin-

ical applications will be given (Chapter 3) after a short introduction into the basic

principles of the interferometric imaging method (Chapter 2). The method is now

at a stage, where we can witness the introduction of first clinical prototypes in the

field of lung imaging, mammography and joint imaging.

An actual implementation of grating-based X-ray imaging into clinical imaging is

only realistic if large groups of patients can profit from its application. Therefore,

the research focus must lie on pathologies with high incidence, morbidity or mor-

tality to make the further technological development profitable and to gain interest

within the industrial sector. At the same time, it is important to explore the full

variety of potential applications to provide the benefit for as many patients as pos-

sible and to enable synergy effects.

Therefore, different possible clinical applications have been identified and experi-

mentally evaluated within this work (Chapter 4). In the field of musculoskeletal

imaging, improved foreign body detection in the extremities and radiographic gout

crystal detection have been evaluated. The strong dark-field signal from the relevant

materials and the simultaneously available conventional image have the potential to

improve and simplify diagnostic routines. To address the important field of cardio-

vascular imaging, novel dark-field contrast agents have been investigated. The use

of well-tolerated microbubbles, which cause a strong dark-field signal, could provide

an alternative to iodine-containing contrast agents. In recent years, novel quanti-

tative image representations have been made available by dual-energy or spectral
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imaging. Here, we have developed a material decomposition algorithm that makes

the same image information available with grating-based imaging within a single

CT acquisition.

Thus, several novel application areas of X-ray dark-field and phase-contrast imaging

are explored and presented in the following. The applications vary in terms of the

technical requirements and the necessary technological developments but could be

made available to large patient groups if successfully implemented. With a broad

range of potential applications and some key applications as technological drivers,

physicians as well as industrial developers should be convinced of the potential of

grating-based X-ray imaging.





Chapter 2

Theoretical background of X-ray

imaging

X-rays are electromagnetic waves and can be described by photons within the wave-

particle duality. The behavior and interaction of photons with their environment is

strongly depending on their energy. The electromagnetic spectrum is continuous,

but per de�nition, radiation in the energy range between approximately 100 eV to

200 keV is called X-rays. These photons have the ability to partially traverse matter

causing a material dependent transmission signal. This e�ect, as well as the asso-

ciated potential for medical imaging was discovered by Wilhelm Conrad R•ontgen

in 1895 [Als-Nielsen and Des McMorrow, 2011]. Since then, di�erent diagnostic

and therapeutic applications have been continuously developed and modern imag-

ing cannot be imagined without radiography or computed tomography (CT). The

energy range used for diagnostic imaging ranges from about 20 keV for mammogra-

phy up to 140 keV for CT examinations. Compared to visible light, to which the

human body is adapted evolutionally, higher energy photons are associated with an

elevated probability for cell damage. The damage concerns mainly breaks in the

DNA strands and the e�ects range from cell death to cancerogen mutation. Thus,

the potential diagnostic bene�t must be balanced with the associated risk for every

X-ray examination [Russo, 2017].

In the following, the interaction of X-rays with matter will be described brie
y to

convey the basics of the underlying physical principles. Those interaction processes

provide the essential image information but are simultaneously associated with the

deposited X-ray dose. The optimization of all imaging components to achieve the

highest possible contrast at a minimum X-ray dose is therefore the driving force for

technological developments in medical X-ray imaging.

In principle, the properties of electromagnetic �elds are described by the Maxwell

equations. From this set of equations, the well known wave equation can be de-
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6 2.1. X-RAY INTERACTION WITH MATTER

rived from which in turn the speed of light in vacuum or the decreased speed of

light in a medium can be derived. Various approximations and assumptions allow

the derivation of comprehensible equations in the respective range of validity. In

order to achieve a high interdisciplinary readability, detailed mathematical deriva-

tions are not included within the main part of this thesis. In order to nevertheless

present the relationships in a reasonable manner, the relevant terms for a mathe-

matical description are introduced and reference is made at appropriate points to

the appendix or to relevant literature.

2.1 X-ray interaction with matter

In principle, X-rays can be absorbed or scattered when interacting with matter.

While coherent scattering changes only the direction of the wave vector~k, incoherent

processes change its value,j~kj = 2�=� , as well. The introduction of the refractive

index

n = 1 � � + i� ; (2.1)

as a complex number provides a simple formalism to describe the e�ect of those

interactions on the propagation of a plane wave. This can be included into the

simpli�ed description of a plane monochromatic wave

~E(~r) = ~E0ein ~k~r = ~E0ei~k~r e� i~k~r� e� ~k~r� ; (2.2)

propagating in a medium with refractive indexn. ~E0 describes the direction of the

electric �eld and its squared absolute value describes the initial amplitude of the

electric �eld. The �rst exponential term on the right side of Eq. 2.2 describes the

propagation of the incoming wave in the absence of matter (i.e.n = 1) [Paganin,

2006]. In the following, we will see that the exponential term with the imaginary

part of the refractive indexe� ~k~r� describes the in
uence of attenuation to the prop-

agating wave, while the terme� i~k~r� describes the phase shift (see Fig. 2.1).

2.1.1 Attenuation contrast

By empirical observation, it can be seen that the intensityI of electromagnetic

waves decreases exponentially when traversing matter depending on the material

thicknessdz and with a material speci�c decay constant. This behaviour can be

described by the Beer-Lambert law with the material and energy dependent linear

attenuation coe�cient �

I (dz) = I 0e� �d z : (2.3)
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Figure 2.1: Phase-shift and attenuation of an electromagnetic wave. An
electromagnetic wave propagates though (A) vacuum or (B) through a medium with
refractive index n and thicknessdz. The amplitude of the wave will be reduced due
to attenuation in the medium as indicated by the dashed blue lines. Compared to
the undisturbed wave, the phase will be changed by the medium as indicated by
the dashed orange lines.

Without loss of generality we are assuming that the wave propagates into thez

direction. Within the wave-particle dualism, the intensity of an electromagnetic

wave is related to the number of photons. The intensity of the wave described by

Eq. 2.2 is proportional to its squared amplitude

j ~E(dz)j2 / I (dz) = I 0e� 2k�d z ; (2.4)

with j ~E0j2 / I 0 the undisturbed entrance intensity. By relating the imaginary part

of the refractive index with the linear attenuation coe�cient � = 2k� , the empirical

observation of exponential intensity decrease with the thickness of a speci�c material

can directly be described with the refractive index. In general, the intensity of a

propagating wave is decreased by all materials along its path according to their

respective thickness and the X-ray energyE

I (z) = I 0e�
R

� (z;E )dz : (2.5)

The total attenuation coe�cient describes all e�ects, contributing to the total

attenuation. Within the diagnostic energy regime this are absorption by the Photo

e�ect, incoherent Compton scattering and coherent scattering

� tot = � abs + � incoh + � coh : (2.6)

The contribution of the individual e�ects depends on the X-ray energy and the

properties of the material, for example, the atomic number, the electron density

and the mass density. In principle, it is possible to separate the contribution of the

individual e�ects by multiple measurements, for example at di�erent X-ray energies,

known as dual-energy or spectral imaging. In Sec. 4.5.2, it will be discussed, how

this decomposition can be achieved with a single grating-based phase-contrast CT
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(gbpc-CT) measurement.

2.1.2 Phase contrast

As can be seen from Eq. 2.2, the phase shift induced to a plane wave propagating

into the z direction after traversing a homogeneous object of thicknessdz is

�� = �kd z ; (2.7)

where the deviation of the real part of the refractive index from 1 is called the

refractive index decrement� . With the real part of the atomic scattering factor in

forward direction f (0) 1, the refractive index decrement can be expressed as

� =
r0h2c2

2�E 2
Nf (0) ; (2.8)

with the classical electron radiusr0, Planck's constanth, the speed of lightc, the

energy of the incoming waveE and the atomic densityN [James, 1954, Willner

et al., 2013a]. While the attenuation coe�cient can directly be extracted from the

measured intensity as described above, it is not possible to measure the phase of an

electromagnetic wave, directly. However, there are several methods to transform a

relative phase shift into a measurable intensity change. The phase information can

for example be encoded within the lateral displacement of the wave front due to

refraction.

Fig. 2.2 visualizes the refraction of a wavefront caused by a wedge shaped object.

For simplicity, let's assume that this object changes solely the phase of the waves

without any attenuation. As the thickness of the object increases in x-direction, the

incoming plane wave will experience an increasing phase shift in this direction. Ge-

ometrically, the di�erential phase shift @�( x; y)=@xcan be related to the refraction

angle � such that

� �
�
2�

@�( x; y)
@x

: (2.9)

Please �nd a derivation of relation 2.9 in appendix (B). Fig. 2.2 demonstrates how

the refraction translates to an increasing lateral displacement of the wavefront with

increasing propagation distanced. The transverse shift � x of the wave front is

� x = dtan� � d� ; (2.10)

where the right side of the approximation is true in the case of small angles. For

1The atomic scattering factor f is a measure for the scattered amplitude of an incoming elec-
tromagnetic wave by an atom. It is de�ned for di�erent forms of incoming radiation and
involves the Fourier transform of the spatial density distribution of the scatterers, in our case
the electrons.
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Figure 2.2: Refraction by a wedge. A plane electromagnetic wave propagates
through a solely phase-shifting wedge. The dashed blue lines perpendicular to the
wave vector~k mark positions of equal phase of the incident electromagnetic wave.
With increasing thickness of the wedge, the induced phase shift increases. Thereby,
the wavefront is refracted by an angle� . This angular de
ection causes a lateral
displacement � x of the wavefront. This displacement increases with increasing
propagation distance.

X-rays, typical refraction angles are in the order of nano- to micro-radians. By

increasing the propagation distanced, the lateral displacement � x can be increased

(see Eq. 2.10). However, for medical applications, the distance between patient and

detector can not be changed freely and the pixel resolution of medical detectors lies

between 50� 70� m for mammography and 0:5� 2 mm for computed tomography so

that the direct detection of refraction angles is not possible. The implementation of

a Talbot interferometer overcomes these limitations and allows the measurement of

the phase-shift with clinical X-ray detectors. The implementation of an additional

Lau-grating even enables phase-contrast imaging with diagnostic X-ray sources.

The basic principles of Talbot-Lau interferometry will be described in the next

section (Sec. 2.2.)

2.1.3 Dark-�eld contrast

Conventional X-ray tubes emit, similar to conventional light bulbs, a broad spec-

trum of X-ray energies. Additional to this so-called temporal incoherence, the

source spots of those X-ray tubes are extended and cause spatial incoherence. Co-

herence is a property of waves that is de�ned by spatially and temporally consistent

oscillation properties except for a constant phase shift. This is the crucial condition

for interference e�ects to occur within the Talbot-Lau interferometer. The visibility

of an interference pattern is de�ned as the ratio of intensity maxima and minima

of the pattern

V =
I max � I min

I max + I min
; (2.11)

and can be used to quantify the degree of coherence within an interferometer. Ma-

terials with rough surfaces or with strong electron density 
uctuations cause a local

reduction of the beam coherence due to small-angle scattering.
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Thus, the decrease of coherence by a sample can as well be used as image contrast.

As stated above, conventional X-ray tubes do not provide the necessary beam co-

herence to visualize this coherence decrease. We will see later that the Talbot-Lau

approach of phase extraction allows the visualization of the coherence decrease as a

side e�ect. At this point we anticipate that the method thereby provides access to

a further image channel which is related to strong subresolutional refractive index


uctuations and is called dark-�eld contrast in analogy to optical microscopy.
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2.2 Grating-based phase-contrast imaging

Conventional medical X-ray imaging is solely based on the decrease of X-ray inten-

sity by di�erent body tissues in comparison to the primary intensity. In this case,

the relevant e�ects can be described with the particle character of X-rays. Here,

we will shortly derive how the additional consideration of the wave character of

X-rays and related adaptations of the imaging setup can be used to simultaneously

extract three di�erent imaging signals - the conventional attenuation, the phase-

contrast and the dark-�eld signal. The basic idea is to imprint a detectable intensity

modulation onto the wavefront which can be used as a reference. The measured

sample will then cause characteristic alterations to the detected intensity pattern

from which three images can be calculated.

