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Abstract

X-ray phase-contrast computed tomography (CT) is an emerging imaging tech-
nique that provides enhanced soft-tissue contrast and complementary informati-
on compared to conventional attenuation-based X-ray imaging. In recent years,
phase-contrast CT became increasingly popular for the three-dimensional (3D)
investigation of biological samples at large-scale synchrotron radiation facilities.
The impressing imaging results hold great promise that this novel approach opens
up new opportunities in biomedical research and even clinical diagnostics. An im-
portant step towards a broad application of phase-contrast CT was the success-
ful implementation of X-ray grating interferometry, which is one of the current-
ly available phase-sensitive imaging methods, at standard polychromatic X-ray
sources.
The ultimate goal of this thesis is to investigate and further develop the capa-
bilities of phase-contrast CT utilizing a grating interferometer in commonplace
research laboratories. The work includes the design and optimization of a lab-
based phase-contrast imaging setup to achieve a soft-tissue contrast that is com-
parable to synchrotron radiation facilities. A framework is built for the extraction
of quantitative tissue properties like linear attenuation coefficients, electron den-
sities and Hounsfield units from the recorded 3D volume data in conventional
attenuation contrast and phase contrast. Quantitative values are determined for
various tissue types and the effect of formalin fixation on the results is examined.
The gain of information due to the complementarity of both contrast modalities
and the added value of a combined data analysis are explored. In this context,
the possibility of an advanced tissue characterization in terms of protein, lipid,
and water concentrations is demonstrated. Several biomedical studies are perfor-
med in close collaboration with clinical partners to evaluate phase-contrast CT
as tool for the 3D examination of excised tissue samples and to identify potential
diagnostic cases that might arise or benefit from an integration of the technique
in medical devices.





Zusammenfassung

Die Phasenkontrast-Computertomographie (CT) mit Röntgenstrahlung ist eine
neue bildgebende Technik, welche einen verbesserten Weichgewebekontrast im
Vergleich zur rein schwächungsbasierten Röntgenbildgebung erzielt und zudem
komplementäre Informationen liefert. In den vergangenen Jahren gewann die Pha-
senkontrast CT zunehmend an Bedeutung für die drei-dimensionale (3D) Untersu-
chung von biologischen Proben an Großforschungseinrichtungen mit Synchrotron-
strahlung. Die beeindruckenden Bildergebnisse sind vielversprechend, dass diese
neuartige Bildgebungsmodalität ungekannte Möglichkeiten im Bereich der biome-
dizinischen Forschung und sogar der klinischen Diagnostik ermöglichen könnte.
Ein wichtiger Schritt hinsichtlich einer breiten Anwendung der Phasenkontrast
CT war die erfolgreiche Implementierung der Gitterinterferometrie – eine der ak-
tuell verfügbaren Phasen-sensitiven Bildgebungsmethoden – an herkömmlichen
polychromatischen Röntgenröhren.
Ziel der vorliegenden Arbeit ist es, das Potential und die Chancen der Phasen-
kontrast CT mittels Gitterinterferometrie in gewöhnlicher Laborumgebung zu
erforschen und weiterzuentwickeln. Dies beinhaltet die Konstruktion und Op-
timierung eines Laboraufbaus für die Phasenkontrastbildgebung, mit welchem
ein zu Synchrotronanlagen vergleichbarer Weichgewebekontrast erreicht werden
kann. Ein standardisiertes Verfahren wird erarbeitet, um aus den konventionellen,
schwächungsbasierten sowie den mit Phasenkontrast aufgenommenen 3D Volu-
mendaten unterschiedliche Gewebegrößen wie lineare Schwächungskoeffizienten,
Elektronendichten oder Hounsfield-Einheiten zu extrahieren. Für verschiedens-
te Gewebearten werden quantitative Werte ermittelt. Zudem wird der Einfluss
einer Formalinfixierung der Gewebeproben auf die Ergebnisse untersucht. Der
zusätzliche Informationsgehalt aufgrund der Komplementarität beider Kontrast-
mechanismen und der Mehrwert einer kombinierten Datenanalyse werden erkun-
det. In diesem Zusammenhang wird demonstriert, dass eine erweiterte Charakte-
risierung hinsichtlich der Protein-, Lipid- und Wasserkonzentrationen von Gewebe
möglich erscheint. Mehrere biomedizinische Studien werden in enger Zusammen-
arbeit mit klinischen Partnern durchgeführt, um die Phasenkontrast CT als In-
strument für die 3D Untersuchung entnommener Gewebeproben zu evaluieren
und potentielle diagnostische Fragestellungen zu identifizieren, welche von einer
klinischen Umsetzung der Technik profitieren könnten.
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Chapter 1

Introduction

In the year 1895, Wilhelm Röntgen discovered a novel electromagnetic radiation,
which he simply called X-Strahlung for being of yet unknown type. Although
the characteristics of this new kind of radiation and the interaction with matter
have extensively been studied up to now, the name X-rays remained. The ability
of X-rays to penetrate opaque matter gave rise to a broad range of applications.
Besides their use in industry and research, X-rays are in particular utilized to
depict inner structures of the human body in clinical diagnostics.
In conventional X-ray imaging, the object of interest is illuminated from one
side and the transmitted intensity is recorded on the other side using photosen-
sitive plates and later electronic detectors. Taking an X-ray radiograph, all the
object’s internal structures are projected onto one two-dimensional (2D) image
and overlay with each other. Topological information of the object can be re-
vealed by X-ray computed tomography (CT). Here, many images are taken from
different directions and a three-dimensional (3D) representation of the object is
reconstructed. The generation of contrast is related to the density and elemen-
tal composition of the materials within the specimen. High-density differences
translate into pronounced changes of transmitted intensity. That is why bones,
for example, can be very clearly distinguished from their surrounding tissue.
Despite the deposition of radiation dose, CT is the mostly used 3D imaging
modality for medical diagnosis in daily routine. Advantages over magnetic res-
onance imaging (MRI) are its cost-effectiveness, fast acquisition times, and high
spatial resolution. In addition, quantitative imaging can be performed in terms of
Hounsfield units, which are numbers specially defined for CT imaging. Compared
to MRI, the perceptibility of pathological changes within soft tissue is rather poor
without the application of strongly absorbing contrast agents.
The low intrinsic soft-tissue contrast is the reason that conventional X-ray imag-
ing is not a widely spread tool in biomedical research for the 3D investigation of
tissue samples. However, phase-sensitive X-ray imaging techniques are increas-
ingly utilized for this purpose at large-scale synchrotron radiation facilities. Phase
contrast, as opposed to attenuation contrast (used in standard X-ray images),
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exploits a complementary interaction process of X-rays with matter. Image for-
mation is based on the phase shift that X-rays as electromagnetic waves undergo
when passing through the object. The fundamentally different interaction mech-
anism measured by the phase shift yields high potential to enhance soft-tissue
contrast and can provide complementary information to attenuation contrast.
Because only the intensity and not the phase of X-rays can be directly recorded
by imaging detectors, phase-sensitive techniques need to transfer the shift in
phase that occurs into a change of intensity. Existing methods, therefore, rely
on the generation and measurement of interference effects like phase-shift in-
duced refraction angles. In most cases, this requires X-ray beams of high spa-
tial and temporal coherence, available only at synchrotrons. In general, there
are crystal-interferometer-based, propagation-based, crystal-analyzer-based, and
grating-based phase-contrast imaging techniques. Many efforts are made to adapt
the methods, so that an efficient operation in commonplace research laboratories
and a successful integration in clinical devices become possible. X-ray grating
interferometry is currently the most promising approach due to its outstanding
compatibility with conventional polychromatic X-ray sources. A typical grating-
based phase-contrast imaging system in a laboratory environment combines a
standard X-ray tube, a Talbot-Lau interferometer consisting of three gratings,
and an X-ray detector. The first grating comprises attenuating gold structures
and is placed behind the source to create an array of individually coherent but
mutually incoherent sources. This allows for interference effects that are induced
by the second grating. The resulting interference pattern can then be analyzed by
another gold grating, which is mounted directly in front of the detector, to draw
conclusions based on beam attenuation and refraction caused by the examined
samples.
The technique enables the simultaneous acquisition of spatially fully co-registered
conventional attenuation-contrast and phase-contrast 3D volumes, both provid-
ing quantitative information about the object. The enhanced visualization of
soft tissues that can be achieved by phase contrast has been shown in numerous
benchmarking experiments at synchrotron radiation facilities. Since grating in-
terferometry has been demonstrated to properly function with laboratory X-ray
tubes, a broad application of X-ray phase-contrast imaging in biomedical research
or even in clinical diagnostics is within the realms of possibility. The motivation
of the present work is to push the current process of implementation.
The scientific goals of the thesis can be grouped into three parts. First, a lab-
based imaging setup is designed that is capable to detect very small refraction
angles and, thus, is highly sensitive to measure phase shifts. The system perfor-
mance is continuously enhanced by optimization to achieve stable CT scans with
a soft-tissue contrast that is comparable to synchrotron radiation facilities. Sec-
ond, a framework is built for the conversion of the 3D attenuation-contrast and
phase-contrast volume data into quantitative material properties like linear atten-
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uation coefficients, refractive index decrements, electron densities and Hounsfield
units. The complementarity of both contrast modalities is investigated to explore
the gain of information and the added value of a combined data analysis. Third,
biomedical studies are performed in close collaboration with clinical partners to
evaluate grating-based X-ray phase-contrast imaging as tool for the 3D examina-
tion of excised tissue specimens.
The activities further aim to contribute to the identification of potential clini-
cal cases that might arise or benefit from a realization of medical phase-contrast
imaging. In addition, electron densities of various types of soft tissue are quan-
tified. These numbers are relevant for the execution of realistic simulations, the
design of adequate phantoms, and the definition of the demands on a clinical
phase-contrast device to fulfill certain tasks.
After this introduction, the thesis is structured in the following chapters:
Chapter 2 gives an overview on the interaction between X-rays and matter. Con-
ventional attenuation contrast and different phase-sensitive imaging techniques
are introduced.
Chapter 3 explains the principles of X-ray grating interferometry. This includes
the theoretical concept, the signal extraction, and the requirements for the oper-
ation at standard polychromatic X-ray tubes.
Chapter 4 describes the phase-contrast imaging system that has been installed.
The employed components, their configuration, and the influencing factors to
reach a high phase sensitivity are discussed. The optimization steps that have
been carried out over the time and the resulting setup performance are reported.
Chapter 5 is dedicated to quantitative phase-contrast CT. The basics of tomo-
graphic imaging and the general scan procedure applied for tissue examinations
are presented. The framework for the retrieval of quantitative information, the
electron-density resolution of the system, and the complementarity of both imag-
ing signals (attenuation contrast and phase contrast) are addressed.
Chapter 6 comprises quantitative phase-contrast imaging results that have been
evaluated for various non-fixated human soft tissues ranging from adipose, mus-
cle, and connective tissues to liver, kidney, and pancreas tissues. The effect of
formalin fixation on quantitative values is investigated on samples of porcine fat
and rind.
Chapter 7 focuses on quantitative breast-tissue characterization. Breast speci-
mens containing different tumor types are imaged and correlated to histopathol-
ogy. Results are compared to both high-quality, high-resolution data obtained
with monochromatic synchrotron radiation and calculated values based on tabu-
lated tissue properties.
Chapter 8 illustrates the potential for advanced tissue analysis when exploiting
the complementary information content provided by both contrast modalities.
Vector decomposition of the experimental data delivers water, protein, and lipid
concentrations as exemplified on dairy products, porcine fat and rind, and human
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soft tissues.
Chapter 9 is a collection of further research activities and their scientific out-
put. Biomedical studies include, among others, the classification of atheroscle-
rotic plaque and the differentiation of cystic renal lesions. Several methodical
developments like stitched gratings to increase the field of view (FOV), grating-
based phase-contrast imaging at higher energies, and data acquisition in helical
scanning mode are shown.
Chapter 10 summarizes and concludes the work in this thesis. Current short-
comings, challenges, potential next steps, and future perspectives associated with
a broad application of (bio-)medical grating-based phase-contrast imaging are
outlined.
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Chapter 2

Principles of X-ray imaging

2.1 Interaction with matter

X-rays are part of the electromagnetic spectrum covering wavelengths from 5 pm
to 10 nm. This corresponds to photon energies in the range of 100 eV to 200 keV.
Hard X-rays (above 5–10 keV) can penetrate relatively thick objects and are
widely used to reveal the inside of visually opaque objects. The underlying prin-
ciple of all X-ray imaging methods is the interaction of X-rays with matter (i.e.,
its atoms). Changes to the electromagnetic wavefront that occur when traversing
the object are detected and conclusions on the inner structure can be drawn. The
main interaction mechanisms that play a role in the image formation process are
photoelectric absorption and scattering.
In atoms, electrons are bound to the nucleus. Depending on the quantum state
of an electron, a certain amount of energy, the binding energy, needs to be pro-
vided in order to liberate it from the atom. Photoelectric absorption occurs if the
incoming photon ejects an electron from the inner shells (K or L) by transferring
all of its energy to the electron. Only photons with energies above the binding
energies of the electrons contribute to photoelectric absorption. For the explana-
tion of this effect, Albert Einstein was honored with the Nobel Prize in Physics
in 1921.
In the case of scattering, elastic processes are distinguished from inelastic inter-
actions. In an elastic (or coherent) scattering process, there is no energy transfer
between photon and electron. Elastic scattering at free electrons is called Thom-
son scattering, while the sum of coherent scattering at electrons in a bound state
is referred to as Rayleigh scattering. The process can be best described by us-
ing the wave formalism. As charged particles are accelerated when placed in an
electric field, an incoming electromagnetic wave forces the electrons of an atom
to vibrate according to the temporal oscillation of its electric field. An oscillating
charged particle in turn acts as a source and radiates like a small dipole antenna.
Inelastic (or incoherent) scattering, also known as Compton scattering, can be il-
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lustrated by making use of the particle formalism. The underlying mechanism can
be understood as a collision of a photon with an electron, whereby the electron is
expelled from the atom. If the photon does not transfer its energy completely to
the electron, it is not absorbed but scattered into a different direction. In com-
parison to elastic scattering, the wavelength of the photon changes due to its loss
of energy. Only few photons are scattered inelastically at X-ray energies around
10 keV, but Compton scattering increases with energy and at about 100 keV it
becomes the dominating interaction process of X-rays with matter.
In wave optics, a quantitative description of X-ray absorption and scattering ef-
fects within a medium becomes possible by introducing the complex refractive
index

n = 1− δ + iβ. (2.1)

The refractive index decrement δ is related to elastic interactions, while the imag-
inary part of the refractive index, the absorption index β, is associated to the
respective inelastic processes. The refractive index is material- and frequency-
dependent and contains information on how electromagnetic waves change when
penetrating matter. If only the electric field of the wave is considered, a linearly
polarized monochromatic plane wave traveling through a medium can be written
as

Ψ (r, t) = E0e
inkre−iωt. (2.2)

The first exponential term exp (inkr) describes the spatial oscillation at a given
moment in time t and the second term exp (−iωt) describes the temporal oscilla-
tion at a given point in space r. The vector E0 defines the direction of the electric
field, with |E0| = E0 being the initial amplitude. It is perpendicular to the wave
vector k, which gives the propagation direction of the wave. The wavelength λ is
connected to the wave vector via the wave number k = |k| as follows

λ =
2π

k
. (2.3)

When using the quantum-mechanical particle formalism, the corresponding pho-
ton energy is linked to the angular frequency ω of the electromagnetic wave by

E = ~ω, (2.4)

with ~ = 6.58211899 · 10−16 eVs being the reduced Planck constant.
In vacuum, the refractive index n is unity and a wave propagating in z-direction
can be expressed by

Ψvacuum (z, t) = E0e
i(kz−ωt). (2.5)

A wave traveling through a certain medium, on the other hand, is altered accord-
ing to

Ψmedium (z, t) = E0e
i(nkz−ωt) = E0e

i(kz−ωt)e−βkze−iδkz. (2.6)
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medium

Figure 2.1: An electromagnetic wave propagating in free space compared to one
passing a medium with refractive index n and thickness d. Due to the interaction
with matter, the second one has a reduced amplitude and is shifted in phase.