Grating-based phase-contrast imaging is based on the Talbot e�ect, which de-

scribes the phenomenon that a periodic attenuating or phase shifting structure can

cause a periodic intensity oscillation at speci�c distances downstream of the struc-

ture. This intensity pattern is then used to visualize the lateral displacement caused

by an object's phase-shift as described in Sec. 2.1.2. As the lateral displacement is

too small for direct detection with clinical imaging components, another grating is

used within the so called stepping approach. By subdividing the large source spot

into a series of thin line sources by a third, highly attenuating source grating, inter-

ferometry becomes possible at spatially incoherent high-power X-ray tube sources.

The arising image signal allows the simultaneous extraction of the phase-contrast

and dark-�eld signals as well as the conventional attenuation image. The math-

ematical description can be derived from the theory of wave propagation. In the

following, the relevant phenomena for Talbot-Lau interferometry will be described

while a short mathematical description is given in Appendix A.

2.2.1 Talbot e�ect

Many phenomena of electromagnetic waves can be described by geometrical optics.

The wave character is then neglected and only the paths of light rays which are

de�ned by the normal on the plane of constant phase are tracked. While this

simpli�ed interpretation allows the description of many optical phenomena, it can

not describe di�raction e�ects. Such a situation is given for the Talbot e�ect which

is used for the here described grating interferometry approach. The e�ect was �rst

observed for visible light, where a periodic attenuating object caused a periodic

intensity pattern at certain distances [Talbot, 1836]. As those intensity patterns

have the same shape as the attenuating object, the e�ect is often referred to as

self-imaging e�ect. In Appendix A it is derived with Fresnel propagation that the
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distancesdT where the self image appears are de�ned by the wavelength� and the

period p of the attenuating object (from here on called a grating) such that

dT =
2p2

�
: (2.12)

By that, the region behind an illuminated periodic structure is covered with pe-

riodic intensity modulations, denoted as Talbot carpet. Compared to the original

Talbot interferometer, the setup can be adapted for medical imaging with X-rays

in the following ways: 1) By using a phase-grating (G1) instead of an attenuation

grating. This provides similar intensity modulations at certain distances depending

on the respective phase shift induced by the grating material. These distances are

fractions of the Talbot distances and are therefore called fractional Talbot distances.

By using materials with very little attenuation, most of the primary X-ray 
ux is

available for imaging other than with the original attenuation gratings. 2) The cone

beam geometry of a conventional X-ray tube source causes a geometric magni�ca-

tion M which must be considered. By that the period of the interference pattern is

stretched within the image plane by this factor. But also the periodicity in propa-

gation direction is scaled with the geometric magni�cation (dCone
T = MdT ).

2.2.2 Detection of the refraction angle

The intensity modulation created by the Talbot e�ect can be used as a reference for

the quanti�cation of the refraction angle. Fig. 2.3 illustrates how a phase-gradient

causes a lateral displacement of the Talbot self image. By combining Eq. 2.7, 2.9

and 2.10 it can be seen that this lateral displacement after a propagation distance

d encodes the �rst derivative of the refractive index decrement in the x-direction

� x = d
@

@x

Z
� (x; y; z)dz : (2.13)

Here, we have included the tree-dimensional position dependency of the refractive

index decrement and proceeded from the discrete phase change to a di�erential

one. However, for diagnostic X-ray energies, the refractive index decrement is in

the order of 10� 8 � 10� 6 such that long propagation distances would be necessary

in order to directly resolve the shift which is not feasible with clinical imaging

components for dose relevant imaging. Instead, an additional grating with highly

absorbing bars can be used within the so called phase-stepping approach. This

analyzer grating (G2) must be placed at the position where the self image of the

phase grating appears (one of the fractional Talbot distances). If the grating period

of this grating matches the period of the intensity pattern, movement of this grating



CHAPTER 2. THEORETICAL BACKGROUND OF X-RAY IMAGING 13

Figure 2.3: Detection of the refraction angle with a Talbot interferometer.
A plane incoming wavefront is refracted by the wedge shaped part of a purely
phase shifting object. At the fractional Talbot distances, intensity modulations
appear and form the Talbot carpet (not displayed here for the sake of clarity). The
de
ection of the wavefront causes a lateral displacement �x of the self image at the
respective position in the G2 plane. The analyzer grating is placed at the position
of the self image and its period is chosen to match the period of the self image.

over one period in discrete steps will cause a measurable intensity modulation (see

Fig. 2.5A). If the position of the grating bars matches the position of high intensity,

all intensity will be blocked and the detector signal is at a minimum. If the grating

position matches the intensity pro�le of the pattern, all intensity can pass and the

detector signal will be at a maximum.

2.2.3 Interferometry with clinical X-ray sources

Interferometric e�ects rely on a consistent phase position of the involved X-rays as

otherwise spatially stationary superposition as seen at the Talbot distances would

not be possible. This property of an X-ray beam is described by its coherence.

One can di�erentiate the longitudinal or temporal coherence which is decreased

with increasing spectral width and the spatial coherence which is decreased with

increasing source width [Als-Nielsen and Des McMorrow, 2011]. In comparison to

synchrotron sources with small spectral bandwidth and high transverse coherence at

the position of the experimental setups, conventional diagnostic X-ray sources come

with a large source size and a broad spectrum. Fig. 2.4A visualizes how such an

extended source blurs the interference pattern and causes its rapid disappearance

with increasing source size [Patorski, 1989]. For the Talbot e�ect with X-rays,

a transverse coherence length in the order of the period of the phase grating is

necessary in stepping direction to avoid that the interference pattern vanishes due

to excessive source blurring [Pfei�er et al., 2006b, Engelhardt et al., 2008, Weitkamp

et al., 2005]. By considering the distance of two points in the extended source

which cause destructive interference at the analyzer plane, Bech [Bech, 2009] gave
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an estimation for the upper limit of the source size ass = lp2=2d with l beeing

the distance between source and phase grating. Thus, the source size must be in

the order of a few micrometers, which is not the case for high power clinical X-ray

tubes.

To decrease the source size without decreasing the source power, Pfei�er et al.

[Pfei�er et al., 2006b] suggested to place a further attenuating grating with periodp0

close to the X-ray tube anode to create an array of individual slits, each with

a su�cient transverse coherence. While these slits provide individually enough

coherence, they are still mutually incoherent and can in principle mutually decrease

the visibility of the interference pattern. By designing the interferometer such that

p0 = p2
l
d

; (2.14)

the size of each individual slit is projected onto the analyzer plane such that they

contribute constructively to the image formation process (see Fig. 2.4B). By that,

the necessary transverse coherence for Talbot imaging can be provided along the

periodic grating structure in combination with high powered X-ray tubes as used

for medical imaging. The three grating con�guration is called Talbot-Lau interfer-

ometer in reference to the experiments of Ernst Lau who found interference e�ects

with incoherent illumination of a double grating arrangement [Lau, 1948]. His work

has been repeated and extended in di�erent studies leading to the above de�nition

of the coherence condition [Jahns and Lohmann, 1979, Sudol and Thompson, 1981,

Patorski, 1989]. For the temporal coherence, which is limited by the spectral width

it was found by numerical simulation that the lateral fringe visibility stays high also

for conventional broad X-ray spectra while the polychromatic e�ects smear out the

intensity 
uctuations in propagation direction [Engelhardt et al., 2008]. The latter

e�ect actually softens the restriction to the exact fractional Talbot distance. The

contrast of the intensity modulation is a quality parameter of the respective inter-

ferometer and is described by its visibility (as de�ned in Eq. 2.11). By that, the

Talbot-Lau interferometer allows the simultaneous extraction of three image signals

with a conventional X-ray source: attenuation, di�erential phase shift and visibility

decrease (or dark-�eld). The respective signal extraction via the phase-stepping

approach will be described in the next subsection.

2.2.4 Stepping curve and signal extraction

The phase stepping approach allows the detection and quanti�cation of the other-

wise unresolvable lateral displacement of the Talbot interference pattern together

with the conventional attenuation image and the novel dark-�eld image. A move-

ment of the analyzer grating over one period of the intensity pattern in several
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Figure 2.4: E�ect of the source size on interferometric e�ects. (A) An
extended source will cause a magni�ed image of a point in the detection plane as
indicated by the dashed gray lines. Each point in the extended source contributes
to the formation of the Talbot self image with a di�erent lateral position. In total
this leads to an e�ective blurring of the interference pattern as indicated by the
blue and orange curves. (B) An additional highly absorbing source grating G0
transforms the extended source to a series of thin line sources. These lines emit still
mutually incoherent X-rays. By adapting the period of G0 to the period of the self
image at the position of G2, each individual slit will contribute constructively to
the interference pattern as indicated by the blue and orange curves. Figure partly
adapted from [Scherer, 2015]

Figure 2.5: Signal extraction from a phase stepping curve. (A) Lateral
movement of the analyzer grating over one period of the Talbot self image causes a
sinusoidal signal which is a result of the convolution of the source pro�le, the inten-
sity pattern and the attenuation pro�le of the analyzer grating. (B) Comparison of
this stepping curve from a reference measurement without sample (r , black curve)
and a measurement with sample (s, gray curve), allows the extraction of three im-
age signals. The mean intensitya0 represents the X-ray attenuation, the relative
shift ' 1 of the curve is related to the di�erential phase-shift and the decrease of
the amplitude a1 represents the decrease of beam coherence used for the dark-�eld
image.
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discrete steps will cause a periodic intensity modulation in every detector pixel

(Fig. 2.5A). The signal is hereby a convolution of the source shape (G0), the Talbot

pattern and the attenuation pro�le of the analyzer grating G2. For a Talbot-Lau

setup at a conventional polychromatic X-ray source, it has been found that the

signal can be well approximated by the �rst two terms of a discrete series of cosine

functions [Chabior, 2011]. The measurable intensityI px ;py within one detector pixel

(px; py) is then

I px ;py (xg) � a0 + a1cos(
2�
p

xg � ' 1) ; (2.15)

with xg the respective grating position,p the period of the interference pattern and

' 1 the phase position of the stepping curve. From a full sampling of this so-called

stepping curve, the three coe�cientsa0, a1 and ' 1 can be extracted by Fourier

analysis, for example by a fast Fourier transform algorithm (FFT). The measured

intensity oscillation I n within N phase-stepping positions can then be described by

the Fourier coe�cients with k = 0 and k = 1

ck =
1
N

N � 1X

n=0

I nexp
�

2�i
N

nk
�

: (2.16)

Here, the o�set of the stepping curve is provided by the zeroth coe�cienta0 = c0 .

The amplitude a1 is given by the �rst Fourier coe�cient a1 = 2jc1j . And the

phase of the stepping curve is given by the argument of the �rst Fourier coe�-

cient ' 1 = arg( c1) [Chabior, 2011]. From these coe�cients, three di�erent image

contrasts can be generated by comparing a sample measurement with a reference

scan without sample in the beam path (see Fig. 2.5B). In the following, the sam-

ple scan is marked by the superscripts and the reference scan is denoted by the

superscript r .

Attenuation signal The conventional attenuation signal is related to the mean

intensity value of the stepping curve. This is plausible in the way that it means

to evaluate the intensity at the detector as if (on average) no gratings were in the

beam 2. As the cosine function varies periodically between -1 and 1, its in
uence

cancels out by averaging. The signal transmitted by the sample relative to the

signal in the reference scan is therefore

Tpx ;py =
as

0

ar
0

= e�
R

� (x;y )dz : (2.17)

And the related attenuation Apx ;py = 1 � Tpx ;py .

2Of course, the gratings absorb a part of the primary intensity similar to a �lter that shapes
the spectrum. This must be considered for performance comparisons with conventional X-ray
imaging.
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Di�erential phase signal A di�erential phase-shift of the wave-front @� =@x

causes a lateral shift of the stepping curve due to refraction which can be extracted

from the relative phase-position of the stepping curve

� ' = ' r
1 � ' s

1 (2.18)

The phase shift of the stepping curve is thereby related to the �rst derivative of the

refractive index decrement along the stepping direction

� ' =
2�
p2

d� =
2�
p2

d
1
k

�
�
�
�
@�
@x

�
�
�
� =

2�d
p2

@
@x

Z
� (x) dz : (2.19)

Due to the periodicity of the signal, the phase shift can only be measured in the

interval from � � to � . Larger values caused by larger refraction angles cause phase-

wrapping artefacts. This e�ect can be avoided by either decreasing the interfer-

ometer sensitivity (and thereby decreasing the lateral shift) or by avoiding strong

refractive index decrement gradients. For biological samples, phase wrapping at the

surface of the sample can be avoided by immersing the sample into water during

the measurement. For strong gradients inside the samples, phase wrapping must

be corrected by image processing or by spectral corrections [Rodgers et al., 2018,

Jerjen et al., 2011, Epple et al., 2013].

Dark-�eld signal Besides the mean valuea0 and the phase position' 1, a har-

monic oscillation is described by its amplitudea1. The amplitude is related to the

interferometer's visibility as its potential to separate intensity maxima and minima

V =
I max � I min

I max + I min
=

a1

a0
: (2.20)

The dark �eld signal is de�ned as the visibility decrease by the sample

D =
V s

V r
=

as
1ar

0

as
0ar

1
: (2.21)

The visibility decrease is related to the decrease of the beam coherence due to small

angle scattering as caused by materials with strong 
uctuations of the refractive

index at a length scale far below the detector resolution.

Fig. 2.6 demonstrates the threefold image contrast using the example of two

di�erent fruits in grating-based radiography. The attenuation images show strong

contrast between the water containing parts of the fruit and the background. The

dark-�eld images show additional details of the dry leaves of the physalis and the

inner structure of the kiwi including the seeds. The di�erential phase-contrast signal

is strong at the edges with the typical black and white appearance, indicating a
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Figure 2.6: Grating-based radiography of a physalis and a kiwi (A, D) The
attenuation images show good contrast between the water containing fruits and the
background. The leaves and the stem of the physalis are slightly visible as well.
(B) The dry leaves of the physalis cause a strong dark-�eld signal visualizing the
leave veins. Also the �ne hairs on the stem can clearly be seen. (E) The di�erent
parts of the kiwi cause a di�erent dark-�eld signal allowing a clear visualization
of its inner structure. (C, F) The di�erential phase signal is proportional to the
electron density gradient and is therefore strong at material borders. Regions with
particularly high noise correlate with regions close to signal saturation in the dark-
�eld image. In these regions, the visibility is reduced so much that the phase signal
can not be extracted correctly any more.

negative or positive phase gradient.

2.2.5 Signal sensitivity and image contrast

To evaluate the performance of grating-based X-ray imaging, it is necessary to

quantify the ability to di�erentiate materials and structures. Grating-based CT

imaging provides access to the attenuation coe�cient, the electron density and to

the linear di�usion coe�cient. The attenuation signal is equivalent to the signal

from conventional attenuation imaging without an interferometer (besides the beam

attenuation and �ltration due to the gratings). Especially the analyzer grating G2

in
uences the image result as it absorbs up to half of the photons directly before the

detector plane. The other two gratings have a similar e�ect as a spectral beam �lter

if the sample is positioned behind the G1 grating. Besides that, the attenuation

signal is not in
uenced by the interferometer parameters.

The phase-signal on the other hand is strongly dependent on the interferometer

geometry. The di�erential phase shift is measured in form of the lateral displace-

ment of the interference pattern, therefore the signal scales with the period of the

analyzer grating and the propagation distance �' / 2�d=p2 . The geometric signal

ampli�cation is at a maximum if the sample is at the position of the G1 grating
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Figure 2.7: Position dependence of the phase-contrast signal. The mea-
sured phase shift of the stepping curve �' decreases linearly with increasing sample
to G1 distance. The signal drops to zero for a sample position within the G0 or
G2 plane in the conventional (l > d ) geometry (A) as well as in the inverse geom-
etry ( l < d ) (B). The little reaction tube marks an exemplary sample position in
sample-before-grating con�guration (A) and in grating-before-sample con�guration
(B). Figure adapted from [Chabior, 2011]

and the measured signal decreases linearly when moving the sample away from the

G1 grating in a realistic con�guration (see Fig. 2.7). Thus, the phase sensitivity

decreases linearly with increasing sample to G1 distancer , with decreasing propa-

gation distanced and with increasing periodp2 [Chabior, 2011]. As in conventional

attenuation imaging, the discrimination of two materials is possible if the signal

di�erence is stronger than the noise level. The image noise in phase-contrast CT

images is dominated by low spatial frequencies. Therefore su�ciently small pixel

sizes are necessary in order to bene�t from the improved soft-tissue contrast [Rau-

pach and Flohr, 2011, 2012].

Also the dark-�eld signal decreases with increasing sample to G1 distance but in a

non-linear way (sensitivity S / 2� 2d2=p2
2). Other than in the attenuation image,

the noise level in the di�erential phase and dark-�eld images is dependent on the

visibility of the reference image [Revol et al., 2010, Engel et al., 2011]. Thus, the

image quality in grating-based imaging is not only dependent on the source spec-

trum and exposure time but also on the interferometer components and geometry

and the image acquisition process [Chabior, 2011, Marschner et al., 2017, Weber

et al., 2011].
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2.3 Clinical X-ray imaging components

The great diagnostic value of X-ray imaging has driven extensive technological de-

velopment which continues to progress actively. In the following, the basic principle

of the most important technical components for X-ray and CT imaging are described

together with a short review of the historical steps and the current state of the art.

In the end of this section, an overview over the technical parameters and the dose

restrictions for clinical image acquisition is given.

2.3.1 X-ray tubes

Principles of X-ray generation A diagnostic X-ray spectrum consists of two

main parts: the continuous Bremsstrahlung and the characteristic peaks (Fig. 2.8).

For the generation of X-rays, electrons are set free by thermionic emission from

a heated �lament similar to a light bulb. The electrons are then accelerated in

a high-voltage �eld toward the X-ray target in the anode where the two parts

of the spectrum are produced. Deceleration of the electrons in the �eld of the

target material's atoms causes the emission of the continuous Bremsstrahlung. Due

to energy conservation, the maximum photon energy is given by the acceleration

voltage Uacc such that E max
ph = eUacc. Additionally, if the energy of the incoming

electron exceeds the binding energy of an electron of the target material, the electron

can leave the atomic union. Its position in terms of the atomic shell model will be

�lled by an electron from a higher energy state. The energy di�erence is then

emitted as a photon, which contributes to the spectrum with its characteristic

energy. The resulting energy peaks within the spectrum are characteristic for the

respective target material [Als-Nielsen and Des McMorrow, 2011].

Historical developments While W.C. Roentgen used a gas discharge tube when

he �rst observed X-rays in 1895, W.D. Coolidge developed a new tube which was

based on the above described principle of an emission cathode and a high voltage

acceleration of the electrons toward an anode. This method decoupled the �lament

current from the high voltage but could only be operated up to a power of 1 kW. The

process of X-ray production is extremely ine�cient: only about 1 % of the primary

energy is converted to X-rays, the rest is converted to heat or lost due to back

scattering. The ultimate limiting factor in X-ray tube power is therefore always the

organization of heat dissipation. A huge step forward was the technical realization

of a rotating anode plate to distribute the heat over a larger area. Optimization of

X-ray tubes for diagnostic imaging involves numerous aspects which also depend on

the respective application mode or organ system of interest. In any case, systematic
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Figure 2.8: X-ray tube source. (A) An X-ray tube consists of an evacuated tube
containing a heated cathode that emits electrons due to thermionic emission. The
electrons are accelerated toward an anode within a high voltage �eld. The interac-
tion of the electrons with the anode material produces X-rays. (B) The spectrum of
a tungsten anode comprises a broad distribution of photons (Bremsstrahlung) and
two strong characteristic peaks. The acceleration voltage (here 120 kV) de�nes the
maximum photon energy.

beam collimation to the active detector area is mandatory to avoid unnecessary

radiation exposure. As the Bremsstrahlung is emitted nearly isotropically into the

hemisphere above the focal spot, this causes a further loss of 95 %� 99 % of the

generated radiation due to shielding and collimation. Together with the need for

short acquisition times this rises the demand for high-powered X-ray tubes [Als-

Nielsen and Des McMorrow, 2011, Behling, 2015].

State of the art CT imaging By constant improvement of the technical com-

ponents, modern diagnostic X-ray tubes are available with powers of up to 120 kW.

The technical limit for the acquisition time is given by the limit on the maximum

rotation speed due to centripetal forces on the whole system. Minimum scan times

of 0:1 s allow to image the heart at a comparably steady point in its cycle [Pelc,

2014]. However, possible rotation speeds of up to 220 rotations per minute cause

centrifugal accelerations of more than 30 g [Shefer et al., 2013]. Depending on the

respective task, high voltage generators are operated between 100 W for dental and

surgery imaging and more than 100 kW in CT systems [Behling and Gr•uner, 2018].

Also the source spot size, which limits the achievable image resolution, must be

optimized for example between large source spot sizes (1 mm2) for high 
ux appli-

cations like cardiac or vascular imaging and very small source spots (150� 500� m

width) for high resolution applications like mammography [Behling and Gr•uner,

2018].
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2.3.2 X-ray detectors

Principles of X-ray detection With the introduction of computed tomography

by Houns�eld in 1972, the bene�ts of digital X-ray imaging became obvious. Since

then, a variety of di�erent concepts for digital X-ray detection has been experimen-

tally investigated [Ya�e and Rowlands, 1997, Hoheisel, 2006]. However, the most

widely used detector type in diagnostic imaging is the 
at-panel detector [Pelc,

2014]. It is based on the availability of large arrays of thin-�lm transistors. Those

arrays are either connected to a combination of a scintillator and a light-sensitive

photodiode or directly to an X-ray sensitive photoconductor which convert the

incoming X-rays to electric charges in either way. The charge in every pixel is

collected for a speci�c time span and then read out row by row. The charge is

therefore proportional to the number of incident X-ray photons and the integration

time. As the amount of charge produced by a photon is proportional to its energy,

the detected signal is additionally weighted by the involved photon energies. The

total readout for these systems is very fast such that they can in principle provide

real-time imaging [Kotter and Langer, 2002].

State of the art 
at-panel detectors Most of the current commercial CT

systems are equipped with scintillator photodiode detectors. To avoid crosstalk be-

tween the pixels, the scintillators are individually cut and coated with a re
ecting

material. The pixel spacing ranges from pixel sizes of about 50� m for mammogra-

phy to pixel sizes in the order of 1 mm for computed tomography [Gennaro, 2017,

Shefer et al., 2013, Pelc, 2014]. With a detector coverage of about 1 m within the

transverse plane, imaging of larger patients is possible. Helical scanning modes and

multi row detectors allow true 3D imaging. The number of imaged slices per rota-

tion increased exponentially between 2000 and 2010 from less than 10 to more than

500 slices. Modern detector systems can have up to 320 detector rows which al-

lows for wide coverage and is mostly used for polytrauma assessment in emergency

departments or perfusion studies. Conventional CT reconstruction relies on the

Beer-Lambert law, assuming that a photon is either absorbed or reaches the detec-

tor without interacting with the object. However, for the diagnostic energy range,

Compton scattering can be the dominant interaction (causing cupping, streaks or

quantitative shifts). Therefore, anti-scatter grids are placed directly in front of the

detectors to transform the scattering into attenuation. By that, scattering e�ects

can be reduced by up to a factor of 10 [Shefer et al., 2013].