The two additional terms cause a decrease of the wave’s amplitude E0e
−βkz and a

shift in phase ∆Φ = δkz compared to the reference wave in vacuum. Both effects
are illustrated in Figure 2.1.

2.2 Attenuation contrast

The contrast modality that most people associate with X-ray imaging is based
on the attenuation of X-rays, which is due to absorption or scattering. More or
less photons are lost during penetration resulting in a shadow image, which can
be detected behind the object. The famous picture unveiling the bones inside
the hand of Wilhelm Conrad Röntgen’s wife in 1895 was generated that way
and nearly all medical X-ray systems on the market exploit this phenomenon to
obtain images for diagnosis.
The quantity of an electromagnetic wave that can be directly measured with
X-ray detectors is its intensity

I (r, t) = |Ψ (r, t)|2 . (2.7)

The transmission T through an object is then simply defined as the intensity
ratio Iout/Iin of the outgoing and the incoming wave, respectively. The higher
the attenuation of the X-rays in between, the lower is the transmission and the
number of photons that traverse the object. In the example of a wave propagating
in z-direction and passing a medium of thickness d, the transmission is given by

T =
Iout

Iin

=
|E0|2 e−2βkd

|E0|2
= e−2βkd. (2.8)
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In X-ray imaging, the material- and energy-dependent linear attenuation coeffi-
cient µ = 2βk is often used to describe the attenuation within an object resulting
in the Beer-Lambert law:

Iout = Iine
−µd. (2.9)

The linear attenuation coefficient µ comprises all three types of photon interac-
tions (i.e., photoelectric absorption [ph], incoherent Compton scattering [incoh],
and coherent Raleigh scattering [coh]) and can be expressed by

µ =
∑
i

ρa,i

(
σph

a,i + σincoh
a,i + σcoh

a,i

)
, (2.10)

with ρa,i being the atomic density of the i-th element in the object. The atomic
cross sections σa,i represent the probabilities of a photon to interact with an atom
of a certain element i and, thus, to be either absorbed or scattered out of the
original path. All three atomic cross sections σa,i exhibit a different dependency
on both the energy E of the X-rays and the atomic number Z of the respective
element i. The atomic cross sections for carbon (Z = 6) and calcium (Z = 20)
in the energy range of 1 keV to 100 keV are displayed in Figure 2.2.
The dominating interaction process in these examples is photoelectric absorp-
tion. A rapid increase in the atomic cross section for photoelectric absorption
of calcium can be observed at about 4 keV. This is due to the K-shell electrons
of the calcium atoms, which only contribute to the absorption process if the en-
ergy of the incoming X-ray photons exceeds the respective binding energy of the
electrons. These element-specific jumps in the cross-section are called absorption
edges. Above the K-edge of an element, the photoelectric cross-section can be
approximated by

σph
a (Z,E) ≈ C

Zk

E3
, (2.11)

where C only depends on natural constants and the exponent k ≈ 4 varies slightly
depending on the photon energy and element. The proportionality to the fourth
power of the atomic number indicates a strong absorption within materials con-
taining higher Z-elements such as calcium in the bones.
Whereas the probability for photoelectric absorption declines with higher X-ray
energies, the occurrence of incoherent scattering increases and the Compton effect
becomes the main reason for X-ray attenuation at some point. The incoherent
scattering cross-section of a photon on a single free electron is given by the rela-
tivistic Klein-Nishina cross-section σkn. The corresponding atomic cross-section is
obtained by multiplying σkn with the number of electrons per atom that interact
with the given X-ray photon:

σincoh
a (Z,E) = Zσkn (E) . (2.12)

Compared to photoelectric absorption or Compton scattering, only a very small
amount of the intensity loss (i.e., the X-ray attenuation) arises from elastic scat-
tering in the hard X-ray regime, waiving the need for a more detailed discussion
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Figure 2.2: Atomic cross sections of photoelectric absorption, Compton scat-
tering, and Raleigh scattering for the elements carbon (a) and calcium (b) in the
energy range of 1 keV to 100 keV.
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in this context. Coherent scattering, however, is the interaction process being
responsible for the aforementioned phase shift of electromagnetic waves, which
can be utilized for X-ray imaging as well.

2.3 Phase contrast

The phase shift ∆Φ that is introduced when X-rays penetrate a homogeneous
object of thickness d

∆Φ = δkd (2.13)

is closely connected to the refractive index decrement

δ =
r0h

2c2

2πE2

∑
i

ρa,if
1
i , (2.14)

where r0 is the classical electron radius, h is the Planck constant, c is the speed
of light and f 1

i is the real part of an element’s atomic scattering factor in the
forward direction. Far away from any absorption edges, f 1

i can be replaced by
the element’s atomic number Zi. Then, the sum

∑
i ρa,if

1
i reflects the electron

density ρe of the material. Above 5 keV, this applies to all materials that are
composed of elements with atomic numbers Z < 20 as it is the case for biological
soft tissues. The refractive index decrement δ can then be expressed by

δ =
r0h

2c2ρe

2πE2
. (2.15)

The following example shall demonstrate the high potential of exploiting the
phase shift for X-ray imaging, especially of low absorbing objects. At an X-ray
energy of 25 keV, the linear attenuation coefficient µ and the refractive index
decrement δ of muscle tissue are µ = 0.561 1/cm and δ = 3.84 ·10−7, respectively.
Assuming that X-rays of this energy pass a 100 µm-thin layer of muscle tissue,
the induced phase shift is ∆Φ ≈ 1.55π according to Equation 2.13. The atten-
uation by the tissue layer following the Beer-Lambert law, on the other hand,
is only about 0.56 %. Unfortunately, the phase of electromagnetic waves cannot
be measured directly and, thus, the phase information is not yet widely used as
contrast modality in X-ray imaging.
Several approaches that aim at transferring the small phase shifts into measurable
intensity changes evolved over the last decades and are illustrated in Figure 2.3.
The first X-ray phase-contrast imaging technique was developed by Bonse & Hart
(1965) and is known as crystal interferometry. The method is typically based on
three crystals to split one X-ray beam in two and let one beam pass through the
sample before the two beams are recombined. The phase shift that is induced by
the sample can then be extracted from the interference pattern of the recombined
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Figure 2.3: Schematics of different phase-contrast imaging techniques. [Figure
adapted from Schleede (2013).]

beams. Crystal interferometry is very phase-sensitive and a quantitative recon-
struction of the full complex refractive index is possible (Momose 1995, Beckmann
et al. 1997). A crystal interferometer as sketched in Figure 2.3a demands a very
high mechanical stability, because the crystals have to be aligned with a precision
on the order of the X-ray wavelength (Momose 2003). As the silicon crystals act
as monochromator, a large part of the incoming radiation is filtered out and very
long exposure times are needed to take images. In addition, the sample size is
limited by the separation of the beam paths.
In propagation-based phase-contrast imaging (shown in Figure 2.3b), no optical
elements are required at all (Snigirev et al. 1995). By increasing the distance
between sample and detector, interference fringes arise due to Fresnel diffraction.
The so-called edge-enhanced images that can then be recorded contain informa-
tion about the second derivative of the phase of the wavefront (Cloetens et al.
1997). The approach can also be utilized at polychromatic laboratory X-ray
sources (Wilkins et al. 1996). However, the source size has to be rather small to
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ensure interference effects and a high-resolution detector is needed to observe the
fringes. This leads to longer exposure times and limits the FOV. Quantitative
imaging is possible, if the object fulfills certain restrictions like low absorption
or a single material constraint (Paganin et al. 2002). Otherwise, several images
have to be taken at different detector positions to successfully retrieve the com-
plex refractive index (Cloetens et al. 1999).
Refraction is directly connected to the phase shift of X-rays and, thus, can be
exploited for phase-contrast imaging as well. Refraction takes place, when X-
rays pass through the boundary between two different homogeneous media with
refractive indices n1 and n2. According to Snell’s law, the angle of incidence α1

and the exit angle α2 are related by

n1 sin (α1) = n2 sin (α2) . (2.16)

The refraction of X-rays caused by a wedge in the beam path is demonstrated in
Figure 2.4a. There is no refraction, when the X-rays strike the interface of the
wedge at normal incidence. But when they are leaving the wedge through the
second boundary, the X-rays are refracted by the angle αr = α1 − α2.
A different way to look at the refraction caused by the wedge is to consider the
incoming wave as a superposition of monochromatic plane waves (Figure 2.4b).
Assuming the waves to be in phase and to propagate parallel to each other in z-
direction, their collective wavefront is perpendicular to the propagation direction
and parallel to the surface of the wedge. The phase shift ∆Φ (x) that is induced by
the wedge varies for the single waves depending on its thickness at the respective
position (in x-direction). As a consequence of this local variation in phase shift,
the outgoing wavefront is tilted by the angle

αr (x) =
λ

2π

∂Φ (x)

∂x
(2.17)

compared to the incident wavefront. Here, the small angle approximation was
applied. The angular refraction αr of the X-rays is therefore proportional to their
wavelength (energy) and the differential phase shift introduced by the object.
Although typical refraction angles are in the regime of nano-radians, they can
be detected, for example, by mounting a crystal analyzer between the sample
and the detector (Ingal & Beliaevskaya 1995, Davis et al. 1995). Only X-rays
in a small angular range are reflected by the crystal, so that the refraction an-
gle can be determined by tilting the crystal and monitoring the corresponding
intensity. The technique is called analyzer-based imaging and is illustrated in
Figure 2.3c. While a good sensitivity towards minor phase variations can be
achieved, a monochromatic and highly collimated beam is required. For this rea-
son, attempts to transfer the method from synchrotron radiation to standard X-
ray sources suffer from very long exposure times and are hardly feasible (Parham
et al. 2009, Nesch et al. 2009).
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a) b)

wavefront

Figure 2.4: Refraction caused by a wedge. The angular deviation αr can be
determined by applying Snell’s law (a) or by considering a plane wavefront that
is differently shifted in phase when penetrating the wedge (b).

Another approach, which is capable of resolving tiny refraction angles, is grating
interferometry (Momose et al. 2003, Weitkamp et al. 2005). The schematics of a
grating interferometer is shown in Figure 2.3d and the working principle is de-
scribed in detail in the following chapter. Since the successful translation of the
method to be operated at conventional sources by Pfeiffer et al. (2006), it is the
most promising candidate for lab-based or clinical X-ray phase-contrast imaging.
For further information on the different phase-contrast imaging techniques, the
reader is referred to Momose (2005) or Bravin et al. (2013). A detailed intro-
duction to the principles of X-ray imaging is given by Als-Nielsen & McMorrow
(2008).
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Chapter 3

X-ray grating interferometry

3.1 Working principle

When Henry Fox Talbot (1836) placed a grating in visible light, he observed that
an image of the grating appeared at regular distances behind it. This self-imaging
phenomenon of periodic structures applies to X-rays as well. If a modulation of
the wavefront is induced by a grating of period p, it is reproduced at certain
propagation distances, called Talbot distances

dT =
2p2

λ
. (3.1)

Additionally, various intensity patterns can arise at distances between the grating
and the Talbot distance dT as described by Suleski (1997) or Lohmann et al.
(2005). Besides the grating period p and the wavelength λ of the X-rays, these
distances further depend on the phase shift ∆Φ introduced by the grating bars
and on the duty cycle κ of the grating, which is defined as the ratio of bar width
and period. The propagation of a wavefront all the way to its Talbot distance dT

for two different gratings with duty cycles of 0.5 is shown in Figure 3.1. Both
gratings are pure phase gratings implying that no attenuation, but only a phase
modulation of the wavefront, takes place. In the first case, the phase of the
wavefront is shifted by π (Figure 3.1a) and in the other case, it is shifted by π/2
(Figure 3.1b). The displayed figures are called Talbot carpets and illustrate the
intensity modulations with periods of

pe (π) = p/2 (3.2)

and
pe (π/2) = p (3.3)

that occur at fractional Talbot distances of

dn (π) =
n

16
dT = n

p2

8λ
(3.4)
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Figure 3.1: Interference patterns produced by a π-shifting (a) and a π/2-shifting
phase grating (b) with period p and duty cycles of 0.5. A periodic wavefront
repeats itself at the Talbot distance dT. In addition, intensity patterns with
period pe arise at odd fractional Talbot distances.

and

dn (π/2) =
n

4
dT = n

p2

2λ
, (3.5)

where n = 1, 3, 5, ... is an odd integer.
As described in the previous chapter, a sample in the beam causes slight angular
deviations αr (x, y) (Equation 2.17) in the propagation direction of a wavefront
due to refraction. By placing a phase grating (often denoted by G1) behind the
object, this results in a lateral shift S (x, y) of the interference pattern downstream

S (x, y) = αr (x, y) d =
λ

2π

∂Φ (x, y)

∂x
d, (3.6)

where d is the distance from the phase grating. Thus, the measurement of the
exact lateral position of the intensity modulation, with and without sample, al-
lows to arrive at conclusions on the differential phase shift ∂Φ (x, y) /∂x entailed
by the object.
In order to capture refraction angles below one micro-radian, the period of the
employed grating should be on the order of a few microns. At the same time,
the spatial resolution of the X-ray detector (i.e., its pixel size) has to be less
than one third of the resulting intensity pattern period pe. Otherwise, the lat-
eral shift and the corresponding refraction angle cannot be reliably determined.
While high-resolution (below 10µm) detectors are often used for X-ray imaging
at synchrotron radiation facilities, the pixel sizes of standard X-ray detectors for
biomedical applications range from 100×100µm2 to 1×1 mm2.
The limitation by the detector resolution can be eluded with the application of a
second grating made of a highly absorbing material like for example gold. This
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Figure 3.2: The refraction of X-rays caused by a sample in the beam results
in a lateral shift of the interference pattern behind the phase grating G1. The
shift can be detected by placing an analyzer grating G2 with period pe at an odd
fractional Talbot distance dn. The intensity recorded by a detector pixel then
depends on the relative position of the intensity pattern to the grating.

so-called analyzer grating (often denoted by G2) is usually set up at an odd
fractional Talbot distance dn behind the phase grating G1 and its period p2 is
chosen to match the one of the intensity pattern pe. Then, the intensity that is
recorded at a given detector pixel depends on the lateral position of the analyzer
grating G2 relative to the intensity pattern (Momose et al. 2003, Weitkamp et al.
2005). A local shift S (x, y) of the pattern due to refraction by the sample is then
noticeable as an intensity change within the respective detector pixel located at
the coordinates (x, y). A graphical representation of the working principle of a
grating interferometer is shown in Figure 3.2.

3.2 Signal extraction

For a quantitative evaluation of refraction angles αr (x, y), the exact position
of the intensity pattern has to be determined, once with and once without a
sample in the beam. This can be accomplished by recording and analyzing so-
called stepping curves. In this process, one of the gratings, for example G2, is
laterally moved along the intensity pattern over at least one period, while several
images are acquired. Different positions of the analyzer grating xg result in low
and high intensities behind the grating, depending on whether the interference
pattern is covered by grating bars or not. The intensity oscillation I (xg, x, y)
in each detector pixel with coordinates (x, y) contains information on the shape
and position of the respective pattern. Mathematically, the curve represents a
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convolution of the box-shaped interference pattern with the profile of the X-ray
source and the box-shaped function defined by the absorbing bars of the analyzer
grating. It can be expressed using a Fourier-series

I (xg, x, y) =
∞∑
m=0

am (x, y) cos

(
m

2π

p2

xg + φm (x, y)

)
, (3.7)

where am and φm are the amplitude and phase coefficients, respectively. In case
of limited beam coherence due to an extended source size or a polychromatic
spectrum, higher-order harmonics can be neglected and the function is well ap-
proximated with a cosine curve

I (xg, x, y) = a0 (x, y) + a1 (x, y) cos

(
2π

p2

xg + φ1 (x, y)

)
, (3.8)

which is sufficiently described by the offset a0 (average value), the amplitude a1,
and the relative phase φ1 (Bech 2009). At least three data points per period have
to be recorded by each detector pixel during the aforementioned stepping scan in
order to extract these parameters from the measured intensity values by applying
a cosine fit or a Fourier analysis. The whole procedure is performed twice to finally
obtain the refraction angles αr (x, y): once without a sample in the beam, which is
called flat-field or reference scan and subsequently denoted by the superscript ’r’,
and once with the sample in the beam, which is denoted by the superscript ’s’.
The difference in the relative phase ∆φ1 (x, y) = φs1 (x, y) − φr1 (x, y) of both
stepping curves is then directly proportional to the shift of the intensity pattern
by

S (x, y) =
p2

2π
∆φ1 (x, y) (3.9)

and to the corresponding refraction angle by

αr (x, y) =
p2

2πd
∆φ1 (x, y) . (3.10)

Figure 3.3 shows exemplary stepping curves from a reference scan (blue) and a
scan with sample (red). In addition to the shift of the curve due to refraction,
a decrease of the average value a0 can be observed. This change can be traced
back to the Beer-Lambert law (Equation 2.9)

as
0 (x, y) = ar

0 (x, y) e−µ(x,y)z (3.11)

and reflects the transmission through the sample

T (x, y) =
as

0 (x, y)

ar
0 (x, y)

. (3.12)

Hence, information on the attenuation by the object can be obtained simulta-
neously, but clearly separated from any refraction effects, when using a grating
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Figure 3.3: Recorded stepping curves of a measurement with sample (red, su-
perscript s) and a reference scan without sample (blue, superscript r) in the beam.
The curves illustrate the change in intensity that occurs within one detector pixel
while stepping the analyzer grating along the intensity pattern. Conclusions on
the attenuation and refraction caused by the object can be drawn by comparing
both curves through Fourier analysis.

interferometer. Another parameter that can be gained by recording a stepping
curve is the visibility

V =
a1

a0

. (3.13)

A high ratio of the curve’s amplitude a1 and its offset a0 is important for a good
performance of the interferometer. The visibility comprises both the quality of
the interference pattern that is created by the phase grating and the capability of
the analyzer grating to translate the pattern into measurable intensity alterations.
If the visibility is too low, the relative phase φ1 of the stepping curve cannot be
determined properly and it is not possible to recover any refraction angle.
The visibility can be further exploited as a third imaging modality known as
dark-field contrast (Pfeiffer et al. 2008). Coherent small angle scattering caused
by high-density fluctuations on the (sub-)microscale degrades the interference
pattern and thereby reduces the visibility. Thus, the dark-field signal

D (x, y) =
V s (x, y)

V r (x, y)
=
as

1 (x, y) ar
0 (x, y)

as
0 (x, y) ar

1 (x, y)
(3.14)

is sensitive to microstructures within the sample.
In summary, X-ray grating interferometry and the stepping procedure provide
three different fully co-registered types of images: the conventional attenuation



20 3.2. Signal extraction

Figure 3.4: Imaging results of sunglasses and a cleaning cloth placed within
a case obtained by X-ray grating interferometry. Three different but fully co-
registered images can be extracted from the recorded stepping curves: the con-
ventional attenuation contrast (a), the differential phase contrast (b), and the
dark-field contrast (c).
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contrast, the differential phase contrast based on refraction, and the dark-field
contrast. In order to visualize the complementarity and novelty of the three
contrast modalities, imaging results of sunglasses and a cleaning cloth placed
within a case are presented as an example in Figure 3.4. While the attenuation
image indeed depicts highly absorbing structures, in this case the screws, very
well, other superimposing features of low optical density remain hidden. The
differential nature of the phase-contrast image becomes apparent in the opposite
signal on both sides of the case. The signal at the upper side of the case is
comparably low, because the refraction occurs parallel to the grating bars and
cannot be detected by the interferometer. The thin cleaning cloth is clearly visible
in the dark-field image due to small angle scattering arising from the threads.
The visibility behind the cloth is reduced to nearly zero, so that the phase signal
cannot be retrieved anymore as described above. In this case, statistical noise
appears as sprinkled white and black dots in the differential phase-contrast image.

3.3 Laboratory setting

All considerations so far were based on the assumption that the gratings are
illuminated by a parallel beam (i.e., a plane wavefront). This can be realized
at synchrotron radiation facilities, where the source size is very small and the
distance to the sample is long. In a laboratory environment, the divergence of
the beam and the extended size of the source have to be additionally taken into
account when designing a grating interferometer. Both effects are illustrated in
Figure 3.5.
The beam divergence causes a magnification M of the interference pattern given
by

M =
L+ d

L
, (3.15)

where L is the distance from the source to phase grating G1 and d is the distance
from G1 to analyzer grating G2, respectively. As a consequence, the period of
the analyzer grating has to be adjusted according to

p2 = pmag
e = Mpe (3.16)

and the Talbot distance is rescaled by

dmag
T = MdT. (3.17)

The impact of an extended source size s can be best described by considering the
source as a sequence of individual point sources located side by side. Two point
sources that are separated by a distance ε from each other generate two laterally
shifted interference patterns behind the phase grating. This displacement of the
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Figure 3.5: Beam divergence leads to a magnification of the interference pattern
behind the phase grating. The period of the analyzer grating has to be adjusted
accordingly. The effect of an extended source size can be demonstrated by two
separated point sources. The resulting interference patterns are shifted relative
to each other and the superimposed intensity pattern smears out.

distance εd/L relative to each other results in a blurring of the superimposed
intensity pattern (Figure 3.5) and a decrease in visibility. A minimum visibility
is reached for εd/L = pmag

e /2, when the maxima and minima of both point sources
superimpose and no intensity modulation can be observed anymore. Therefore,
the width of the source should not exceed

s =
pmag

e L

2d
, (3.18)

because the contributions from, colloquially speaking, the upper and lower end
of the source would overlap in an unfavorable manner and result in a flatting of
the intensity profile. If the source size s is too large and the X-ray tube cannot
be placed sufficiently far away from the interferometer to guarantee a satisfactory
quality of the interference pattern, a thin slit can be placed behind the source
at the cost of a significant loss of beam intensity. Alternatively, a whole array
of slits by means of an additional highly absorbing grating can be installed close
to the source. Thereby, each slit acts as individual point source and generates
its own interference pattern. The patterns overlay constructively if the period of
this source grating (often denoted by G0) is chosen to be

p0 = pmag
e

L

d
= p2

L

d
, (3.19)

where L is now the distance between the source grating, acting as new source,
and the phase grating. This three-grating approach was introduced by Pfeiffer
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et al. (2006) and is called Talbot-Lau interferometer.
A grating interferometer is rather insensitive to a broader spectral bandwidth and
can be routinely operated at polychromatic X-ray tubes, which are predominantly
used in a laboratory setting (Weitkamp et al. 2005, Engelhardt et al. 2008). How-
ever, because the phase shift ∆Φ depends on the wavelength (Equation 2.13), the
phase grating G1 introduces a phase shift of π or π/2 to only one certain energy,
which is the selected design energy of the interferometer. The same applies to the
fractional Talbot distance dn (Equations 3.4 and 3.5), where the analyzer grat-
ing G2 is positioned. All other energies within the X-ray spectrum of the source
are differently shifted in phase and the corresponding interference patterns are
additionally analyzed at positions that vary from their respective fractional Tal-
bot order. The superimposed intensity pattern is blurred in consequence and the
achievable visibility of the interferometer is distinctively lower than compared to
the monochromatic case. Figure 3.6 shows monoenergetic visibilities simulated for
a Talbot-Lau interferometer with the period of the analyzer grating p2 being cho-
sen to match pmag

e (π/2) = Mp1. The introduced phase shift was varied between
0 and 2π for the simulation. In addition, the position of the analyzer grating was
gradually changed from 0 up to a distance of 1.5dT away from the phase grating.
Referencing to the previously discussed Talbot carpets (Figure 3.1), this kind of
graph is named visibility carpet (Willner 2011, Hipp et al. 2014). A perfect at-
tenuation within the grating bars of G0 and G2 was assumed in the simulation
and the duty cycles of all three gratings were 0.5. As expected, the best visibility
values are obtained for a phase shift of π/2 or 3π/2 at the odd fractional Talbot
distances d1, d3, and d5. However, good visibility values can be further observed
for slightly deviating phase shifts and positions that differ from the odd fractional
Talbot distances. At the Talbot distance and the even fractional Talbot distances
no intensity patterns arise and the visibility is zero. No visibility is attained for a
phase shift of π. In this case, the resulting interference pattern is half the period
of the utilized analyzer grating. The intensity pattern for a phase shift of π/2
at the first fractional Talbot order d1 and the corresponding one at the third
fractional Talbot order d3 are shifted by half a period with respect to each other
(see Figure 3.1). This is indicated by the labeling V (φ1 = 0) and V (φ1 = π/2).
A polychromatic source can be represented by a line within the visibility carpet.
Its slope depends on the material and height of the phase grating and on the
position of the analyzer grating. The overall visibility of the interferometer is
then the sum of all monoenergetic visibility values weighted by their contribution
to the source spectrum. When designing a laboratory Talbot-Lau interferometer,
all these aspects have to be taken into account to maximize the visibility and,
thus, the performance of the imaging system.
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Figure 3.6: Monoenergetic visibility values that were simulated for varying
phase shifts induced by the phase grating and for different positions of the an-
alyzer grating. The period of the analyzer grating p2 is chosen to match the
period of the intensity pattern pe (π/2) arising from a π/2 phase shift. For this
reason, the best visibility values are obtained for ∆Φ = π/2 and ∆Φ = 3π/2 at
the corresponding odd fractional Talbot distances d1,3,5 (π/2).
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Chapter 4

Experimental setup

4.1 Sensitivity

X-ray grating interferometry is by now a well-established phase-contrast imag-
ing technique at synchrotron radiation facilities for the investigation of biological
tissue samples (Momose et al. 2006, Pfeiffer et al. 2007a, McDonald et al. 2009,
Schulz et al. 2010). The successful translation to laboratory sources in 2006 was
followed by several studies that demonstrated the high potential of the method
for a broad application in biomedical imaging (Bech et al. 2009, Donath et al.
2010, Kottler et al. 2010). However, the image quality obtained at the first labo-
ratory prototype systems was clearly degraded compared to the results obtained
at synchrotrons. The first goal within the scope of this thesis was the design and
subsequent optimization of an experimental phase-contrast imaging setup with
high phase sensitivity for tissue examinations in a laboratory setting.
The smaller the refraction angles that can be resolved by the setup, the higher
the phase sensitivity that can be realized. For this purpose the signal-to-noise
ratio

SNR∆φ1 =
∆φ1

σ∆φ1

(4.1)

of the data extracted from the stepping curves has to be maximized. As described
in the previous chapter, the difference in the relative phase ∆φ1 of the stepping
scans with and without sample is directly connected to the refraction angle αr by

∆φ1 =
2πd

p2

αr. (4.2)

In case of large refraction angles, the intensity pattern is shifted by more than one
period and the relative phase is wrapped back into the interval ]-π,π]. This so-
called phase wrapping due to the limited dynamic range of the relative phase can
distort the phase-contrast imaging results as will be discussed later in Chapter 5.
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An analytical formula for the noise of the relative phase σφ1 is given by