Toward single photon-counting technology While 
at-panel detectors pro-

vide many advantageous features like fast readout, high dynamic range and large
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area coverage, the current technological developments aim toward the single-photon

counting technique. Hereby, the X-ray photons are directly converted to electric

charges in a semiconductor material. This sensor material is connected via micro-

bumps to the readout electronics in a way that every sensitive element (pixel) has

its own readout chain. This allows to process the signal pulse of each photon

individually and also to assess its energy which is proportional to the processed

pulse height. By that, low pulse height signals (as for example associated with

thermal noise in the sensor or electronic 
uctuations) can be eliminated by setting

a lower threshold. The discrimination of two to eight energy bins, enables spec-

tral X-ray imaging. The separation of single photon events requires fast readout

and small pixel sizes [Ballabriga et al., 2016]. In the beginning, the application

of the technique for diagnostic radiography or even CT was among others limited

due to small spatial coverage or restriction to low X-ray 
ux. However, constant

technical progress has led to �rst approved commercial radiography systems [Hem-

dal et al., 2005] and to prototype development research for CT imaging [Schlomka

et al., 2008, Steadman et al., 2010, Taguchi and Iwanczyk, 2013, Si-Mohamed et al.,

2017]. Apart from increased spatial resolution due to the smaller pixel size3, the

most promising potential lies in the possibility of spectral imaging and material

decomposition. This provides access to higher contrast transported by low energy

photons via energy weighting, reduction of beam hardening artefacts, calculation

of maximum contrast images for iodine enhanced imaging, quantitative material

discrimination, identi�cation of fresh bleedings and many more.

2.3.3 CT reconstruction algorithms

While radiography is widely available, works at low X-ray dose and provides fast

image acquisition it su�ers from superposition along the beam path. This reduces

the overall image contrast and can hinder clear diagnosis. The solution for these

shortcomings is o�ered by computed tomography (CT) which is based on a series

of angular projections over at least 180� and provides cross-sectional views of the

imaged volume.

The fundamental task in CT is the reconstruction of the image slices from the pro-

jected attenuation pro�les. The �rst technical realization was presented by G.N.

Houns�eld in 1972 with a collimated pencil beam. In 1979, he jointly won the Nobel

prize for medicine together with A.M. Cormack who contributed the �rst mathemat-

ical implementation for tomographic reconstruction. The very �rst reconstruction

algorithms were based on iterative algebraic methods which were stressing the lim-

its of available computational power. At that point, reconstruction of a single slice

3pixel sizes of (0:1 � 0:5 mm)2are considered for CT prototypes [Willemink et al., 2018]
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took several days and was therefore not compatible with clinical work-
ows [Buzug,

2011]. These �rst concepts were soon replaced by the analytical method of �ltered

back projection (FBP) (see Sec. 4.1.3 and Appendix C). FBP algorithms provide

short reconstruction times and had been implemented in all commercial CT systems

for four decades [Mileto et al., 2019]. Due to constant improvements of CT imaging

components and image quality, the number of annual CT examinations increased

steadily. However, this increase implies an increased radiation exposure to society,

which is related to an increased risk for cancer attributable to CT. This situation

gave rise to an upcoming race between the vendors to decrease the applied dose.

Technical adaptations to reduce the X-ray dose include tube current modulations,

organ-speci�c parameter adjustment, beam collimation and beam shaping among

others. Image quality can further be optimized with respect to the speci�c diag-

nostic question by adapting tube current and voltage, voxel size and reconstruction

�lters. However, with FBP, a decrease of the photon number directly results in an

increase of image noise which prevents further dose reduction [Bittencourt et al.,

2011, Zhang and Xia, 2019].

In the mean time, computational capacities have rapidly increased especially with

the possibility of parallelization on GPUs. Therefore, iterative reconstruction (IR)

methods came back into play with a �rst introduction to clinical imaging in 2009

[Hara et al., 2009]. These algorithms iteratively optimize a model function ac-

cording to prede�ned convergence criteria. Raw image data are projected into the

cross-sectional image space and image space data are forward projected yielding

arti�cial raw data. The forward projection step enables the physically correct mod-

elling of the imaging system and the inclusion of prior knowledge. An additional

regularization step allows the removal of image noise. Iterative forward and back-

ward projection is performed until the di�erence between computed and raw data

is minimized. It has been demonstrated that IR can reduce the average radiation

dose for high contrast applications, like for example chest CT from 2:6 mSv with

FBP down to 1:4 mSv [den Harder et al., 2015]. For applications with inherently

low image contrast like the detection of liver metastasis, pancreatic malignancies

or infarct detection, dose reduction can reduce image quality due to loss of spatial

resolution. However, dose reduction in the order of 25 % is still possible [Willemink

and No•el, 2019].

Recent scienti�c e�orts focus on the combination of novel CT imaging concepts

with IR algorithms. While dual-energy CT has already made its way into clini-

cal application, photon-counting CT, sparse sampling techniques and of course the

usage of arti�cial intelligence are still subject of active preclinical research.

Especially for the implementation of a grating interferometer into a continuously

rotating CT gantry, the incorporation of the interferometric image formation pro-
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cesses into the forward model of the iterative reconstruction algorithm provides

a possibility to avoid phase stepping and to drastically decrease acquisition times

[Ritter et al., 2013, Brendel et al., 2016, von Teu�enbach et al., 2017]. By that,

a crucial requirement for a future implementation of grating-based phase-contrast

and dark-�eld imaging for clinical CT is provided.

2.3.4 Clinical protocols and standards

X-ray dose Since the invention of computed tomography, many technological

adaptations have caused a dose decrease to levels that allow its widespread diag-

nostic application today. Especially beam collimation and �ltration, adaptation

of the X-ray tube current and voltage to the patient size during acquisition and

constant improvement of detector technology have contributed to this development

[Reiser et al., 2011, Kudo and Takei, 2016]. More recently, the implementation of

iterative reconstruction algorithms has led to a further substantial decrease of the

necessary dose [Winklehner et al., 2011] as described in the previous section. A

typical dose value for a single head CT lies in the range of 1� 3 mSv, whereas

the annual radiation exposure due to natural sources lies in the same range with

2 � 3 mSv. A typical dose value for a thorax radiography lies with 0:1 mSv in the

same range as a long distance 
ight from Germany to Japan which also accounts

for up to 0:1 mSv due to cosmic radiation [Bundesamt f•ur Strahlenschutz, 2007a].

The radiation exposure per examination is monitored by the Bfs (Bundesamt f•ur

Strahlenschutz) in Germany according to their published diagnostic reference levels,

but the individual application of the X-ray dose is determined by the physician in

accordance with the clinical indication.

Technical imaging parameters Tab. 2.1 and Tab. 2.2 give an overview over

some acquisition parameters recommended for radiographic or CT imaging for dif-

ferent body parts by the Deutsche Bundes•arztekammer [Br•uggemann, 2007b,a].

While the recommended kVp values for CT are almost the same for the di�erent

applications, the range between mammography and skeletal radiography is quite

big. For the image resolution, the technical requirements are de�ned via the size of

the structures of interest rather than by a �xed value for the imaging system. In

CT, the minimum slice thickness is limited by the axial extent of the detector rows.

Uniform image quality for all patients is ensured by a de�ned image receptor dose,

which results in di�erent radiation exposure depending on the size of the patient.

Especially for mammography, where the compression of the breast can be painful

for the patient, the acquisition time must be minimized. The recommended upper

limit for the full rotation time in CT can easily be met by state of the art CT
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systems with full rotation times well below 1 s [Pelc, 2014, Shefer et al., 2013].

Comparison of X-ray imaging with other modalities There are three preva-

lent imaging modalities that are used speci�cally by clinical radiologists: Ultra-

sound, magnetic resonance imaging (MRI) and X-ray imaging (in the form of ra-

diography or CT). Depending on the speci�c task, each of the methods has clear

advantages and disadvantages, which maintains the coexistence of all three modal-

ities.

Sonography is an a�ordable method with high diagnostic value which stands out

because it is available everywhere with high 
exibility. However, its reliability de-

pends on the experience of the operator restricting the reproducibility. For the

examination of adipose patients as well as for discrimination of di�erent 
uids, the

method reaches its limits. Ultrasound is an invaluable tool for fast and direct ex-

amination by the physician but other cross-sectional imaging techniques are often

necessary to clarify �ndings. To enhance the signal in ultrasound, contrast agents

can be used which are based on gas-�lled microbubbles.

MRI provides excellent three-dimensional soft-tissue contrast for example for ex-

amination of the brain or the spinal chord. In principle, it is possible to contrast

di�erent materials according to their water content by choosing individually adapted

sequences. Some fast sequences allow the application with held breath. However, it

is contraindicated for patients with pacemakers or cochlea implants and might be

problematic for patients with fresh metallic clips, arti�cial heart valves and within

early pregnancy. Sophisticated equipment and the described contraindications limit

the use of MRI in acute diagnostics although the method works without ionising

radiation. MRI contrast agents are based on media that change the relaxation time

of a speci�c body tissue. In comparison to X-ray contrast agents, MRI contrast

agents imply less risk for allergic reaction but can cause a lethal connective tissue

disease [Hasebroock and Serkova, 2009].

Conventional radiography is an important tool for fast and precise assessment of

high density structures like teeth, bones or calci�cations. The possibility to get high

resolution projection images at a reasonable low X-ray dose, high reproducibility

and low cost made it the method of choice for mammography screening programs

with the possibility to extend the two dimensional information by tomosynthesis.

However, real 3D information as provided by CT imaging is necessary for many

diagnostic questions. The availability of low-dose and high-resolution CT as well as

very fast acquisition times justify its application for numerous diagnostic questions.

Even though the soft-tissue contrast is limited due to the atomic number depen-

dence of the interaction mechanism, the combination with contrast agents together

with the above mentioned advantages can outperform MRI [Reiser et al., 2011].
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The implementation of a Talbot-Lau interferometer into a clinical radiography or

CT system would exploit their technical advantages of high accessibility and re-

producibility while providing access to novel image information. The simultaneous

availability of the conventional attenuation image hereby allows the implementation

into established diagnostic routines. This potential has driven extensive research

e�ort since the �rst presentation of a Talbot-Lau interferometer for conventional

X-ray sources in 2006 [Pfei�er et al., 2006a]. In the following chapter, the most

promising candidates for clinical application and the respective chronological devel-

opments are reviewed.

Body part
Acceleration
voltage [kV]

Visual
resolution
[Lp/mm]

Image
receptor

dose [� Gy]

Exposure
time [ms]

Abdomen 80� 125 � 2:4 � 5 � 100
Angiography 65� 85 � 2:4 � 5 � 150
Cranium 70� 85 � 2:4 � 5 � 100
Mamma 20� 35 � 12 � 5 � 2000
Teeth � 60 � 2:4 � 200 -
Thorax 110� 150 � 2:4 � 5 � 40

Table 2.1: Recommended acquisition parameters for diagnostic radiogra-
phy by the Deutsche Bundes•arztekammer. Acceleration voltages vary widely
depending on the imaged organ system. The visual resolution is quanti�ed via the
resolvable number of line pairs. The assignment of a constant image receptor dose
guarantees consistent image quality independent of the patient's BMI. The upper
dose application is however limited by a maximum exposure time.