σφ1 =

√
2

V
√
N
, (4.3)

where V is the visibility of the interferometer and N is the total number of
photons over all acquired images during the stepping scan (Engel et al. 2011). The
relation is based on Fourier analysis of the stepping curve and is restricted to pure
quantum (Poisson) noise, which implies that any read-out noise by the detector is
neglected. In addition, perfectly accurate stepping positions are assumed. Both
the detector and jitter of the gratings can increase the actual noise of the retrieved
relative phase (Revol et al. 2010). The dependency of the noise on the visibility
and the total photon counts was further confirmed by a least-square-fit analysis
of the stepping curve (Weber et al. 2011). Equation 4.3 is not valid for very low
photon counts. Statistical phase wrapping then causes a uniform distribution of
the relative phase on the interval ]-π,π], which leads to a constant noise level of

σφ1 =

√
π2

3
(4.4)

as described by Chabior (2011). Because two stepping scans, the one with sample
and the reference flat-field without the sample, are needed to determine the dif-
ference in the relative phase ∆φ1, the noise of both acquisitions adds up according
to

σ∆φ1 =
√
σ2
φs1

+ σ2
φr1
. (4.5)

Assuming the same noise levels in the processed images (σφs1 = σφr1) and following
Equations 4.2 and 4.3, the signal-to-noise ratio can be expressed by

SNR∆φ1 = αr
2πd

p2

V
√
N

2
. (4.6)

The considerations so far can be directly transferred to the signal-to-noise ratio
of the actual refraction angle αr as given by

SNRαr =
αr

σαr

. (4.7)

A comparison to Equation 4.6 yields a corresponding noise level of

σαr =
p2

2πd

2

V
√
N

(4.8)

and defines the smallest detectable refraction angle

αr,min ≡ σαr . (4.9)

This minimum resolvable refraction angle αr,min is a good measure to quantify
the sensitivity of a grating-based phase-contrast imaging system (Modregger et al.
2011, Thüring et al. 2012).
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4.2 Source

The first step in the interferometer design is the choice of an X-ray source that
generates X-rays in a suitable energy range. As mentioned in Chapter 2, the
refraction angle correlates with the differential phase shift introduced by the
sample

αr =
λ

2π

∂Φ

∂x
. (4.10)

The refractive index decrement δ is proportional to 1/E2 (Equation 2.14), so
that the phase shift ∆Φ = δkd (Equation 2.13) induced by the sample is energy-
dependent with ∆Φ ∝ 1/E. Thus, the measured refraction angle αr shows the
energy dependence

αr ∝ 1/E2. (4.11)

As a consequence, the refraction angles caused by the sample become larger when
working at lower energies and are therefore easier to detect. At the same time,
the increased attenuation of lower energy photons leads to higher noise according
to Equation 4.3 and, thus, to a reduced sensitivity. Taking the attenuation by
the silicon wafers that carry the grating structures into account and assuming
soft-tissue samples of 2–4 cm in diameter, the optimum trade-off between signal
and counts is achieved for energies in the range of 20 to 30 keV.
The two main components of a conventional laboratory X-ray tube are the cath-
ode and the anode. A current flows through a filament in the cathode, which
emits electrons based on the thermo-electric effect. The free electrons are accel-
erated towards the anode of the tube by applying a voltage U . As they strike
the target, X-rays are produced. In this process, two different X-ray origination
mechanisms can be distinguished. On the one hand, the electrons are decelerated
in the electric fields of the atoms in the anode and as a consequence irradiate
X-rays, which are known as Bremsstrahlung. Their energy distribution is contin-
uous, but limited to the maximal kinetic energy Ekin = eU of the electrons. On
the other hand, the electrons collide with tightly bound electrons in the target
material causing the electrons to be expelled from their atomic shell, whereupon
weakly bound electrons from higher orbitals fill the vacant quantum states. The
gained energy is released as photons. The energies of the resulting photons are
the differences between the former binding energies of the electrons and the bind-
ing energies of their new quantum states. Similar to the absorption edges, these
energies are characteristics of the utilized anode material and therefore referred
to as characteristic spectrum.
About 99 % of the kinetic energy of the accelerated electrons is converted to heat
and the maximum power of the tube is limited due to the ultimate stress of the
anode material. The outcoming X-ray flux can be significantly increased by using
high-power rotating-anode X-ray sources. As indicated by the name, an anode
ring is rotating up to 6000 times per minute or even faster and the heat is dis-
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Figure 4.1: Two exemplary energy spectra of the rotating molybdenum anode
X-ray source Enraf Nonius FR 591. The red dashed line represents the spectrum
that arises from a tube voltage of 35 kV. A modified spectrum, which is caused
by the attenuation of a 3 cm-thick soft-tissue sample in the beam, is illustrated
by the blue line. [Figure adapted from Hipp (2013).]

tributed on the anode surface instead of being concentrated on one single spot.
The rotating-anode X-ray tube Enraf Nonius FR 591 was available to be used
in the phase-contrast imaging setup and identified to be an optimal solution for
this purpose. It is equipped with a molybdenum anode and can be operated at
voltages up to 60 kV and a maximal power of 4.8 kW. The X-ray spectrum of
the source running at a voltage of 35 kV was measured by an energy-resolving
detector and is shown in Figure 4.1. The red spectrum was filtered by silicon to
reproduce the attenuation of the grating wafers. The blue spectrum was addi-
tionally filtered by 3 cm of water to demonstrate the influence of a tissue sample.
In both cases, the energies in the range of 20 to 30 keV are well represented. The
relevant characteristic energies of molybdenum are at 17.5 keV and 19.6 keV.

4.3 Detector

Aside from the X-ray source, the detector is an essential component of every
X-ray imaging device. Different types and working principles exist to register
impinging photons. In digital medical imaging systems, scintillator-based X-ray
detectors are usually used. Thereby, the X-rays are first converted into visible
light, which can then be detected by charge coupled devices (CCDs) or com-
plementary metal-oxide semiconductors (CMOS) sensors. The electrical charge
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created in the sensor is then summed up over a certain integration time, which is
referred to as exposure time. Lower energy photons contribute less to the inte-
grated signal than higher energy photons, because the amount of charge carriers
is proportional to the energy of an X-ray photon. Thus, the contribution of lower
energies, which result in larger refraction angles, is underestimated and the over-
all phase sensitivity is reduced. A further drawback is that thermally generated
charge carriers, commonly known as dark current, are accumulated as well and
manifest in additional noise. This is in particular problematic in cases of low
X-ray flux and low-energy photons. Another source of noise is electronic noise,
which arises during signal amplification and readout.
New developments in X-ray detector technology include the ability to process
and count each individual X-ray photon. The PILATUS system from Dectris is
one of these novel single-photon counting detectors. It is a hybrid-pixel detector,
which is composed of a silicon sensor connected to an array of readout channels.
The charge that is generated by an incoming photon in the sensor material of a
certain pixel gets amplified and a digital signal is produced, if the charge exceeds
a pre-defined threshold (Broennimann et al. 2006). The number of such signals
corresponds to the number of photons registered by the pixel. Each photon con-
tributes equally regardless of its energy, because the X-ray photons are counted.
Compared to charge-integrating detectors, low-energy photons are therefore not
underestimated. The threshold further allows to define a minimum energy of the
photons in order to be detected. This feature and the direct conversion of the
individual X-rays eliminate all sources of classical detector noise. By that, the
resulting image noise, in principle, is reduced to the theoretical limit given by the
Poisson counting statistics.
The point spread function characterizes the spatial response of an imaging system.
It describes the degree of blurring in the final image and should ideally resemble
a box function. Contrarily to CCD- or CMOS-based imaging systems, this nearly
applies to the PILATUS detectors. As a result, edges and small features can be
clearly and sharply reproduced in images that are obtained therewith. The ef-
fect particularly matters with regard to differential phase-contrast images, which
exhibit more edge contrast than the conventional absorption images (Bech et al.
2008).
The PILATUS II 100k was chosen for the setup. It consists of 487×195 pix-
els, with a pixel size of 0.172×0.172 mm2, and a resulting active area of about
8.4×3.4 cm2 (width×height). The pixels are evenly distributed over 16 chips
(8×2), while the readout electronics cause small gaps between the chips. At
these positions, virtual pixels are created by interpolation of the values that are
measured by the adjoining pixels. The readout time of the system is in the range
of milliseconds.
A drawback of the PILATUS II 100k is the low quantum-detecting efficiency
of the 450µm-thick silicon sensor for photons with energies above 20 keV. The
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Figure 4.2: The quantum-detecting efficiency of the photon-counting hybrid-
pixel detector PILATUS II 100k from Dectris for different thicknesses of the
incorporated silicon sensor. The initial sensor of 450µm was replaced by a 1 mm
thick sensor during the course of this thesis. [Figure kindly provided by Dectris.]

quantum-detecting efficiency of the detector describes the probability of a photon
to be absorbed in the sensor material. As shown in Figure 4.2, only 20 % of all
photons with an energy of 25 keV are detected by a 450µm-thick silicon sensor.
Because a better quantum-detecting efficiency leads to a higher number of total
counts and less noise, the initial silicon sensor of the PILATUS II 100k was ex-
changed by a 1 mm-thick sensor. By doing so, the quantum-detecting efficiency in
the energy range of 20 keV to 30 keV could be doubled as illustrated in Figure 4.2.
Alternative sensor materials like CdTe and GaAs are currently investigated and
have the potential to further enhance the quantum-detecting efficiency in near
future (Gkoumas et al. 2016).

4.4 Gratings

The most important components of a grating interferometer are the gratings
themselves. These optical elements can be divided into two types. On the one
hand side the phase grating G1, which is used as beam splitter grating to create
the interference pattern. On the other hand side the highly absorbing gratings,
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which are used as source grating G0 and analyzer grating G2. The phase grating
is made of nickel, silicon, or gold. The height of the grating structures is only
a few microns depending on the chosen material and the design energy of the
setup. The grating structures of G0 and G2 are typically made of gold. They
are substantially higher than those of the phase grating to provide an adequate
attenuation of the X-rays.
For the monochromatic case and odd fractional Talbot distances, the visibility of
a Talbot-Lau interferometer V can be described by

V =
4

π
· V ∗G0 · V ∗G2 (4.12)

with

V ∗G0,G2 =
κ0,2 (1− τ0,2) sinc (κ0,2)

τ0,2 + κ0,2 (1− τ0,2)
, (4.13)

where τ0,2 describe the transmission through the gratings bars and κ0,2 are the
duty cycles of the source and analyzer grating, respectively (Thüring & Stam-
panoni 2014a). If the gratings have duty cycles of κ0 = κ2 = 0.5 and achieve
ideal attenuation (τ0 = τ2 = 0), a visibility of

V = 2

(
2

π

)3

= 0.516 (4.14)

can be realized. Transmission through the grating bars leads to reduced visibility
values. Gold grating structures with a height of 30µm absorb nearly 100 % of the
photons with an energy of E = 20 keV, but 50 % of the photons with an energy
of E = 40 keV pass through the grating bars. To assure an attenuation of 95 %
for 40 keV, a grating height of 120µm is required. The small grating periods of
a few microns in combination with the enormous aspect ratios (height-to-width
ratio of a grating bar) on the order of 50 to 100 demand to push the limits of
today’s micro-fabrication technologies.
A close collaboration with the Karlsruhe Institute of Technology and microworks
GmbH was established to receive appropriate gratings and to support the progress
in grating manufacturing by extensive characterization and continuous exchange.
The gratings are fabricated employing the LIGA-process (Kenntner 2013), which
is illustrated in Figure 4.3 and briefly described in the following. First, a silicon
wafer is covered with the negative resist SU-8 (a) and is exposed by X-rays (b).
By doing so, a mask, which has been written before using an electron beam writer,
is placed in front of the wafer and prevents certain areas to be exposed. In the
next step, these structures are removed by developing the substrate (c) and the
gaps are finally filled with the actual grating material like nickel or gold dur-
ing an electroplating process (d). Facing high aspect ratios, the SU-8 structures
tend to collapse due to capillary forces. They are therefore stabilized by keeping
bridges at regular distances in between one another (e.g., a bridge of 3µm is
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Figure 4.3: Illustration of the grating fabrication process. a) Silicon wafer cov-
ered with the resist SU-8. b) Exposure with X-rays. c) Removal of the unexposed
SU-8. d) Gaps filled by electroplating.

positioned every 30µm). As a consequence, the grating bars have small gaps,
which result in a lower visibility of the grating interferometer. A SU-8 resist that
was prepared with this so-called bridge design and the grating structures after
electroplating are displayed in Figures 4.4a and 4.4b, respectively. Despite the
presence of bridges, capillary effects can cause wavy grating structures, which
further affect the visibility. Another reason for potential grating deformations
can be stress within the SU-8 matrix (Kenntner et al. 2012).
The gratings that have been employed in the installed phase-contrast imaging
system changed over the years and the performance of the Talbot-Lau interfer-
ometer could be gradually enhanced by advances in grating manufacturing. The
height of the grating structures of G0 and G2 were increased from about 50µm to
70µm to provide a nearly ideal attenuation of τ < 0.02 for energies below 30 keV.
At the same time, the quality and homogeneity of the grating structures could be
clearly improved. A new approach in the fabrication process enabled to remove
the gaps within the grating bars caused by the bridges in the SU-8 resist. Instead
of bridges, thin stabilizing rods traversing the SU-8 structures are induced by
a second exposure before developing the substrate (Kenntner 2013). This kind
of resist architecture is named sunray design and is shown in Figure 4.4c. The
resulting grating bars (Figure 4.4d) feature little holes, but do not have any gaps,
which degrade the image quality (Trimborn et al. 2016).
According to Equation 4.13, a gain in visibility can be further obtained by in-
creasing the duty cycles of G0 and G2. Because higher duty cycles simultaneously
decrease the photon flux, the best results are achieved for κ0 = κ2 = 2/3 (Chabior
et al. 2012b). The silicon wafer that carries the grating structures does not affect
the visibility, but unnecessarily cuts down on X-ray photons. For this reason,
the thickness of the wafer was reduced from 525µm to 200µm. Since very thin
silicon wafers can break easily, new wafer types made of low absorbing materials
are currently under investigation (Koch et al. 2015).
For their installation in the imaging system, the gratings are clamped on holders,
which are attached to motorized goniometers. The latter allow to tilt the gratings
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Figure 4.4: The exposed and developed photo-resist in bridge design (a) and
sunray design (c) before filling by electroplating. The resulting grating structures
of the bridge design (b) exhibit small gaps along the bars which can be avoided
by applying the sunray design (d). [Images kindly provided by the Karlsuhe
Institute of Technology.]

with respect to the optical axis for alignment purposes. The stepping process is
performed with a mechanical nano-converter designed by the Paul Scherrer Insti-
tute and driven by a precision motorized actuator. The software package SPEC
from Certified Scientific Software is used to coordinate the motor movements and
the data acquisition.