Body part
Acceleration
voltage [kV]

Layer thickness
norm./HR*[mm]

Acquisition
time [s]

Abdomen 110� 130 3 � 8=0:5 � 2 � 2=360�

Cranium 110� 140 3 � 10=2 � 2=360�

Pelvis 110� 130 5 � 10= - � 2=360�

Spine 110� 130 1:5 � 3= - � 2=360�

Thorax 110� 130 5 � 8=1 � 2 � 2=360�

Table 2.2: Recommended acquisition parameters for diagnostic CT by
the Deutsche Bundes•arztekammer. For CT imaging, recommendations for ac-
celeration voltages for di�erent body parts are almost the same. The layer thickness
depends on the available detector system and the chosen reconstruction algorithm
and is separately de�ned for *high resolution (HR) applications. The recommen-
dations include statements on Houns�eld unit windowing for each organ system/
diganostic question. Furthermore, there are recommendations for reconstruction
and image processing (convolutional kernels, smoothing/ edge enhancing, etc.).





Chapter 3

Review of potential clinical appli-

cations

Since the �rst realization of phase-contrast and dark-�eld imaging at a conventional

X-ray source, many potential applications have been proposed. These applications

range from non-destructive testing [Bachche et al., 2017, Prade et al., 2017, Lud-

wig et al., 2018], over airport luggage control [Miller et al., 2013] to food quality

management [Einarsd�ottir et al., 2016]. But the largest research �eld by far con-

cerns biomedical applications. Many studies examined di�erent biological tissues in

grating-based phase-contrast CT with high sensitivity and high resolution. It has

been demonstrated that the method is capable of quantitatively analyzing patho-

logical tissues, of giving insights into basic research questions and of providing

additional diagnostic information within so-called virtual histology [Sztr�okay et al.,

2013, Willner et al., 2015, Hetterich et al., 2016, Braunagel et al., 2017, Richter

et al., 2017, Birnbacher et al., 2018b, T•opperwien et al., 2018]. Therefore, a com-

pact Talbot-Lau micro-CT could be used for non-destructive histology or for the

investigation of removed tissue in surgery control. While the investigation of small

tissue samples can provide images with high soft-tissue contrast and very �ne res-

olution without dose constraints, it has always been investigated how the novel

combined image contrasts of a Talbot-Lau interferometer can be used for improved

in-vivo X-ray imaging in the hospital.

Here, an overview of the previously evaluated potential clinical applications will be

given, starting with the �rst experiments in the respective �elds and ranging up to

the recent �rst demonstrations of Talbot-Lau interferometers approved for clinical

patient imaging.

29
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3.1 Mammography

Breast cancer is still the leading cancer type in women (5 year prevalence: 30:1%,

incidence: 24:2%) and also the leading cancer associated cause of death (15% of all

death due to cancer worldwide) [GLOBOCAN, 2019] despite having a good healing

perspective if detected in an early state. Therefore, mammography is not only used

as a diagnostic tool but also as a screening modality which has been reported to

reduce breast cancer mortality by approximately 25% in Europe [Broeders et al.,

2012]. However, the combination of little contrast between glandular and tumor

tissue, the need for high spatial resolution and the high radiation sensitivity of

the breast tissue limit sensitivity and speci�city of screening programs. Due to

those challenging boundary conditions, breast imaging has been the �rst and most

investigated application for various phase-contrast imaging techniques. The exte-

rior position of the breast leads to a lower required X-ray energy as well as to

relaxed geometrical requirements. Together with the already used small pixel sizes,

the realization of phase-contrast mammography seemed to be both promising in

terms of contrast improvement and realistic regarding the technical implementa-

tion. A �rst clinical in-vivo study with 47 patients was conducted at an Italian

synchrotron source [Castelli et al., 2007, Dreossi et al., 2007, Castelli et al., 2011]

based on phase-enhancement e�ects due to free space propagation. The improved

image quality was reported to increase the true negative rate which could qual-

ify propagation-based phase-contrast at synchrotron sources for second-level ex-

aminations following suspicious �ndings in screening mammography. Many other

approaches like analyzer-based phase-contrast, various interferometric realizations

and further propagation-based attempts have successfully demonstrated the poten-

tial diagnostic bene�t for phase-contrast imaging [Keyril•ainen et al., 2010, Bravin

et al., 2012, Coan et al., 2013, Auweter et al., 2014]. While these methods are more

or less restricted to synchrotron sources with high monochromaticity and spatial

coherence, Talbot-Lau interferometry allows to work with conventional clinical X-

ray sources and is therefore one of the most promising candidates for phase-contrast

enhanced screening mammography. Already in 2011, a �rst study at a conventional

X-ray tube source with freshly dissected mastectomy samples has demonstrated

better visualization of mammographic signs [Stampanoni et al., 2011]. While the

technical parameters such as �eld of view (5� 5 cm), exposure time (72 s) and

mean glandular dose (26 mSv) were still far from the clinical requirements, already

in 2015, grating-based mammography at conventional sources was demonstrated

with parameters close to the clinical requirements (12 s exposure time, 2:2 mGy

mean glandular dose, �eld of view still stitched) [Scherer et al., 2015b]. Further it

has been proposed, to overcome the anisotropic signal sensitivity by bi-directional
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phase-contrast mammography. This has been demonstrated to allow the visual-

ization of �ne tumor strands in a freshly dissected cancerous mastectomy [Scherer

et al., 2014]. Besides from the contrast enhancement in the phase-contrast image,

the additional diagnostic value of the dark-�eld image has been identi�ed very early.

Anton et al. [Anton et al., 2013] and Michel et al. [Michel et al., 2013] discovered a

correlation of tumor regions containing unresolvable small microcalci�cations with

an increased dark-�eld signal and veri�ed the causality by wave-�eld simulations.

The great signi�cance of microcalci�cation for detection as well as classi�cations of

breast tumors has motivated various further studies. It has been found that the

micro-morphology, which can be related to di�erent pathologies, can be determined

by a normalized ratio of the dark-�eld to attenuation signal strength on a subreso-

lutional length scale [Scherer et al., 2016b]. On the other hand, a study suggesting

the possibility to di�erentiate Type I and Type II microcalci�cations [Wang et al.,

2014] has been controversially discussed in the literature [Scherer et al., 2016a,

Rauch et al., 2020, Wang et al., 2016]. A recent study has investigated 323 breast

microcalci�cations with a Talbot-Lau interferometer and found an increased pre-

diction sensitivity (increase by 10%) for the malignancy of calci�cation associated

tumors by a trained model [Rauch et al., 2020]. While early attempts in Japan to

build a prototype for clinical Talbot-Lau mammography [Endo et al., 2014, Shibata

et al., 2014] remained without publication of the ongoing progress until today, a co-

operation of Philips healthcareand the Paul Scherer Institute in Switzerland have

most recently presented a grating-based mammography system successfully com-

missioned for in-vivo measurements [Arboleda et al., 2020]. Their approach was

to implement a grating interferometer into a commercial mammography system,

namely the Philips MicroDose slit-scanning system and to optimize the interfer-

ometer parameters within the technical boundary conditions [Roessl et al., 2014,

Koehler et al., 2015, Arboleda et al., 2017]. The combination of slit-collimation

and photon-counting detector technology allows a low dose operation despite the

losses due to the G2 grating at 1:6 mGy for a standardized setting. With a total

scanning time of 13:4 s and a full �eld of view of 26� 21 cm2, the system meets the

requirements for clinical mammography. With that, grating-based mammography

has now reached a state where its potential bene�t can be evaluated in a �rst in-vivo

study rather than by theoretical simulation.

Even if a rigorous estimation of the potential SNR bene�t of diagnostic grating-

based phase-contrast imaging predicted no bene�t from most CT applications, it

stated a realistic potential for breast imaging [Raupach and Flohr, 2012]. As this

study focused on the comparison of attenuation imaging and phase-contrast imag-

ing but neglected the additional diagnostic value of the dark-�eld image as well as

the bene�t from the simultaneous availability of all three signals, further results of
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attempts towards the implementation of a grating interferometer into a dedicated

breast CT setup can be awaited with great curiosity [GratXray, 2017]. Previous

grating-based micro-CT studies demonstrated the potential of the three-fold im-

age contrast for excised breast samples in a parameter setting that is in terms of

radiation dose, �eld of view and exposure time most likely suited for pathological

examinations [Grandl et al., 2014, 2015]. By that, the method could be further

developed to serve as a source for digital virtual histology.

3.2 Lung imaging

While di�erent studies at synchrotron sources focused on the enhanced phase con-

trast within the respiratory system [Kitchen et al., 2004, 2005, Hooper et al., 2007,

Parsons et al., 2008], the grating-based approach revealed a strong dark-�eld signal

arising from the microstructure of the lung. Here, it has been found that the sig-

nal arises at the air-tissue interfaces of the lung alveoli and scales with their total

number in beam direction, their individual size and with structural changes. Thus,

structural lung diseases that change these properties can in principle be visualized

by X-ray dark-�eld radiography. The �rst experimental proof of this hypothesis has

been performed with excised mice lungs at a compact synchrotron source [Schleede

et al., 2012, Meinel et al., 2013a, Schwab et al., 2013]. Schleede et al. could hereby

demonstrate that emphysematous and healthy lung tissue can be di�erentiated by

analyzing the ratio of attenuation and dark-�eld signal. As emphysema is an ac-

companying e�ect of chronic obstructive pulmonary disease (COPD), which is a

leading cause of morbidity and mortality worldwide [WHO, 2018], those promising

proof of principle measurements gave rise to further developments of the method.

Soon, the transfer to conventional X-ray sources with a Talbot-Lau interferometer

[Weber et al., 2012] and even �rst in-vivo measurements of mice lungs were pre-

sented [Bech et al., 2013]. By that it could be demonstrated that the movements of

the heart beat and the breathing cycle cause only minor artifacts and do not lead

to a break-down of the phase and dark-�eld signal. Parallel to the technological

progress, the diagnostic potential of the method was evaluated with numerous ex-

vivo [Yaroshenko et al., 2013, Hellbach et al., 2016, Yaroshenko et al., 2016] and

in-vivo [Meinel et al., 2014, Yaroshenko et al., 2015, Hellbach et al., 2015, 2017,

2018b] small animal studies which could identify pulmonary �brosis, mechanical

ventilation induced lung injury, pnemothoraxes and accute lung in
ammation as

further candidates for improved diagnostics with X-ray dark-�eld chest radiogra-

phy. Furthermore, the detectability of lung nodules in dark-�eld radiography was

investigated. Although �rst experiments were not able to demonstrate a great ben-
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e�t for tumor detection [Meinel et al., 2013b], a more recent study presents clear

visual proof of the visibility of lung tumor nodules in the dark-�eld image [Scherer

et al., 2017]. Despite this large number of potential applications for diagnostic lung

imaging and the great results regarding in-vivo imaging of small animals, it was not

clear at this time, if the transfer of the technique to human sized objects and the

related higher energies would be possible. Therefore, the presentation of the �rst

Talbot-Lau scanners feasible for ex-vivo and in-vivo dark-�eld chest radiography

of pigs [Gromann et al., 2017b, Hauke et al., 2018] and human cadavers [Willer

et al., 2018] can be regarded as a milestone. Further studies have evaluated that

the optimal tube voltage for X-ray dark-�eld chest radiography is in the range of

60� 70 keV for which the transmission image was shown to provide su�cient image

quality at the same time [Sauter et al., 2019] (the recommended tube voltage for

conventional chest radiography is 110� 150 keV, Tab. 2.1). Apart from further

technical optimizations [Ludwig et al., 2019, Seifert et al., 2018, 2019], the bene�t

of dark-�eld imaging for the diagnosis of emphysema, pneumothorax, pulmonary

in�ltrates and the ventilation dependent signal have been investigated with in-vivo

pigs and human cadavers [Hellbach et al., 2018a, Willer et al., 2018, Fingerle et al.,

2019, De Marco et al., 2019]. The technical realization of the �rst large �eld-of-

view scanners is based on a fringe scanning approach with tiled gratings G1 and

G2. While the single sub-tiles have only a size of 5:0 � 2:5 cm2, eight of them are

arranged under the microscope for both gratings. Instead of phase-stepping, a rel-

ative movement between the gratings and the imaged object produces the images

with di�erent relative phase positions of the Moir�e pattern. By that, an e�ective

�eld-of-view of 32 � 35 cm2 in the patient plane can be achieved. With this ap-

proach, a total scan time of 30� 40 s can be realized. The resulting radiation dose

is approximately a factor of 3.6 higher than for a clinical thorax acquisition but

provides the conventional attenuation image and the dark-�eld image at the same

time [Gromann et al., 2017b, Willer et al., 2018, De Marco et al., 2019].

All together the promising potential of using the simultaneously produced atten-

uation and dark-�eld signal in single projection radiography for lung imaging has

stimulated a fast technical development. Less than ten years lie between the �rst

report on emphysema diagnosis with dark-�eld imaging of excised mouse lungs at

a compact synchrotron source [Schleede et al., 2012] and the �rst demonstration of

X-ray dark-�eld chest radiography with in-vivo pigs and human cadavers [Gromann

et al., 2017b, Willer et al., 2018]. Most recently, �rst insights have been provided

into an ongoing large-scale patient study with a dedicated dark-�eld radiography

system [Willer, 2019]. In case of positive results, X-ray dark-�eld radiography could

provide a cost- and dose-e�ective alternative to CT imaging, which is up to now the

gold standard in COPD diagnosis. Especially, if X-ray dark-�eld radiography was
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able to detect early stages of COPD, the patient's perspective could be improved by

changing lifestyle habits and by providing early treatments. As there are no causal

therapies available for the late stage of this degenerative disease, the possibility to

recognize early stages could also motivate further pharmaceutical research.

3.3 Musculoskeletal imaging

Musculoskeletal X-ray imaging mostly focuses on visualization of bone structures

and late signs of cartilage damage, as the contrast for the relevant soft-tissues like

tendons, ligaments and healthy cartilage is negligible. Therefore, musculoskeletal

applications were of particular interest to evaluate the clinical bene�t from the

improved soft-tissue contrast in X-ray phase retrieval methods [Coan et al., 2010,

Donath et al., 2010, Pfei�er et al., 2013]. Thanks to the the superior soft-tissue

contrast in the phase image, it was possible to visualize the surface of healthy car-

tilage and tendons in cadaver hands as well as in healthy patients in projection

[Tanaka et al., 2013] and with a �rst grating-based CT of an entire ex-vivo human

hand [Th•uring et al., 2013]. In a subsequent study, Momose et al. [Momose et al.,

2014b] presented the �rst dedicated Talbot-Lau joint imaging setup for preclinical

research on patients. With an e�ective �eld of view of 49� 49 mm2, the scanner

was designed for imaging of the joints of the hand but later results showed images

of the knee as well [Nagashima et al., 2014]. In 2020, a �rst patient study with 70

patients su�ering from rheumatoid arthritis (RA) and 55 healthy volunteers was

presented [Yoshioka et al., 2020] by this group. They found a signi�cantly reduced

cartilage thickness of the metacarpophalangeal joint for the RA patients in the

di�erential phase-contrast image and concluded that Talbot-Lau imaging could be

suitable for the detection of early stages of RA. The grating interferometer of the

clinical prototype scanner consists of three gratings with periods of 22:8; 4:3 and

5:3� m with intergrating distances of 1:1 and 0:26 m operated with a mean X-ray

energy of 28 keV in a fringe scanning approach.

Additionally to the improved contrast for soft tissues in the phase image, it has

been reported that the dark-�eld image reveals information on the microstructure

of bone without needing to resolve it directly. Furthermore, the directional de-

pendency of the dark-�eld signal was found to provide similar information as ten-

sor di�usion imaging in magnetic resonance imaging [Jensen et al., 2010a,b]. By

measuring the angular dependence of the dark-�eld signal in multiple projections,

information about the local orientation, the degree of anisotropy and the average

size of microstructures have been determined and correlated with mechanical prop-

erties of human vertebral bones [Potdevin et al., 2012]. As the measured degree of

anisotropy correlates with the state of the trabecular microstructure, the method
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has been used to predict the vertebral failure load and to detect osteoporotic changes

in the femoral bone [Scha� et al., 2014, Eggl et al., 2015a, Baum et al., 2015]. Be-

sides bones, also the tubules structure of teeth has been visualized by directional

dark-�eld imaging in a non-destructive ex-vivo measurement [Jud et al., 2016]. Fur-

ther, it has been demonstrated that bone microfractures without dislocation can be

identi�ed in directional dark-�eld imaging [Jud et al., 2017, Jud, 2019].

With the availability of a �rst approved Talbot-Lau radiography setup for muscu-

loskeletal imaging, clinical studies on further potential applications are possible.

3.4 Dark-�eld contrast agents

Novel imaging mechanisms o�er new opportunities for contrast enhancement. The

sensitivity for strong subresolutional refractive index 
uctuations in X-ray dark-

�eld imaging provides the potential for an entirely di�erent concept of contrast

enhancement. Instead of increasing the X-ray attenuation by injecting high atomic

number media like iodine, Arfelli et al. proposed in 2002 to use scattering materi-

als for contrast enhancement in di�raction-enhanced imaging [Arfelli et al., 2002,

2003]. With the identi�cation of microbubble-based ultrasound contrast agents as

potential candidates for a physiologically compatible scattering source, they laid

the foundation for numerous further experiments. The research on this topic can

hereby be subdivided into preclinical or small animal experiments, using physio-

logical contrast media, and extensive theoretical simulation studies. Velroyen et

al. �rst investigated X-ray dark-�eld contrast enhancement with microbubbles at a

conventional poychromatic X-ray tube source. In a comparative study of di�erent

commercially available ultra-sound contrast agents they found that despite similar

constitution, size distribution and concentration of the microspheres, only one of

the three tested contrast agents gave a su�cient dark-�eld signal [Velroyen et al.,

2013]. Later, they demonstrated successful contrast enhancement with microbub-

bles with an ex-vivo mouse at a conventional X-ray tube setup with a Talbot-Lau

interferometer [Velroyen et al., 2015].

In the experimental part of this thesis, the research on potential candidates for

X-ray dark-�eld contrast agents is continued (Sec. 4.2). There, a detailed overview

is given on previous �ndings, on properties of commercially available ultrasound

contrast agents and the physiological behaviour of these microbubbles is discussed.

With an experimental study, the potential of three di�erent commercially available

ultrasound contrast agents for X-ray dark-�eld signal enhancement is evaluated.

Additionally, PLGA spheres are evaluated for their potential for X-ray dark-�eld

signal enhancement.
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3.5 Further applications

In addition to the four big applications described above, a large number of smaller

promising applications has been discovered and investigated. One of these appli-

cations is the di�erentiation of kidney stones in grating-based radiography. While

di�erent chemical types of stones require entirely di�erent treatment, their exact

identi�cation is often di�cult. However, it has been seen, that the ratio between

attenuation and dark-�eld signal allows a clear di�erentiation of calcium oxalate

and uric acid stones and even mixed types in single projection imaging [Scherer

et al., 2015a]. While the dark-�eld signal is sensitive to the microsopic growth

structure, the attenuation image relates the signal to the projected amount of ma-

terial. Scherer et al. demonstrated the di�erentiation of kidney stones in X-ray

dark-�eld radiography in a dose compatible setup within an excised fresh pig kid-

ney. With the recent technical achievements towards X-ray dark-�eld imaging of

human-sized objects and cadavers, the transfer of the method to in-situ imaging

would be imaginable. Similar experiments have demonstrated the possibility to

di�erentiate struvite and calcium oxalate stones in grating-based tomography [Hu

et al., 2017].

In other studies, it was recognized that the simultaneous availability of the three

image channels could also be helpful for foreign object detection in food [Nielsen

et al., 2013]. An extensive study demonstrated the superior recognition results of

various combinations of food and foreign body materials typically found in food

processing industry [Einarsd�ottir et al., 2016]. In a setup optimization study, it has

been seen, that a retained wood splinter in a pig's trotter was clearly visible in dark-

�eld radiography at 0:03 mGy air kerma while it was hardly visible in conventional

attenuation [Rieger et al., 2017]. In the course of this thesis, an experimental study

was conducted to evaluate the further potential of improved foreign body detec-

tion in the human body with grating-based radiography. The detection of foreign

bodies in the human hand is evaluated experimentally and the detection limits are

explored with a dedicated foreign body phantom (Sec. 4.2).

A further candidate for a clinical application of X-ray dark-�eld radiography is the

diagnosis of gout. Within the experimental part of this thesis, it is investigated

whether the dark-�eld signal from crystal structures within gout deposition can

simplify its diagnosis (Sec. 4.3).

Besides from the direct exploitation of an enhanced phase or dark-�eld signal from

speci�c body parts or pathologies, it is also possible to use the combined information

of all channels to calculate further image representations. It will be demonstrated

in Sec. 4.5, how the simultaneous acquisition of attenuation, phase and dark-�eld

contrast can be used for three-material decomposition in grating-based CT. This
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principle provides similar diagnostic information as lately introduced to the clini-

cal routine by dual-energy imaging with the advantage of the additional dark-�eld

image and direct access to the electron density.

In conclusion, constant research activity has worked out a number of promising

clinical applications that would be bene�cial for large patient groups. While the

big applications like lung imaging and mammography are driving the technical

development towards clinical feasibility, the diversity of potential applications as

well as the compatibility with existing hardware can increase the clinical acceptance.





Chapter 4

Experimental studies

Within the experimental part of this thesis, grating-based X-ray imaging is applied

to di�erent pathologies and diagnostic questions to evaluate the potential bene�t of

the simultaneous availability of the attenuation, phase and dark-�eld image. Two

groups of applications can be distinguished here, depending on the complexity of

the technical realization for the clinical routine.

Foreign body detection and crystal detection for gout diagnosis are two applications

with minor requirements regarding the technical components of the interferometer.

Therefore, they are candidates for an early clinical implementation. Additionally,

the potential for X-ray dark-�eld contrast agents and for a material decomposition

algorithm for the use in high impact markets like vascular imaging and stroke imag-

ing are evaluated. While these applications cover a large range of clinical questions,

they require further technological developments before they can be implemented for

clinical imaging. By addressing both categories, the entire spectrum of possibilities

related with grating-based X-ray imaging should be highlighted.

In the following, the clinical background of these four potential clinical applications

is given, the experimental feasibility is evaluated and the expected bene�t from the

simultaneous availability of the di�erent signals is discussed. The chapter starts

with a short description of the experimental setups and methods.

4.1 Experimental setups and methods

For the experimental studies, di�erent X-ray imaging setups were used. The tech-

nical components of the Compact Light Source setup and three di�erent X-ray tube

setups are described in the following. Subsequently, the di�erent image processing

techniques are shortly described. The speci�c imaging parameters and the applied

image processing steps are given in the description of the relevant experimental

study.

39
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Figure 4.1: Schematic drawing of the Munich Compact Light Source.
Electrons are accelerated in a linear accelerator and then injected into an electron
storage ring. At the interaction point they collide with laser photons from the laser
cavity. X-rays are produced during the collision by the inverse Compton e�ect.
X-rays leave the machine through an exit window and propagate through a beam
pipe to the experimental hutch in approximately 15 m distance from the interaction
point. The interferometer consists of a phase grating G1 and an absorption grating
G2.