4.5 Configuration

The effective spot size of the rotating-anode X-ray tube Enraf Nonius FR 591 is
0.3×0.3 mm2. This requires the use of a source grating for a functioning inter-
ferometer. Summarizing from Chapter 3, the periods p0, p1, and p2 of the three
gratings of a Talbot-Lau interferometer have to fulfill the following conditions

p2 = Mpe =
L+ d

L
pe (4.15)

with

pe (π) = p1/2 & pe (π/2) = p1 (4.16)

and

p0 =
L

d
p2. (4.17)
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As a reminder, L is the distance from G0 to G1 and d is the distance from G1
to G2. The three gratings can be arranged in three different ways (Donath et al.
2009). The symmetric geometry (L = d) gives the shortest possible interferom-
eter that can be realized for a given period p1. The conventional and inverse
geometry denote the non-symmetric solutions with L > d and L < d, respec-
tively. Depending on the purpose of the imaging system, the one or the other
configuration might be the best choice.
A large distance d and a small analyzer grating period p2 are preferable to max-
imize the sensitivity of the interferometer according to Equation 4.8:

αr,min ≡ σαr =
p2

2πd

2

V
√
N
. (4.18)

However, the photon flux decreases with larger distances s from the source. The
total number of counts N that are registered by the detector during the stepping
procedure can be expressed by

N = I0D
a2

s2
t, (4.19)

where I0 is the initial X-ray flux and D accounts for any loss of photons due to a
limited quantum-detecting efficiency of the detector and due to the attenuation
by the grating wafers. The parameter a is the pixel size of the detector and t is
the total exposure time over all acquired images. Inserting Equation 4.19 into
Equation 4.18 gives the time-dependent minimal refraction angle

αr,min (t) =
p2s

2πd

2

V
√
I0Dta

(4.20)

as introduced by Thüring & Stampanoni (2014a). If there are no spacings between
the source and G0 and between G2 and the detector (s = L+ d), the term p2s/d
can be rewritten to p0 + p2, which results in

αr,min (t) =
p0 + p2

2π

2

V
√
I0Dta

. (4.21)

In this case, a higher signal due to a larger propagation distance d is exactly
compensated by the reduced photon flux at the detector. The sensitivity is then
optimized by the smallest sum of the grating periods p0 and p2. For a given phase
grating period p1, this is achieved for p0 = p2 and a symmetric setup configura-
tion.
Although the total setup length s does not affect the sensitivity, a longer arrange-
ment can be beneficial for several reasons. The high aspect ratios of G0 and G2
can cause strong shadowing effects, if the beam divergence becomes too large
(Thüring et al. 2011). As a consequence, compact setups suffer from a limited
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FOV or demand the operation of bent gratings, which are more complicated to
produce and hinder the system’s flexibility. In addition, a position dependence
of the measured signal has to be taken into account for samples that are thick in
relation to the setup dimension (Chabior et al. 2012a).
The previous considerations in this section were all based on the assumption that
the X-ray source and the detector can be placed directly in front of G0 and be-
hind G2, respectively. This cannot always be realized. A proper shielding of the
rotating-anode X-ray tube required to install the discussed interferometer about
0.5 m away in a neighboring hutch. An extra spacing of a few centimeters between
G2 and the detector was unavoidable due to the grating holder and its motorized
goniometer. An increase of the propagation distance d then slightly outweighs the
involved loss of photon flux. The symmetric geometry is still the most sensitive
scenario, but the realization of a good visibility becomes more difficult for larger
distances between the gratings when dealing with polychromatic X-ray sources.

4.6 Optimization

In order to set up a grating interferometer that features a high visibility at a
polychromatic X-ray source, material and height of the phase grating, and the
position of the analyzer grating have to be optimized with respect to the energy
spectrum. First, one has to decide whether a π- or π/2-shifting setup should be
installed. Then, the grating periods can be chosen according to p0 = p1 = p2 for
a π-shifting and p0 = 2p1 = p2 for a π/2-shifting configuration. The material and
height of the phase grating have to be specified next and require to define a design
energy of the interferometer. Afterwards, the distances between the gratings that
give the best performance have to be found.
First studies demonstrated that the propagation distance d is not in general lim-
ited by the width of the energy spectrum (Weitkamp et al. 2006, Engelhardt
et al. 2008). Later, theoretical and experimental investigations revealed that a π-
shifting phase grating is preferable, when aiming to build longer setups (Willner
2011, Hipp 2013, Thüring & Stampanoni 2014a). As it was shown in Figure 3.1,
the intensity patterns behind a π-shifting phase grating are always at the same
vertical position. The intensity patterns behind a π/2-shifting phase grating, on
the other hand, can be shifted by half a period relative to each other. This effect
was additionally indicated by the labeling in the corresponding visibility carpet of
the π/2-shifting setup that was presented in Figure 3.6. For longer arrangements
and a broad spectral width, the line in the visibility carpet that is representing
the energy spectrum can cross several visibility peaks and the contributions of
single energies to the overall visibility can cancel out. In case of the π-shifting
setup, the overall visibility is only reduced to some extent due to monoener-
getic contributions of low or zero visibility, but no annihilation takes place. An
experimental verification of this effect is illustrated in Figure 4.5. A series of
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Figure 4.5: Comparison of π/2-shifting and π-shifting setup configurations with
increasing propagation distances and different phase gratings. Whereas the visi-
bility decreases in the π/2-shifting setup (a), the visibility of the π-shifting setup
(b) remains constant. [Figure adapted from Hipp et al. (2014).]

measurements was performed with 2.4µm-periodic phase gratings. The source
and analyzer gratings had either periods of 2.4µm (π-shifting setup) or periods
of 4.8µm (π/2-shifting setup). Whereas the overall visibility of the π/2-shifting
setup decreased with increasing propagation distance (36 cm, 60 cm, and 84 cm),
the visibility of the π-shifting setup remained nearly constant at all distances
(33 cm, 57 cm, and 81 cm).
The periods of the three gratings within a π-shifting symmetric setup configura-
tion are all identical (p0 = p1 = p2). The smaller the grating periods, the more
sensitive the interferometer. Although gratings with periods down to 2.4µm are
fabricated, gratings with periods of 5.4µm are employed in the installed phase-
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contrast imaging system. This relaxes the manufacturing process of larger grating
areas and enables a better grating quality in terms of more homogeneous struc-
tures or gratings in the sunray design. The design energy of the setup, which is
defined by the material and height of the phase grating and the distances between
the gratings, changed over time. Within the scope of the master thesis Highly sen-
sitive grating interferometry using a polychromatic X-ray source by Hipp (2013),
several studies including energy-resolved visibility measurements were performed
to better understand and optimize the Talbot-Lau interferometer.
In the beginning, phase gratings for design energies of around 23 keV were uti-
lized. Later, they were outperformed by phase gratings that introduce a phase
shift of π to an X-ray energy of about 27 keV. The phase gratings were either
made of nickel or gold. The distances between the gratings varied between 80 cm
and 90 cm. Most of the times, the position of the analyzer grating did not equal
an odd fractional Talbot distance of the design energy, which was predefined by
the respective phase grating. In addition, an immense influence of the phase
grating duty cycle κ1 on the setup design could be observed. Deviations of the
duty cycle from κ1 = 0.5 can strongly deform the resulting visibility carpet and
even lead to annihilation as it is the case for the π/2-shifting setup configuration
(Hipp et al. 2014). There are always tolerances in the grating fabrication, so that
an experimental optimization of a grating-based phase-contrast imaging setup, in
addition to any theoretical considerations, is highly recommended.

4.7 Performance

In summary, the phase-contrast imaging system that was designed during this
thesis combines a rotating-anode X-ray tube (Enraf Nonius FR 591 ), a photon-
counting hybrid-pixel imaging detector (PILATUS II 100k from Dectris), and a
Talbot-Lau interferometer. A photograph of the setup is presented in Figure 4.6.
The interferometer consists of three gratings with periods of 5.4µm, which are
installed in equal distances from each other (symmetric geometry). It is operated
in a π-shifting setup configuration and has a design energy between 20 keV and
30 keV depending on the height of the phase grating that is utilized.
As mentioned in the previous sections, the experimental system underwent sev-
eral modifications over time. These include the employment of various gratings,
which were all fabricated by the Karlsruhe Institute of Technology or microworks
GmbH and constantly advanced in quality. The distances between the gratings
were optimized to increase the visibility of the interferometer. In addition, the
quantum-detecting efficiency of the PILATUS II 100k was improved by changing
the thickness of the incorporated silicon sensor from 450µm to 1 mm to increase
photon statistics. Several biomedical studies were conducted with varying setup
parameters. The different settings are listed in Table 4.1 at the end of this Chap-
ter.
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The sensitivity of the latest setup configuration (setting H ) was measured as
a function of the exposure time for an evaluation of the system’s performance
(Birnbacher et al. 2016). In this study, 11 images were recorded at a tube volt-
age of 40 kV during each stepping procedure and the acquisition time per image
was gradually increased for each stepping scan. The standard deviations of the
relative phase σ∆φ1 were then determined in areas of 190×190 pixels within the
processed images and converted into minimum resolvable refraction angles fol-
lowing Equation 4.2. A second measurement series was performed after inserting
a water bath of 4 cm thickness in the beam to simulate the attenuation caused
by respective soft-tissue samples. The resulting refraction angles of both exper-
iments are plotted over the total number of counts registered by the detector in
Figure 4.7. In addition, corresponding theoretical values were calculated accord-
ing to Equation 4.8. The interferometer visibility V of 38.7 % that is achieved by
the setup configuration H was used for the calculations.
Experimental and theoretical values are well in line. This is due to the absence of
any read-out noise when using the photon-counting detector PILATUS II 100k.
The longer the exposure time, the higher is the number of total counts and the
achievable sensitivity. At some point, the experimentally evaluated minimum de-
tectable refraction angles diverge from theory and increase again. The reason for

Figure 4.6: Photograph of the experimental phase-contrast imaging setup. The
X-ray source Enraf Nonius FR 591 is located in the neighboring hutch. The
X-ray beam indicated by the red arrow traverses the three colored gratings and
then hits the photon-counting detector PILATUS II 100k.
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Figure 4.7: Log-log plot of the minimum resolvable refraction angle over the to-
tal number of photon counts obtained by increasing the exposure times (red data
points). The blue data points were measured with an additional water container
in the beam to simulate the attenuation caused by soft-tissue samples. The black
line represents calculated values based on Equation 4.8. [Figure adapted from
Birnbacher et al. (2016).]

this behavior are thermal drifts of the gratings and other instabilities that be-
come noticeable at very long exposure times. The best sensitivity in both series of
measurements was attained for a total exposure time of 11× 25 s = 275 s. With-
out water bath, the minimum resolvable refraction angle accounted for 5 nrad.
With water bath, the photon flux is reduced by a factor of ten and the minimum
refraction angle was determined to be 17 nrad. At a shorter exposure time of
11 × 5 s = 55 s, which is a more realistic scenario for tomographic imaging, sen-
sitivity values of 10 nrad and 38 nrad, respectively, could be achieved.
These results keep up with numbers reported from grating-based phase-contrast
setups at synchrotron radiation facilities. A sensitivity of 67 nrad was measured
at the grating interferometer integrated into TOMCAT, a beamline at the Swiss
Light Source (McDonald et al. 2009, Modregger et al. 2011). This value was ob-
tained at an X-ray energy of 25 keV, a total exposure time of 6 × 0.35 s = 2.1 s,
and a detector pixel size of 48µm. At the beamline ID19 of the European Syn-
chrotron Radiation Facility (ESRF), a sensitivity of 14 nrad was achieved in the
same energy range and with a pixel size of 28µm by applying a total exposure
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time of 8 × 0.4 s = 3.2 s (Pfeiffer et al. 2007a). The laboratory phase-contrast
imaging system that was installed during this thesis, however, cannot compete
with both synchrotron setups in terms of spatial resolution and scanning time.
A comparable lab-based Talbot-Lau interferometer was built for a design energy
of 28 keV and consists of three 2.4µm-periodic gratings that are positioned in a
symmetric geometry (Thüring et al. 2011). The setup is relatively compact (up
to 325 mm in total length) and features bent gratings to avoid shadowing effects.
The incorporated detector has a pixel size of 48µm which enables a higher spatial
resolution compared to the PILATUS II 100k with its pixel size of 172µm. The
system can resolve refraction angles down to 200–300 nrad at a total exposure
time of 16 × 8 s = 128 s (Thüring et al. 2012, 2013a). Thus, the experimental
setup described in this chapter offers a significantly better sensitivity and enables
high-contrast phase-contrast imaging of biomedical samples at a laboratory X-ray
source in a quality that has only been possible at synchrotron radiation facilities
before.

Table 4.1: List of technical parameters of the different setup configurations that
the laboratory phase-contrast imaging setup underwent during this thesis.