4.1.1 Compact synchrotron source

MuCLS - setup A

Working principle: The Munich Compact Light Source (MuCLS) is a novel type

of a brillant laboratory X-ray source based on inverse Compton scattering. It has

been developed and produced byLyncean Technologies Inc.(Fremont, California)

and is the �rst commercially sold compact synchrotron source. It is based on the

combination of a small electron storage ring with about 4:6 m circumference and a

resonantly driven high-�nesse laser cavity (� Laser = 1064 nm) (Fig. 4.1). Electrons

are accelerated to relativistic energies of 29� 45 MeV in a linear accelerator before

injection into the storage ring [Huang and Ruth, 1998, Loewen, 2004].

X-ray photons are produced by inverse Compton-scattering at a de�ned collision

point of laser photons and electrons with a repetition rate of about 65 MHz. By

tuning the electron energy in the above given range, the X-ray energy can be selec-

tively changed between 15 and 35 keV. The X-rays are con�ned to an opening angle

of � 2 mrad before leaving the cavity. In an initial performance characterization,

the average 
ux was determined to� 1010 photons/s, the source size to� 42� m

diameter and the energy bandwith to� 3 %. A more detailed description of the

working principle and the performance characteristics of the Munich Compact Light

Source can be found in [Eggl et al., 2016], [Jud, 2019] and [G•unther et al., 2020].

Detector: Images were acquired with a photon counting Pilatus 200K detector

(Dectris Ltd., Baden-Daettwil, Switzerland) with a 1 mm thick silicon sensor and a
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pixel size of (172� 172)� m2. The quantum e�ciency at 25 keV for 1 mm silicon is

42.4 %.

Interferometer: The grating interferometer used for the here presented experi-

ments is situated at a distance of about 15 m from the X-ray source point. The

elliptic �eld-of-view at this position is (62 � 74) mm2. The Talbot interferometer

is realized with two gratings: a phase grating (G1) with a period of 4:92� m, duty

cycle1 of 0:5 and nickel �lling height of 4:39� m and an absorption grating (G2)

with period, duty cycle and gold �lling 5 � m, 0:5 and 70� m. For the design energy

of 25 keV, the phase grating provides a phase shift of�= 2 and the inter-grating dis-

tance for the �rst fractional Talbot order is d = 24:8 cm. The maximum correlation

length at the position of G1 is� MuCLS = �d=p 2 = 2:46� m.

The tunable quasi-monochromatic X-ray energy allows quantitative benchmark

or veri�cation measurements as well as low-dose applications or dual-energy mea-

surements [Eggl et al., 2015b, Jud et al., 2017, Eggl et al., 2018, G•unther et al.,

2020].

4.1.2 X-ray tube setups

The experiments were performed at di�erent laboratory setups in dependence on

the relevant setup parameters like tube power, �eld of view, detector performance

and setup availability. A sketch of a typical Talbot-Lau interferometer as used with

X-ray tubes is given in Fig. 4.2.

Microfocus tube - setup B

Tube settings: This setup uses a tungsten target X-ray tube (X-ray WorX SE

160, Garbsen, Germany), operated at 60 kVp and a power of 150 W. The focal spot

size at this power is approximately 100� m in diameter.

Detector: The setup has been used with two di�erent detectors: a Varian Paxscan

2520DX 
atpanel detector with a CsI scintillator and a pixel size of (127� 127)� m2

and a Varian PaxScan 4030D 
atpanel detector (VARIAN medical systems, Palo

Alto, USA) with a structured CsI scintillator screen and a pixel size of (194� 194)� m2.

Interferometer: The interferometer is designed for a mean energy of 45 keV with

grating periods of 10=5=10� m for G0/G1/G2, respectively. The inter-grating dis-

tance at this energy isd = l = 90:6 cm and the phase shift induced by the G1

grating is �= 2. The gratings are on silicon wavers of thickness 500=200=150� m.

The mean 
at-�eld visibility is 27 � 28%. The maximum correlation length at the

position of the phase grating is� MF = �d=p 2 = 2:55� m [Prade et al., 2016, Prade,

1The duty cycle is de�ned as the ratio of the slit width between two bars and the grating period.
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Figure 4.2: Talbot-Lau interferometer at a laboratory X-ray tube. (A)
A Talbot-Lau interferometer at an X-ray tube setup consists of three gratings:
the source grating (G0), the phase grating (G1) and the analyzer grating (G2).
The cone-beam of the X-ray tube causes a geometric magni�cation which must be
taken into account for the interferometer design. The inter-grating distances can
be di�erent (asymmetric con�guration) or equal (symmetric con�guration). The
sample can be positioned before or behind the phase-grating. (B) Photograph of
Setup C showing G1 and G2, the detector and the sample stage. G0 and the source
are not shown on the image.

2017, Scha�, 2017].

The setup provides a comparatively large �eld of view and a high design energy.

It can be used for ex-vivo dark-�eld and phase contrast studies to evaluate the

potential clinical bene�t at higher X-ray energies.

Rotating anode - setup C

Tube settings: Within the time frame of this work, the rotating anode tube has

been replaced. The old tube was an Enraf Nonius FR-591 tube (Bruker, Delft,

Netherlands) with a rotating molybdenum anode. It was operated at 40 kV acceler-

ation voltage and 2:8 kW tube power with an e�ective source size of (0:3� 0:5) mm2.

The new tube uses a rotating molybdenum anode, as well (MicroMax HF007,

Rigaku Inc., USA). It is operated at 50 kV acceleration voltage with 1:2 kW tube

power. The focal spot size at this power is approximately (46� 97)� m2.

Detector: This setup has been used with three di�erent photon-counting detectors.

The �rst experiments with the contrast agents were performed with the old X-ray

tube and a Pilatus 100k detector (Dectris Ltd., Baden-Daettwil, Switzerland) with

a pixel size of (172� 172)� m2 and a 1000� m thick silicon sensor. All other exper-

iments at this setup were performed with the new X-ray tube. The further contrast

agent measurements and the MSU crystal detection experiments were performed

with an Eiger 500k detector (Dectris Ltd.) with a pixel size of (75� 75)� m2 and

a 450� m thick silicon sensor. The material decomposition experiments were per-
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formed with a Santis CdTe photon counting detector (Dectris Ltd.) with a 750� m

thick cadmium telluride sensor and a pixel size of (75� 75)� m2.

Interferometer: The grating interferometer consists of a symmetric three-grating

setup with periods of 5:4� m, gold �lling heights of 70=5:2=65� m and duty cycles

of 0:6; 0:55 and 0:65, respectively. The inter-grating distance is 85:6 cm at a design

energy of 27 keV where G1 provides a phase shift of� . G0 is on a 1 mm Kapton

substrate, G1 and G2 are on a 200 and 500� m silicon substrate. The mean 
at-

�eld visibility is in the range of 27 � 29%. The maximum correlation length at the

position of the phase grating is� RA = �d=p 2 = 7:28� m [Birnbacher, 2018, Scholz

et al., 2020].

The high tube power, small e�ective pixel size and small phase-grating period en-

able a high phase sensitivity at acceptable total acquisition times. Thus, this setup

can be chosen for applications where a high soft-tissue contrast is required [Grandl

et al., 2014, Birnbacher et al., 2016, Hetterich et al., 2016, Braunagel et al., 2017,

Birnbacher et al., 2018a,b, Notohamiprodjo et al., 2018, Hellerho� et al., 2019].

Linescanner - setup D

Tube settings: The actively cooled Philips MRC 0310 ROT GS tube (Philips

Medical Systems, Hamburg, Germany) is operated at 60 kV or 70 kV acceleration

voltage with 10:5 � 12 kW tube power.

Detector: The setup is equipped with a Pixium RF 4343 
at-panel detector (Trix-

ell, Moirans, France), with a 600� m thick CsI scintillator. The detector is operated

in a 3 � 3 binning mode which results in a pixel size of (444� 444)� m2.

Interferometer: This setup is designed to cover a large �eld of view of (32� 35) cm2

and has a design energy of 45 keV. The grating con�guration has been changed

within the time frame of this thesis. In the �rst con�guration, the large �eld of

view in lateral direction has been realized by tiling several smaller gratings for G1

and G2. The other direction is covered by moving the interferometer over the detec-

tor area in a Moir�e scanning approach. The grating periods of G0, G1 and G2 are

68:72� m, 8:73� m and 10� m, respectively. G0 has a structure height of 240� m

gold on 1 mm graphite substrate and a duty cycle of 0.7. G1 and G2 are on a

0:525 and 0:5 mm silicon substrate and have a gold structure height of> 150� m

gold with a duty cycle of 0.5. The grating con�guration is asymmetric with inter-

grating distances ofl = 159:9 cm andd = 23:1 cm [Gromann, 2017, Hellbach et al.,

2018a]. For the second con�guration, the G0 and G1 grating have been replaced.

G0 has now a structure height of 215� m and a period of 10� m. The G1 grating

has been replaced by a single phase grating with an area of 225� 60 mm2 with a

period of 10� m. The grating con�guration is now symmetric with an inter-grating
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distanced = 89:1 cm The gratings are vertically mounted on the scanning arm such

that the samples are lying on a horizontal table [Andrejewski, 2017, Taphorn, 2018].

At this setup, CT imaging is not implemented. The maximum correlation length

at the position of G1 is � LS;1 = �l=p 0 = 0:642� m for the old con�guration and

� LS;2 = �d=p 2 = 2:46� m for the new con�guration.

With the large �eld of view, the high design energy and the high tube power, the

setup is designed for human chest imaging at clinical compatible acquisition times

and dose levels [Gromann et al., 2017a, Willer et al., 2018, De Marco et al., 2019].

4.1.3 Image processing, reconstruction and analysis

Signal extraction

If not stated otherwise, images were acquired via phase stepping as described in

Sec. 2.2 and subsequent extraction of the Fourier coe�cients by FFT. The number

of phase steps was adapted to the interferometer stability and the required photon

statistics and is given in the description of each experiment.

A more advanced processing method has been applied for the brain sample mea-

surement in Sec. 4.5.4. The method is based on the minimization of a cost function

by variation of the parameters of a statistical model function. By that, the exper-

imental data is �tted and experimental deviations of the stepping positions or the

X-ray 
ux can be compensated [Marschner et al., 2016b, Wang and Han, 2004].

CT reconstruction

In contrast to projection imaging, computed tomography allows the quantitative

reconstruction of material quantities in three dimensions. With grating-based CT

this are the linear attenuation coe�cient, the refractive index decrement and in

principle the linear di�usion coe�cient.

CT data-sets were acquired by rotating the sample over 360� . The individual sig-

nals were processed as described above and subsequently the three image channels

were reconstructed independently by �ltered backprojection (FBP) with a Ham-

ming �lter for the attenuation and dark-�eld data and a Hilbert �lter for the phase

data [Pfei�er et al., 2007]. The attenuation coe�cient distribution can directly be

reconstructed from the measured transmission signalT as de�ned in Eq. 2.17

p�;� (t) = � ln T� (t) =
Z

� (s; t)ds ; (4.1)

with ( t; s) the coordinate system that is rotated by an angle� compared to the

original (x; y) coordinate system such thatt describes the detector lines ands the
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straight ray path (see Fig. 5.2). The natural logarithm of the transmission signal

can be interpreted as the line integral of the attenuation coe�cient distribution

and can be used as input for the FBP algorithm. More information on the basic

principles of tomographic reconstruction and on the used nomenclature can be found

in Appendix C.

As the measured di�erential phase-contrast signal is the relative shift of the stepping

curve � ' , an additional factor must be considered to retrieve the refractive index

decrement� . By rearranging Eq. 2.19 we can see that the projection of the refractive

index decrement gradient can be expressed as

p�;� (t) =
p2

2�d
� ' =

d
dt

Z
� (s; t) ds: (4.2)

For reconstruction of the refractive index decrement, a Hilbert �lter is used in the

backprojection algorithm. It comprises an integration step such that the recon-

structed data is not di�erential any more but proportional to the refractive index

decrement. Eq. 4.9 relates the refractive index decrement with the electron density

which is an energy independent material quantity.

Within the experiments described here, the reconstructed dark-�eld data sets have

not been converted to quantitative values as it was not relevant for the diagnostic

question in Sec. 4.5.4. Details on the reconstruction of the linear di�usion coe�cient

can for example be found in [Bech, 2009].

All tomographic measurements were conducted with the sample immersed into a

plane parallel water-�lled plastic container which is also in place for the reference

measurement. By that, the spectral photon distribution in sample and reference

scan are very similar and homogeneous such that spectral changes of the stepping

curve and the related artifacts are minimized. Additionally, phase wrapping at the

boarders of the sample due to a strong refractive index decrement gradient can be

avoided.

The measured attenuation coe�cients at broad X-ray spectra are e�ective coe�-

cients comprised of the contributions of all energies� e� =
R

� (E)dE. In clinical

imaging, this e�ective attenuation image is transformed to the so called Houns�eld

unit (HU) scale by the following relation

� � � water

� water � � air
� 1000 HU; (4.3)

where� water and � air are the attenuation coe�cients of water and air. By that, the

HU value for air is � 1000 and the HU value for water is 0 by de�nition and thereby

provides a two-point calibration of the measured values which allows comparison

of the HU values between similar CT systems. If the shape of the used X-ray
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spectrum is very di�erent from a conventional clinical CT spectrum the HU values

can still vary signi�cantly for all materials except water and air. However, within

the range of clinical applications, the HU scale provides a basis for comparison of

�ndings between di�erent CT examinations and is even used to quantify patholog-

ical changes [Schreiber et al., 2011, G•uc•uk and•Uyet•urk, 2014, Dubey et al., 2001].

Analogously, the de�nition of phase Houns�eld units (HUp) based on the refractive

index decrement� is possible, as proposed by Donath et al. [Donath et al., 2010]

� � � water

� water � � air
� 1000 HUp: (4.4)

Signal strength analysis

Signal to noise ratios (SNR) were calculated for the mean signals in a region of

interest (ROI) inside the object compared to the mean of a ROI in the background

b and the standard deviation of this background region� b according to

SNR =
js � bj

� b
: (4.5)

The contrast to noise (CNR) value can be similarly calculated between two regions

a and b as

CNR =
ja � bj

p
� 2

a � � 2
b

; (4.6)

by taking the standard deviation � a and � b of both regions into account.

An SNR or CNR value below 1 means that an object cannot be distinguished

from the background.
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4.2 Foreign body detection

The main results of this chapter are published in Braig et al., Simultaneous wood

and metal particle detection on dark-�eld radiography, in European Radiology Ex-

perimental [Braig et al., 2018a].

4.2.1 Clinical background

Open wound care is one of the most frequent tasks in emergency care and it is often

related to the search and removal of retained foreign materials [Ebrahimi et al.,

2013, Davis et al., 2015]. For patients with characteristic signs of retained material,

physical examination is typically followed by a routine radiography [Turkcuer et al.,

2006]. The majority of foreign bodies consist either of metal, glass, or wood [Levine

et al., 2008, Lewis et al., 2015]. Especially wood, the most frequent foreign body

material in the extremities, is reported to be missed in 85� 95% of the patients in

the initial radiographic examination because of its low attenuation contrast [Becton

and Christian, 1977, Anderson et al., 1982, Bray et al., 1995, Turkcuer et al., 2006,

Dunn et al., 2009, Ebrahimi et al., 2013, Lewis et al., 2015]. While X-ray radio-

graphy is highly sensitive for the detection of materials with high atomic number

such as metals, weakly absorbing foreign bodies are easily missed in plain radiog-

raphy. Even in computed tomography (CT), wood often cannot be distinguished

from other hypodense materials like fat or air [Anderson et al., 1982, Bray et al.,

1995, Dunn et al., 2009, Jusu�e-Torres et al., 2016].

In contrast, magnetic resonance imaging (MRI) exhibits good soft tissue contrast

due to its sensitivity to di�erences in water content. However, routine foreign body

detection in MRI is not feasible in an emergency department work
ow due to the

poor accessibility, low cost e�ectiveness and particularly the high risk, associated

with the strong magnetic �eld, for patients with metallic material in their body

[Schlager et al., 1991, Kudo and Takei, 2016]. Ultrasonography (US) shows good

success in detecting retained soft-tissue materials in cases with a su�cient change

of material impedance but is still highly dependent on the operator's expertise, has

the need for a speci�c transducer frequency and is a time consuming examination

[Gilbert et al., 1990, Turkcuer et al., 2006].

However, the porous substructure of wood has previously been found to cause an X-

ray dark-�eld signal in the context of food control [Nielsen et al., 2013, Einarsd�ottir

et al., 2016] (see Sec. 3.5). Therefore, X-ray dark-�eld radiography could be a suit-

able modality for improved clinical foreign body detection, as well. In the following

proof of principle study, the simultaneous detection of metallic and wooden foreign

bodies in preclinical grating-based radiography will be evaluated experimentally.
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With a dedicated test phantom, the sensitivity of the method for wood and metal

splinters of di�erent sizes is systematically analysed and the attenuation and the

dark-�eld signals are compared quantitatively. Additionally, the clinical scenario

of retained foreign bodies in a human hand was experimentally simulated to assess

the feasibility of the method in a realistic setting.

4.2.2 Experimental evaluation

This study is designed to evaluate the potential of X-ray dark-�eld radiography

for improved foreign body detection. The study is divided into two main parts.

First, the signal strength in dependence of the particle size is analyzed with a

speci�cally designed test phantom with di�erent con�gurations of tissue-like and

bone-like absorbers as well as small metallic and wooden test particles. In the

second part, the feasibility of simultaneous metal and wood particle detection in a

human hand is evaluated in an ex-vivo experiment.

Materials and methods

Experimental settings The study has been performed at setup B (Sec. 4.1.2)

with an acceleration voltage of 60 kVp at a tube power of 150 W. The sample was

positioned behind the phase grating G1 which resulted in an e�ective pixel size of

110� m due to the cone-beam magni�cation.

To achieve the necessary full �eld of view for the radiography of the hand, 3� 3

single images were stitched together. The radiation exposure for the hand was

87:5 mAs distributed over 7 grating steps with 5 seconds of exposure per step. The

test phantom �ts into the �eld of view of a single projection. The exposure time

for the test phantom was varied between 1, 2 and 5 seconds.

The incident air kerma was measured with a PTW NOMEX dosimeter (PTW

Freiburg GmbH, Germany) at the position of the sample. Considering all grat-

ings and the setup geometry, a measured air kerma of 0:22 mGy corresponds to an

estimated image receptor dose of about 25� Gy for 1 second exposure time (please

note, that the absorption of the G2 grating decreases this value compared to the

actual dose applied to the sample).

Sample design and preparation The sensitivity and resolution of X-ray dark-

�eld radiography foreign body detection is evaluated for very small particles with

a speci�cally designed test phantom. It consists of a polymethyl-methacrylate

(PMMA) plate (thickness 18 mm) and pairwise test objects of aluminum and wood

with diameters of 0:5; 0:7; 0:9 and 1:1 mm �xed onto the plate with tape (con�g-

uration C1, see Fig. 4.3). The test objects are oriented in pairs horizontally and
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vertically relative to the grating orientation. The PMMA plate is used to mimic

the attenuation characteristics of soft tissue. In the second con�guration, the above

described test phantom is extended by an aluminum-oxide plate of 10 mm thick-

ness (con�guration C2), which mimics the additional attenuation of bone [Lehmann

et al., 1981, Alvarez, 2011, Ehn et al., 2017a]. Images were acquired in both phan-

tom con�gurations to assess the signal when detecting foreign bodies in soft tissue

as well as directly behind a bone. Con�guration C1 has been imaged with exposure

times of 1 and 5 seconds per step. Con�guration C2 has been imaged with 2 seconds

per step.

For signal assessment within the human body, foreign body test objects were placed

in the detached human hand of a deceased body donor. The study was approved by

the local institutional review board. The donor of the hand had dedicated his body

for educational and research purposes and provided written informed consent prior

to death, in compliance with local institutional and legislative requirements. The

hand was preserved with formaldehyde solution prior to the experiments. Three

typical wooden and metallic foreign objects were inserted to the human hand to

simulate the scenario of retained foreign bodies (Fig. 4.5B). The human hand was

imaged with an exposure time of 5 seconds per step in a planar plastic container.

The formalin �lling level was reduced so that the beam path was free of 
uid

(Fig. 4.3).

Quantitative and qualitative signal analysis All radiographic images were ac-

quired with the same technical parameters without speci�c image post-processing.

The analysis of the images was divided into two parts. First, two trained radiolo-

gists (with both more than 10 years of experience) separately evaluated the images

for the visual appearance of foreign bodies. Second, the signal strength was quan-

ti�ed by calculation of the SNR ratios.

For signal evaluation, the test features of the foreign body phantom are numbered

consecutively from 1� 4 from the smallest to the largest feature. The horizon-

tal/vertical features are referred to as v/h, respectively.

Results

Visual evaluation of the foreign body phantom The conventional attenu-

ation images are displayed in Fig. 4.4 above the corresponding dark-�eld image

for the phantom con�gurations C1 and C2 and with di�erent exposure times per

phase-step. In the attenuation-based images, there is no systematic di�erence in

signal strength between vertical and horizontal particles visible. In con�guration

C1 at 5 seconds exposure time per step (Fig. 4.4A), all wooden and aluminum test
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Figure 4.3: Test objects for evaluation of foreign body detection in X-
ray dark-�eld radiography . (A) Pairwise test structures of aluminum and wood
with diameters of 0:5; 0:7; 0:9 and 1:1 mm were �xed on a PMMA plate (thickness
18 mm) with tape in horizontal and vertical orientation in respect to the grating
orientation (con�guration C1). In con�guration C2, an additional aluminum-oxide
plate of 10 mm thickness was attached behind the PMMA plate to mimic not only
soft tissue but also bone in the beam path. A piece of paper was added to increase
the contrast in this photo and was removed for the experiments. (B) The detached
human hand of a deceased body donor was placed into a planar plastic container
to assess the feasibility of X-ray dark-�eld foreign body detection in-situ. The level
of the formalin �xation solution was reduced such that the beam path was free of

uid. One metallic and two wooden foreign bodies were attached to the palmar
region of the hand as test objects.

objects can be detected on the 
at background in attenuation. At 1 second expo-

sure time per step (Fig. 4.4B), only the larger wooden particles 3h/3v and 4h/4v

and all aluminum features except feature 2v are detectable in attenuation. Behind

the bone-like absorber (Fig. 4.4C) only the largest wood and aluminum particles

4h/v are slightly visible in attenuation.

Due to the directional sensitivity perpendicular to the orientation of the grating

bars, there is a superior visibility of the vertical wood particles in the dark-�eld

images. At 5 seconds exposure time all vertical wooden objects are clearly de-

tectable in the dark-�eld image. The horizontal features 2h, 3h, 4h are slightly

visible. At 1 second exposure time, all vertical wooden particles and the largest

horizontal particle (4h) can still be identi�ed. Behind the bone-like absorber, i.e.

in con�guration C2, all vertical wooden objects can be identi�ed in the dark-�eld

images. The metallic test object are not visible in the dark-�eld images in any

con�guration. Both radiologists provided the same results for visual inspection for

all particles while the assessment was done independently. Thereby they con�rmed

the here described visual analysis of the author.

Quantitative signal evaluation in the foreign body phantom Results of

the SNR analysis for all test objects are displayed in Tab. 4.1. The SNR values
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