G0 height G1 height G2 height distance distance Si-sensor
(material) (material) (material) G0-G1 G1-G2 thickness

A 55µm 8.5µm 55µm 87.5 cm 87.5 cm 450µm
(gold) (nickel) (gold)

B 55µm 8.5µm 55µm 87.5 cm 87.5 cm 1 mm
(gold) (nickel) (gold)

C 55µm 8.5µm 55µm 80 cm 80 cm 1 mm
(gold) (nickel) (gold)

D 55µm 8.5µm 65µm 80 cm 80 cm 1 mm
(gold) (nickel) (gold)

E 55µm 9.5µm 65µm 80 cm 80 cm 1 mm
(gold) (nickel) (gold)

F 55µm 8.5µm 65µm 80 cm 80 cm 1 mm
(gold) (nickel) (gold)

G 70µm 5.2µm 65µm 85.7 cm 85.7 cm 1 mm
(gold) (gold) (gold)

H 70µm 5.2µm 70µm 85.7 cm 85.7 cm 1 mm
(gold) (gold) (gold)
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Chapter 5

Phase-contrast computed
tomography

5.1 Tomographic imaging

So far, only radiographic imaging was discussed. The X-rays penetrate the object
from one direction and project all inner structures onto the detector, so that they
overlay each other in the final images. This is sufficient for screening purposes
like clinical mammography, but in many cases a 3D representation of the sample
needs to be generated for examination. In a tomographic scan, many radiographic
projection images are taken from different angles θ by rotating the sample around
its axis or the whole imaging system around the sample as it is done in medical
CT systems (Hounsfield 1973). The 3D object can then be reconstructed from the
acquired data (Kak & Slaney 2001). The same procedure can be applied, when
using a grating interferometer. Thereby, quantitative information on the linear
attenuation coefficient µ (xi, yi, zi) and the refractive index decrement δ (xi, yi, zi)
of every volume element (xi, yi, zi), called voxel, can be retrieved (Herzen et al.
2009).
There are several ways to obtain the information of the individual voxels from the
values that are measured in the radiographic images. A fast and accurate solution
for data recorded with sufficient and regular angular sampling is the filtered back-
projection (FBP) algorithm. Assuming the function f (x, y, z) to represent the
3D distribution of a physical quantity within an object, which is rotated around
the y-axis during the tomographic scan, then the projection P (x′, θ) of one slice
f (x, z) at one of the angles θ can be expressed by

P (x′, θ) =

∫
f (x, z) dz′ =

∫
f (x′ cos θ − z′ sin θ, x′ sin θ + z′ cos θ) dz′, (5.1)

where the coordinate systems (x′, z′) and (x, z) are rotated by the angle θ with
respect to each other. According to the Fourier slice theorem, the one-dimensional
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Fourier transform of P (x′, θ) represents a line (through the origin and tilted by
the angle θ) within the 2D Fourier transform of the slice f (x, z)

FT [P (x′, θ)] = P̃ (u′, θ) = f̃ (u′, θ) , (5.2)

with u′ being the reciprocal space coordinate of x′ (Kak & Slaney 2001). As direct
consequence of this relation, the original object function can be reconstructed by
applying the FBP

f (x, z) =

∫ π

0

FT −1
[
P̃ (u′, θ) F̃ (u′)

]
dθ, (5.3)

where FT −1 is the inverse Fourier transform and F̃ (u′) is a filter function that is
operated on the measured projections in Fourier space. The filtering step becomes
necessary as the sampling is discrete and done in a polar coordinate system. For
this reason, interpolation is needed when the data is backprojected to the Carte-
sian grid for the reconstruction of the object in real space. Most commonly, the
so-called ramp or Ram-Lak filter F̃ (u′) = |u′| is used. It accounts for the denser
sampling towards the origin in Fourier space by weighting the high-frequency
components stronger than the low-frequency components. A detailed mathemat-
ical description of CT can be found in Principles of Computerized Tomographic
Imaging by Kak & Slaney (2001).
A modification of the acquired radiographic images is needed before reconstruc-
tion in order to retrieve quantitative information. This process differs for attenu-
ation contrast and phase contrast as briefly discussed in the following. In atten-
uation contrast, the content of a processed radiographic image (Equation 3.12) is
connected to the Beer-Lambert law (Equation 3.11) by

T (x, y) = e−
∫
µ(x,y,z)dz. (5.4)

Thus, the negative natural logarithm of the transmission image is taken as input
for the FBP

Pµ (x, θ) = − lnT (x′, θ) =

∫
µ (x, z) dz′. (5.5)

The reconstructed slices then represent the linear attenuation coefficient µ (x, z).
In phase contrast, the differences in the relative phases ∆φ1 (x, y) are extracted
from the recorded stepping curves. These values can be associated to the refrac-
tion angles αr (x, y) (Equation 3.10) and further to the differential phase shift
∂Φ (x, y) /∂x introduced by the sample (Equations 2.13 and 2.17) via

∆φ1 (x, y) =
2πd

p2

αr (x, y) =
2πd

p2

1

∂x

∫
δ (x, y, z) dz. (5.6)

As a consequence, the factor p2/2πd is taken into account during data processing

Pδ (x, θ) =
p2

2πd
∆φ1 (x′, θ) =

1

∂x′

∫
δ (x, z) dz′. (5.7)
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Additionally, an integration step has to be performed, because the modified image
is not a projection of δ (x, z), but a projection of its derivative in the direction
perpendicular to the grating lines. The integration can be done either for each
single radiographic image or during reconstruction by simply changing the filter
function (Pfeiffer et al. 2007b). According to the Fourier theorem for derivatives

FT
[
∂f (x)

x

]
= 2πiuf̃ (u) , (5.8)

the integration can be operated in Fourier space by replacing the original ramp
filter F̃ (u′) = |u′| by the imaginary Hilbert filter

H̃ (u′) =
|u′|

2πiu′
=

1

2πisgn (u′)
, (5.9)

where sgn (u′) is the sign function.
For monochromatic radiation and known X-ray energy E, the electron-density
distribution ρe (x, z) of the slice can be obtained from the reconstructed refractive
index decrement δ (x, z) by following Equation 2.15

ρe (x, z) =
2πE2

r0h2c2
δ (x, z) . (5.10)

All the reconstructed slices along the y-axis can be stacked together and then
form the 3D volume of the object.

5.2 Scan procedure

The sensitivity of the grating interferometer, as it was derived in the previous
chapter, is only valid at the position of the phase grating. Moving the sample
away from G1, either towards G0 or to G2, linearly decreases the actual angular
sensitivity (Donath et al. 2009). To achieve maximum sensitivity, the rotation
stage for tomographic imaging has been installed directly in front of the phase
grating. The rotation stage is further mounted on two linear stages. These stages
are used to move the sample out of the beam when taking flat-field images and
to translate the sample along the rotation axis if several sections need to be
imaged. Due to the dimensions of the motors and the grating holder, a gap of a
few centimeters between sample and G1 was unavoidable. The exact positions of
the sample stage and the detector were chosen to constitute a geometrical object
magnification of

Mobj =
xdet

xobj

= 1.72, (5.11)

where xobj and xdet are the distances of the sample and the detector from the
X-ray source, respectively. The geometrical magnification and the 172×172µm2
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Figure 5.1: Illustration of the experimental phase-contrast CT system. Three
gratings with micrometer-sized structures are installed between the rotating-
anode X-ray tube (Enraf Nonius FR 591 ) and the photon-counting X-ray detector
(PILATUS II 100k). The samples are mounted in front of the phase grating G1
and are submerged in a water bath during measurements to avoid image artifacts.
[Figure adapted from Willner et al. (2015).]

pixel size of the PILATUS II 100k result in an effective pixel size of 100×100µm2

at the position of the sample. The effective pixel size represents the spatial reso-
lution of the radiographic projection images that are recorded by the setup. This
is due to the sufficiently small source size and the box-shaped point spread func-
tion of the PILATUS (Birnbacher et al. 2016). The detector area of 8.4×3.4 cm2

and a circular analyzer grating of ∅ 7 cm enable a FOV of up to 4×2 cm2. A
graphical illustration of the setup configuration for phase-contrast CT is shown
in Figure 5.1.
Most of the biological soft-tissue samples that are investigated by CT at the
imaging system are placed in plastic cylinders of ∅ 3 cm. These so-called falcon
tubes are mounted underneath the sample rotation stage and are submerged in
a water-filled plastic container of about 4 cm thickness throughout the measure-
ments. The use of a water bath is motivated by the large phase differences that
would otherwise occur between the walls of the sample cylinder and air. The
imaging setup is designed to be very sensitive, so that they would cause strong
phase-wrapping artifacts and affect the ability of quantitative imaging (Zanette
et al. 2011). In addition, beam hardening effects can be mostly suppressed by the
water bath as long as there are no highly absorbing structures within the sam-
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ple. Because tissues mainly consist of water, the X-rays then experience similar
attenuation along their path regardless of the actual shape of the sample.
Following the noise behavior of the differential phase-contrast projection images,
the noise in the reconstructed image data depends on the total number of counts
Ntot recorded during image acquisition (Chen et al. 2011)

Ntot = NθNstepsN0, (5.12)

with Nθ, Nsteps, and N0 being the number of projection images, the steps per
projection image, and the counts per single image, respectively. This equation
indicates that the distribution of the total counts over the number of projections
and steps does not matter with regards to the final image quality. However, a few
aspects have to be considered. For a correct representation of the reconstructed
object using FBP, the sampling of the Fourier space has to be sufficiently dense,
even in the more sparsely sampled outer regions. The minimum number of pro-
jections that have to be taken in order to fulfill this criterion is given by the
Nyquist sampling theorem as

Nθ =
π

2
Npix, (5.13)

where Npix is the number of detector pixels covered by the sample in horizontal di-
rection (Mueller 1998). Consequently, at least 500 projections should be acquired
during the CT scan of samples within the ∅ 3 cm falcon tubes to avoid under-
sampling artifacts in the final images. Another limit is defined by the projection
images themselves. If the number of counts per projection Nproj = NstepsN0 be-
comes too low, statistical phase wrapping (Equation 4.4) occurs and no phase
information can be extracted (Raupach & Flohr 2011). The third constraint con-
cerns the number of steps per projection Nsteps. Minimum three images have to
be acquired during the stepping procedure in order to determine the position of
the interference pattern with respect to the grating bars and, thus, to capture
the relative phase φ1 (Weitkamp et al. 2005). Due to the discrete sampling of the
periodic stepping curve, higher-order terms can cause systematic errors (Yashiro
et al. 2008). This effect vanishes if seven or more images are taken per projec-
tion, while an odd number of steps generates a lower relative error than an even
number of steps (Thüring 2013).
During the early periods of experiments at the imaging setup, 1200 projections
with 11 steps and 5 s exposure time per image were recorded during CT mea-
surements. Thanks to the consecutive improvements of the imaging setup as
presented in Chapter 4, the number of projections and the exposure time could
be reduced to 800 and 3 s. Inhomogeneities of the gratings or the detector sen-
sor can lead to ring artifacts in the reconstructed images. In order to mitigate
these artifacts, the sample is laterally displaced by an integer number of pixels
between each projection. These shifts are then reversed in the subsequent data
processing. Through this procedure, the inhomogeneities finally average out in
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Figure 5.2: Quantitative attenuation-contrast (a) and phase-contrast (b) imag-
ing results of a phantom consisting of five plastic rods (LDPE [1], POM [2], PEEK
[3], nylon [4], and PMMA [5]). The rods were submerged in water during the CT
measurement.

the reconstruction. Even though the beam divergence in the setup is rather low
(< 1.5◦), the FBP reconstruction algorithm was adapted to divergent beam ge-
ometries according to Feldkamp et al. (1984). A detailed description thereof is
given by Kak & Slaney (2001).
Exemplary CT imaging results of a phantom in both contrast modes are pre-
sented in Figure 5.2. The phantom consists of five different plastic rods (∅ 6 mm)
and was submerged in water. The materials include low-density polyethylene
(LDPE), polyoxymethylene (POM), polyetheretherketone (PEEK), nylon, and
polymethylmethacrylate (PMMA). The CT scan was performed at 40 kV and
with setup configuration F (see Table 4.1). The measurement included 1200 pro-
jections, which were recorded with 11 steps and 3 s exposure time per image.
The radiographic images T (x, y, θ) in attenuation contrast were modified before
reconstruction as described in Equation 5.5. The voxel values were then divided
by the effective pixel size of the system to obtain the linear attenuation coefficient
µ∆ (xi, yi, zi) = µ (xi, yi, zi)−µwater (in units of 1/cm) relative to the surrounding
water. The phase-contrast projections Pδ (x, y, θ) were calculated according to
Equation 5.7. The results were additionally multiplied by a factor of xG1/xobj to
consider the reduced sensitivity, which is caused by the existent distance between
the object and the phase grating (Engelhardt et al. 2007). Here, xobj is again the
distance of the object from the source and xG1 is the distance between the source
and G1. After reconstruction via FBP with Hilbert filter, the dimensionless re-
fractive index decrement δ∆ (xi, yi, zi) = δ (xi, yi, zi)− δwater of each voxel relative
to the surrounding water is obtained.
To receive the actual distribution of µ (xi, yi, zi) and δ (xi, yi, zi) within the sam-
ple, the respective energy-dependent µwater and δwater have to be added to the
data. These values can be determined by using the PMMA rod as calibration
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material and comparing its experimentally evaluated µ∆- and δ∆-values to the-
oretical numbers. That way, effective energies Eeff,µ and Eeff,δ can be assigned
to the measurement. Using these effective energies, the corresponding linear at-
tenuation coefficient µwater and refractive index decrement δwater of water can be
looked up in tabulated data (Chantler et al. 2005, Berger et al. 2010). The ef-
fective energy Eeff,δ is further needed to convert the refractive index decrements
δ (xi, yi, zi) into electron densities ρe (xi, yi, zi) following Equation 5.10. This cal-
ibration procedure can be also applied when imaging biological tissue samples by
inserting an PMMA rod into the falcon tubes.
A software tool to establish an easy and fast workflow for data handling at the
phase-contrast imaging system was developed by Marschner (2013) during the
master thesis Data processing in grating-based X-ray phase-contrast computed to-
mography: workflow automation and noise studies. The package includes the
signal extraction from the stepping curves via Fourier analysis or weighted least-
square fit and an automatic reversion of the sample shift to avoid ring artifacts.
Dead and hot pixels of the X-ray detector are identified and eliminated by interpo-
lation in the raw images before signal extraction. Offsets and gradients within the
phase-contrast projections, which can occur due to drifts of the gratings between
the flat-field and the sample scan or due to other instabilities, are corrected by
applying an adaptive differential phase recovery (Tapfer et al. 2012). Corrupted
flat-field and projection images are identified and removed from further data anal-
ysis. The center of rotation, an important input parameter for the reconstruction,
is determined with sub-pixel accuracy. Different kinds of filter functions can be
selected for the FBP algorithm in addition to the typically used Ram-Lak and
Hilbert filter. The reconstructed data is displayed within the graphical user in-
terface, where also a 3D region-of-interest (ROI) within the PMMA rod can be
quickly defined for calibration. If the required parameters like the effective pixel
size, p2, d, xobj and xG1 are correctly stated, the effective energies Eeff,µ and Eeff,δ

are evaluated and µ (xi, yi, zi), δ (xi, yi, zi), and ρe (xi, yi, zi) can be calculated.

5.3 Electron-density resolution

Previous phantom studies that were conducted at the beamline ID19 of the ESRF
demonstrated the high accuracy in the quantitative evaluation of refractive index
decrements δ and electron densities ρe, which can be achieved by grating inter-
ferometry using synchrotron radiation (Zanette et al. 2011, Willner et al. 2013).
In these studies, the theoretical values are within one standard deviation of the
experimental results for most examined materials and substances. This suggests
that systematic errors resulting from data processing and uncertainties in the
knowledge of the exact propagation distance d or the correct X-ray energy of
the monochromator are in the same order of magnitude or even smaller than the
actual image noise. Considering the electron-density resolution to be the noise
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Figure 5.3: Phase-contrast imaging results of different biomedical samples to
demonstrate the high soft-tissue contrast. a) Plaque components of carotid arter-
ies (see Chapter 9). b) Fine structure in renal tissue. c) Cerebellum with stratum
granulosum. The high-intensity circular areas in the images are the PMMA rods
that are used for the calibration of quantitative values.

level within an homogeneous area, a value of 0.18 e/nm3 was reported for highly
sensitive phase-contrast CT at the synchrotron (Pfeiffer et al. 2007a).
In comparison to this benchmarking result, the noise of the phantom measure-
ment shown in Figure 5.2 was around 0.8 e/nm3. A resolution of 0.45 e/nm3 was
achieved with the latest setup configuration H (Birnbacher et al. 2016). This
high electron-density sensitivity allows for the visualization of different tissue
types and soft-tissue fine structure as demonstrated on the examples of an artery,
a kidney, and a cerebellum in Figure 5.3. In the cerebellum sample, a tissue layer
called stratum granulosum can be clearly distinguished from grey and white mat-
ter, which was previously only realized with synchrotron radiation (Schulz et al.
2010). A spatial resolution of about 170µm was determined for the reconstructed
volume of the cerebellum (Birnbacher et al. 2016). The discrepancy between the
effective voxel size (100×100×100µm3) and the actual spatial resolution is due to
the reconstruction process and potential imprecisions in the sample positioning.
Noise as measure for the electron-density resolution merely quantifies the relative
differences that can be resolved by the laboratory phase-contrast imaging system.
In contrast to monochromatic synchrotron measurements, which yield compara-
bly small systematic errors, the accuracy of the retrieved electron-density values
might be reduced due to the polychromatic spectrum. Qi et al. (2010) investi-
gated the capabilities of a correct electron-density determination at a polychro-
matic X-ray source by using water for calibration of the effective energy Eeff.
The experimental results of their phantom materials are in good agreement with
the calculated numbers. The effective energy Eeff,δ in phase contrast depends on
various parameters like the tube voltage, beam filtration, and the interferometer
design. It can differ greatly from the effective energy Eeff,µ in attenuation con-
trast by reason of the diverse image formation process (Munro & Olivo 2013).
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Figure 5.4: Quantitative phase-contrast imaging results of three phantom mea-
surements with different scan parameters to study the accuracy in the determina-
tion of electron-density values when using a polychromatic X-ray source. a) Tube
voltage of 40 kV (Eeff,δ = 27.3 keV). b) Tube voltage of 35 kV (Eeff,δ = 26.5 keV).
c) Tube voltage of 50 kV with additional aluminum filtering (Eeff,δ = 31 keV).
The phantom materials are identical to Figure 5.2.

Although there is generally less beam hardening in phase-contrast imaging than
in conventional attenuation-based CT (Chabior 2011), it nevertheless can also
alter the measured δ-values and impact the recovered electron densities.
In order to study the deviations that arise from the PMMA calibration during
the conversion into electron densities, two additional CT scans of the phantom
from Section 5.2 have been conducted. One measurement was performed with
the X-ray tube being operated at a voltage of 35 kV and the other one at 50 kV
with additional aluminum filtering. The employed setup configuration G var-
ied in gratings and distances from the configuration F, which was used before.
That way, different source spectra and conditions can be compared concerning
their quantitative output. A reconstructed phase-contrast image from each of
the three scans is displayed in Figure 5.4. The effective energies Eeff,µ and Eeff,δ,
which were determined by the PMMA calibration, are listed in Table 5.1. The
table further includes the electron densities of the other four materials. They
were evaluated in ROIs of 150×30×30 voxels.
As intended, the effective energies ranged from 25 keV to 34.4 keV in attenuation
contrast and from 26.5 keV to 31 keV in phase contrast. The noise in the third
measurement was 1.9 e/nm3 and is larger than the 0.8 e/nm3 of the other two
scans. This is due to a decreased visibility at the higher tube voltage. The stan-
dard deviations (std) of the electron-density values that were obtained for each
of the four materials were 0.51 e/nm3 (LDPE), 0.26 e/nm3 (nylon), 0.26 e/nm3

(PEEK), and 0.76 e/nm3 (POM). The largest differences ∆max in the values of
the electron densities between the three measurements were 1.0 e/nm3 (LDPE),
0.5 e/nm3 (nylon), 0.5 e/nm3 (PEEK), and 1.2 e/nm3 (POM). This indicates that
the accuracy in the determination of electron densities by applying the PMMA
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Table 5.1: Scan parameters of the three phantom measurements to investigate
the effects of polychromatic radiation on the quantitative imaging results. The
mean values of the electron density, the standard deviations (std), and the max-
imum differences (∆max) are listed.

scan 1 scan 2 scan 3 mean std ∆max
setup configuration F G G
voltage [kV] (filter) 40 35 50 (Al)
Eeff,µ [keV] 27.1 25 34.4
Eeff,δ [keV] 27.3 26.5 31
noise [σρe in e/nm3] 0.8 0.8 1.9
LDPE [ρe in e/nm3] 316.5 315.5 316.2 316.1 0.51 1
nylon [ρe in e/nm3] 376.7 377.2 377.1 377 0.26 0.5
PEEK [ρe in e/nm3] 404.9 405.4 405.3 405.2 0.26 0.5
POM [ρe in e/nm3] 451.3 451.5 452.7 451.8 0.76 1.2

calibration is only slightly worse than the electron-density resolution defined by
the image noise.
A complementary study was designed to examine the influence of beam hardening
on the quantitative results. In general, the differences in attenuation are rather
small between various soft tissues. Most tissue types have slightly higher linear at-
tenuation coefficients than water with the exception of adipose tissue (fat), which
exhibits a lower attenuation. The employment of a water bath should eliminate
most beam hardening effects, because variations in attenuation that are caused by
the shape of the sample are confined by adapting the factual penetration length
to the thickness of the water container. Three measurements were performed to
get an impression of the inaccuracies that still arise from beam hardening. A fal-
con tube, which is usually used for CT scans of soft-tissue samples at the setup,
was filled with water, then with olive oil to resemble adipose tissue, and finally
with a 5 % NaCl (in water) solution to simulate the attenuation caused by muscle
or connective tissue. For the comparison of electron-density values, four small
polypropylene tubes (∅ 5 mm) filled with water, olive oil, 5 % NaCl (in water),
and blood as well as three PMMA rods were placed in the falcon tube for each
measurement. The three measurements were conducted in setup configuration F
and at a tube voltage of 40 kV. For all three scans, 1200 projections were recorded
with 11 steps and 3 s exposure time. Exemplary imaging results are presented in
Figure 5.5.
The effective energies Eeff,µ and Eeff,δ were again evaluated by using one of the
PMMA rods for the calibration. They accounted for 27.2 keV (water), 27.1 keV
(oil), and 27.6 keV (5 % NaCl) in attenuation contrast and 27.0 keV (water),
26.9 keV (oil), and 27.3 keV(5 % NaCl) in phase contrast. As expected, they vary
with the three fillings of the falcon tube due to the different absorption properties
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Figure 5.5: Quantitative phase-contrast imaging results of three phantom mea-
surements to investigate the effects of beam hardening on electron-density values.
Three PMMA rods [1] and four small polypropylene tubes (filled with blood [2],
water [3], 5 % NaCl-water-solution [4], and olive oil [5]) were placed within a fal-
con tube (∅ 3 cm). The falcon tube was then filled with another liquid for each
of the three scans to simulate the attenuation that is caused by different tissue
types. a) Water to resemble muscle tissue. b) Olive oil to resemble adipose tissue.
c) 5 % NaCl-water-solution to resemble connective tissue.

Table 5.2: Scan parameters of the three phantom measurements to investigate
the effects of beam hardening on the quantitative imaging results.

scan 1 scan 2 scan 3
setup configuration F F F
voltage [kV] 40 40 40
tube fluid water oil 5 % NaCl
Eeff,µ [keV] 27.2 27.1 27.6
Eeff,δ [keV] 27.0 26.9 27.3
noise [σρe in e/nm3] 0.7 0.7 0.7
water [ρe in e/nm3] 333.9 334.2 334.0
oil [ρe in e/nm3] 305.8 306.0 305.9
5% NaCl [ρe in e/nm3] 343.4 344.5 343.1
blood [ρe in e/nm3] 354.1 355.1 353.6
PMMA [ρe in e/nm3] 386.3 387.1 386.1
PMMA [ρe in e/nm3] 386.1 387.2 386.1
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of the respective liquids. However, the influence of the sample on the effective
energy is only small, especially in phase contrast. The electron densities that
were determined for the four substances in the inserted little tubes and the other
two PMMA rods are listed in Table 5.2. The largest differences of the respective
values between the single scans are in the range of 1 to 1.5 e/nm3 and about
twice as high as the actual image noise, which was about 0.7 e/nm3 in all three
measurements.
In conclusion, an accuracy in the electron-density evaluation of about 1–2 e/nm3

can be achieved despite the polychromatic X-ray source, if the PMMA calibra-
tion is applied and the sample is submerged in a water bath. This is valid for
soft-tissue samples as long as no highly absorbing features are present. Another
presupposition is that the properties of PMMA are known. Possible density vari-
ations can affect the effective energies that are determined during the calibration
procedure and, thus, lead to wrong electron densities. The PMMA rods that were
included in the phantom for the beam hardening study, however, gave consistent
results within each of the scans (Table 5.2). This suggests that the material devi-
ations between different PMMA rods are very small and do not markedly degrade
the precision.

5.4 Complementarity of signals

Grating-based phase-contrast CT delivers perfectly co-registered distributions of
electron densities ρe (x, y, z) and linear attenuation coefficients µ (x, y, z) within
the examined object. As discussed in Chapter 2, the attenuation of X-rays can
be largely attributed to photoelectric absorption [ph] and incoherent Compton
scattering [incoh]

µ = µph + µincoh = ρa

(
σph

a + σincoh
a

)
. (5.14)

Following Equation 2.11, the linear attenuation coefficient for photoelectric ab-
sorption can be expressed by

µph =
∑
i

ρa,iC
Zk
i

E3
= ρeC

Z l
eff

E3
, (5.15)

with l = k − 1. The material-specific effective atomic number is defined as

Zeff =
(∑

αiZ
l
i

)1/l

, (5.16)

where αi is the fraction of the total number of electrons associated with each
element. The attenuation that is caused by photoelectric absorption, thus, yields
information on the density and the material composition of the object. In con-
trast, the linear attenuation coefficient for Compton scattering is according to
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Table 5.3: Electron densities and linear attenuation coefficients of different
plastic materials and water, which were evaluated from phantom measurements
at tube voltages of 35 kV and 50 kV (see Figure 5.4). The effective atomic numbers
were calculated from the elemental compositions of the materials.

material ρe (35 kV) µ (35 kV) ρe (50 kV) µ (50 kV) Zeff

[e/nm3] [1/cm] [e/nm3] [1/cm] (calc.)
LDPE 315.5 0.296 316.2 0.231 5.44
nylon 377.2 0.418 377.1 0.295 6.12
PEEK 405.9 0.461 405.3 0.321 6.38
POM 451.5 0.607 452.7 0.392 6.95
PMMA 385.8 0.460 385.9 0.315 6.47
water 333.4 0.509 333.5 0.314 7.42

Equation 2.12 given by

µincoh =
∑
i

ρa,iZiσkn (E) = ρeσkn (E) (5.17)

and only depends on the electron density ρe (x, y, z) of the object. As a conse-
quence, the signal in attenuation contrast is proportional to the signal that is
obtained in phase contrast, if the attenuation process is purely caused by Comp-
ton scattering. Otherwise, the linear attenuation coefficient µ (x, y, z) contains
additional information on the material composition and the imaging results pro-
vided by attenuation contrast and phase contrast are complementary.
This signal behavior can be illustrated by the phantom data that was acquired
at tube voltages of 35 kV and 50 kV in the previous section. The linear attenu-
ation coefficients obtained for the five plastic rods (LDPE, nylon, PEEK, POM,
PMMA) and the surrounding water in the two measurements are plotted ver-
sus their corresponding electron-density values in Figure 5.6. The numbers are
further listed in Table 5.3 together with the effective atomic numbers of the ma-
terials, which were calculated using Equation 5.16 and l = 2.94 (Spiers 1946).
Figure 5.6a shows the results from the CT scan at 35 kV (Eeff,µ = 25 keV). Ny-
lon (Zeff = 6.12), PMMA (Zeff = 6.47), and PEEK (Zeff = 6.38) have electron
densities higher than that of water (Zeff = 7.42), but present a comparably lower
attenuation due to their smaller effective atomic numbers. The linear attenua-
tion coefficients of PMMA (ρe = 385.5 e/nm3) and PEEK (ρe = 405.9 e/nm3) are
nearly identical. Although the electron density of PEEK and, thus, the atten-
uation by Compton scattering is increased, the higher effective atomic number
of PMMA results in a larger contribution of photoelectric absorption. In total,
the overall attenuation of both materials is the same. This circumstance changes
for the measurement that was performed at 50 kV (Eeff,µ = 34.4 keV). Here,
PMMA has a smaller linear attenuation coefficient than PEEK. Water as well
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Figure 5.6: Experimental linear attenuation coefficients µ versus corresponding
electron densities ρe obtained from CT measurements at 35 kV (a) and 50 kV (b).
Standard deviations are indicated by error bars and the solid line represents the
linear attenuation coefficient for Compton scattering µincoh.
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exhibits a lower attenuation than PEEK at this effective energy. Because the
photoelectric absorption declines with higher X-ray energies, the differences in
the elemental composition of PMMA, water, and PEEK become less important
compared to their electron densities. In general, there is less complementarity
between µ (x, y, z) and ρe (x, y, z) in the scan at 50 kV than in the scan at 35 kV.
As a consequence, the values in Figure 5.6b approach a line. The crucial factor
for this observation is the increased contribution of Compton scattering to the
overall attenuation. It becomes visually apparent by adding the linear relation-
ship of µincoh = ρeσkn (E) to the graphs in Figure 5.6. Another illustration of the
grown relevance of Compton scattering at an X-ray energy of 34.4 keV (effective
energy of the scan at 50 kV) compared to 25 keV (effective energy of the scan at
35 kV) is done in Figure 5.7. Here, the ratios of Compton scattering to the total
linear attenuation coefficient of light elements (Z = 1− 14) are plotted for both
effective energies. The values are based on tabulated data (Berger et al. 2010).
Due to the strong dependence of the photoelectric absorption on the atomic num-
ber Z, the Compton scattering ratio decreases for heavier elements at constant
energy. This implies that the effective atomic number Zeff of an unknown mate-
rial can be determined, if the effective energy Eeff,µ of the measurement and the
respective Compton scattering ratio for the material are known. Whereas Eeff,µ is
anyway specified during the PMMA calibration process, the Compton scattering
ratios can be directly obtained from the phase-contrast and attenuation-contrast
data according to

µincoh

µ
=
ρeσkn (Eeff,µ)

µ
, (5.18)

where the Klein-Nishina cross section σkn for Eeff,µ can be calculated (Jackson &
Hawkes 1981).
Plotting the experimental Compton scattering ratios of the phantom materials
against their calculated effective atomic numbers into the graphs of Figure 5.7,
all values are well in line with the tabulated data of the single elements.
A more detailed discussion on the complementarity of the signals and on the
possibility to assign an effective atomic number to a material by combining both
contrast mechanisms is given by Qi et al. (2010) and Chabior (2011).
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Figure 5.7: The ratio of Compton scattering to the linear attenuation coeffi-
cient µincoh/µ of single elements at two different energies (black markers). The
combination of attenuation and phase contrast allows to determine the contri-
bution of Compton scattering to the attenuation process within a material. The
colored squares represent the experimental results from the phantom measure-
ments in Figure 5.6 plotted against the calculated effective atomic numbers of
the respective materials.
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Chapter 6

Hounsfield scale of soft tissues

6.1 Definition of Hounsfield units

In daily diagnostics, the use of Hounsfield units (HU) simplifies the differentiation
of certain tissue types with medical CT systems by assigning setup-independent
quantitative values to them. These units are defined by

HU =
µtissue − µwater

µwater − µair

· 1000, (6.1)

where µtissue, µwater, and µair are the linear attenuation coefficients of the associ-
ated tissue, water, and air. In the Hounsfield scale, the value −1000 represents
the attenuation of air and 0 is the attenuation of water. There is no upper limit
of the scale. Bones can have HU values of up to 3000 and metallic foreign bodies
or implants display even higher numbers. Nearly all types of soft tissues exhibit
values between 20 HU and 60 HU except of adipose tissue (fat), which has values
between −70 HU and −100 HU. Most of the bodily fluids like blood have values in
the same range as tissues. Protein-poor fluids can be noticed by numbers slightly
above 0 HU, while fresh hemorrhage can reach up to 80 HU (Prokop & Galanski
2003).
A similar Hounsfield scale (HUp) has been proposed for phase-contrast imaging
by replacing the respective linear attenuation coefficients µ by the corresponding
refractive index decrements δ (Donath et al. 2010):

HUp =
δtissue − δwater

δwater − δair

· 1000. (6.2)

Combining Equations 2.15 and 6.2 yields the relation

HUp =
ρe,tissue − ρe,water

ρe,water − ρe,air

· 1000, (6.3)
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which reveals that phase-contrast Hounsfield units are energy-independent. This
is in contrast to conventional Hounsfield units, which are rather constant at clin-
ical CT energies (tube voltages of around 120 kV), but show a strong energy
dependence at low energies due to a varying contribution of photoelectric absorp-
tion and Compton scattering to the overall attenuation.
If air is neglected in the definition of phase-contrast Hounsfield units, the de-
viation from exact values is only about 0.1 %. In this case, the measured HUp
value can be easily converted to identify a tissue’s electron density by reversing
Equation 6.3 to

ρe,tissue =

(
1 +

HUp

1000

)
ρe,water, (6.4)

where ρe,water = 334 e/nm3. Positive and negative HUp values, thus, indicate
electron densities above and below that of water, respectively. Phase-contrast
HU (without air) directly result from division by the theoretical δwater-value
and subsequent multiplication by 1000, if the data is recorded relative to water
δ∆ (xi, yi, zi) = δtissue (xi, yi, zi)− δwater. The δwater-value can be calculated for the
respective effective energy of the measurement, which can be obtained by apply-
ing the PMMA calibration as described in the previous chapter. Simplified, the
conversion into HUp can be understood as linear rescaling of the original dataset
with water (0 HUp) and PMMA (approx. 156 HUp) being the fixed points.
The evaluation of HUp values by phase-contrast CT provides valuable insight into
whether the phase-contrast method can adequately discriminate between tissues
or not. The energy independence of HUp additionally enables to examine the sen-
sitivity demands of a phase-contrast CT system. As phase-contrast Hounsfield
units comprise the electron densities of tissues, they can serve as reference values
for simulations and the design of dedicated phantoms for phase-contrast imaging.
In this chapter, phase-contrast Hounsfield units were determined for various types
of non-fixated human soft tissues. A large variety of tissue specimens were imaged
and their quantitative values were compared to commonly used reference values
that are tabulated in the literature. Because X-ray phase-contrast CT is not yet
clinically available and biomedical research is currently performed on excised and
fixated tissue samples, the effects of formalin fixation on the quantitative phase-
contrast imaging results were further investigated. Results, figures, tables, and
text parts have been previously published in the article Phase-contrast Hounsfield
units of fixated and non-fixated soft-tissue samples (Willner et al. 2015).

6.2 Non-fixated human soft tissues

A study for the evaluation of HUp values was conducted on various types of hu-
man soft tissues including muscle and adipose tissue, skin, tendon, brain, and
several internal organs (heart, liver, spleen, kidney, and pancreas). The experi-
mental results were then compared to literature values calculated from electron
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densities that were published by Woodard & White (1986) and derived from ele-
mental compositions. The data of Woodard and White are suggested as reference
values by the International Commission on Radiation Units and Measurements
(ICRU 1989) and underlie many theoretical considerations such as X-ray dose
calculations or simulations of phase-contrast imaging.
The investigated human tissue samples were collected at the Institute of Forensic
Medicine (Ludwig-Maximilians-Universität München) under the approval of the
ethics committee of the Faculty of Medicine (Technische Universität München).
The review board waived the need for individual consent. Two small pieces of
the following tissue types were obtained: heart muscle, skin, tendon, liver, spleen,
kidney, pancreas, and brain. The heart muscle, skin, and kidney samples further
contained adipose tissue. The tissues were retained in physiological phosphate
buffered saline solution (PBS) and stored in the refrigerator at 4◦C. Each tissue
type was scanned no later than three days after excision.
For the measurements, each sample was placed in the aforementioned plastic
cylinders of ∅ 3 cm, which were filled with PBS. PMMA rods were inserted into
the tubes for the subsequent calibration of HUp. Throughout the measurements,
samples were submerged in a water bath with a thickness of 4 cm and the water
was continuously cooled to 4◦C to prevent decay of the tissue samples. The sam-
ples were scanned in the setup configuration F (see Table 4.1). A tomographic
scan included 1200 projections consisting of 11 phase-step images, recorded with
an exposure time of 3 s per image. The applied tube voltage was 40 kV and the
tube current was set to 70 mA. The reconstructed 3D datasets were converted
into HUp, neglecting the air contribution. The final data were digitally stored in
DICOM-format and analyzed using the software OsiriX 4.0 (32 bit). To quan-
tify the HUp values, ten ROIs were selected within each tissue type for each
measurement and their averages were determined. The mean value and standard
deviation of the ten averages were calculated.
Figure 6.1 displays six representative tomographic phase-contrast images of hu-
man soft-tissue samples. The evaluated HUp values of all investigated tissue types
are presented in Table 6.1. The standard deviations of the ten ROIs’ averages
are listed (round brackets) and give an idea of the variations within one tissue.
For comparison, the literature values from Woodard and White are also listed.
They recorded three different densities for some tissue types, reflecting the high
variance in their results of which Table 6.1 lists the minimum and maximum.
In the present investigation, the HUp values of muscle tissue are most consistent
with the literature values. The two heart muscles yielded values of 37 HUp and
40.7 HUp. The corresponding literature values are approximately 40 HUp. The
deviation from literature is less than 3 HUp (i.e., less than 1 e/nm3 in the electron-
density picture). Six HUp values were obtained for adipose tissue; two each from
the heart, skin, and kidney samples. The HUp values of adipose tissue range from
−42.3 HUp to −63.4 HUp, within the range reported in the literature (−30.6 HUp
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Figure 6.1: Representative phase-contrast imaging results of human tissue sam-
ples. a) Sample comprising tendon (bright, top), skin (bright, bottom), and adi-
pose tissue (dark structures). b) Heart muscle tissue with portions of fatty tissue.
c) Renal and adipose tissue. d) Brain tissue. e) Spleen tissue. f) Piece of liver
tissue. In each image, the high-intensity circular areas are PMMA rods, which
are used to calibrate the quantitative phase-contrast Hounsfield units. [Figure
adapted from Willner et al. (2015).]

to −66.6 HUp). The HUp results of liver are 53.8 HUp and 41.7 HUp, which are
also comparable to the literature values (41.2 HUp to 59.2 HUp). The single elec-
tron density of skin reported by Woodward and White (78 HUp) is intermediate
between the experimental results of 74.3 HUp and 93.8 HUp. The determined
HUp values of the inner organs (spleen, kidney, and pancreas) are up to 10 HUp
lower than their corresponding literature values: 44. HUp and 45.9 HUp versus
52.1 HUp for spleen, 32.9 HUp and 32.1 HUp versus 40.3–42.2 HUp for kidney,
and 26.4 HUp and 34.3 HUp versus 34.1 HUp for pancreas. Furthermore, the ex-
periments yielded lower HUp values for tendon and brain tissue: 66.5 HUp and
90.1 HUp versus 101.6 HUp for tendon; 29.1 HUp and 32.9 HUp versus 34/35 HUp
for brain tissue.
The consistency of the measured phase-contrast Hounsfield units with the litera-
ture values confirm that commonly used reference values are suitable for simula-
tions, phantom design, and dose calculations. Unfortunately, the literature values
cannot capture the different compositions of diverse tissue types and theoretical
approaches are limited to universally classified tissue types. Consequently, sim-
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Table 6.1: Phase-contrast Hounsfield units of various human soft-tissue types
that were evaluated from measurements and calculated from tabulated literature
data. Ten ROIs were analyzed for each tissue type and measurement. The listed
numbers are the mean values and standard deviations (round brackets) of the
regions’ averages. [Table adapted from Willner et al. (2015).]

sample 1 sample 2 literature
muscle 37.0 (2.2) HUp 40.7 (3.2) HUp 39.4/40.4 HUp
adipose −42.4 (3.9) HUp −45.3 (3.2) HUp −30.6/−66.6 HUp

−51.3 (1.8) HUp −48.0 (5.0) HUp
−55.7 (4.1) HUp −63.4 (4.6) HUp

skin 93.8 (6.7) HUp 74.3 (9.5) HUp 78.0 HUp
liver 53.8 (1.8) HUp 41.7 (1.8) HUp 41.2/42.2 HUp
spleen 44.1 (3.3) HUp 45.9 (2.7) HUp 52.1 HUp
kidney 32.9 (1.7) HUp 32.1 (4.7) HUp 40.3/42.2 HUp
pancreas 26.4 (2.4) HUp 34.3 (3.1) HUp 34.1 HUp
tendon 66.5 (4.7) HUp 90.1 (7.2) HUp 101.6 HUp
brain 29.1 (1.7) HUp 32.9 (2.3) HUp 34/35 HUp

ulation studies may not explore the full potential of phase-contrast imaging and
may therefore overlook interesting applications as demonstrated in Chapter 7.
Some of the measured HUp values were considerably lower (by up to 10 HUp)
than their literature equivalents. Expressed in electron densities, this deviation
is small (approximately 1 %) and is attributed either to the natural spectrum of
tissue densities or to post-mortem tissue decomposition. Extending the presented
results to an in-vivo scenario, the measured HUp values may also be influenced
by lack of blood flow in a tissue’s vascular system and the shrinkage induced by
tissue excision (Dauendorffer et al. 2009). Non-fixated tissues are very soft and
buoyant. This makes it difficult to prevent them from slightly moving in the
surrounding liquid throughout the measurement. These positional inaccuracies
cause blurring in some of the phase-contrast images. Although these motion ar-
tifacts do not influence the HUp values, they reduce the visibility of fine tissue
structures such as collagen strands.

6.3 Effects of formalin fixation

Research on biomedical phase-contrast imaging is mostly conducted on fixated
tissue samples due to longer time periods between the tissue excision, the ac-
tual measurement, and the subsequent histopathological workup in the clinics,
which is often used as gold standard for reference. The fixation step stabilizes
the fine-structural details of cells and tissues prior to examination and is most
commonly performed in aldehyde (Kiernan 2000). Although formalin fixation
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preserves tissues from decay, it induces intra- and inter-molecular cross-linking of
macromolecules, thereby altering the physical characteristics of the tissues (Fox
et al. 1985). Consequently, the imaging results may considerably deviate from
those of non-fixated samples, leading to incorrect impressions of the possible clin-
ical benefits. For this reason, another study was designed to quantify HUp in
fixated and non-fixated tissues and to evaluate the effects of formalin fixation on
phase-contrast imaging. Two series of measurements were performed on porcine
muscle, fat, and rind samples. First, the differences in the quantitative HUp
values of fixated and non-fixated tissue samples were investigated. Then, the
relationship between the obtained HUp values and formalin concentration was
examined.
For the two series, porcine fat and rind was obtained from the local butcher and
cut into cubic pieces (approximately 2 cm each side). Representative samples are
photographed in Figure 6.2a. All samples included the rind (representing skin or
connective tissue), two layers of fat (adipose tissue), and two layers of muscle tis-
sue. The non-fixated samples were immersed in PBS and measured within 24 h
of acquisition and preparation. The fixated samples were placed in containers
filled with different concentrations of formaldehyde gas in water (1.85 %, 3.7 %,
7.4 %, 12.3 %, and 18.5 %) and were incubated for approximately 2 weeks before
measurement. All samples were again cooled to 4◦C during the phase-contrast
CT scans, which included 1200 projections with 11 images and 3 s exposure time.
The images were acquired with setup configuration F and a tube voltage of 40 kV.
The first series of measurements included five non-fixated samples of porcine fat
and rind (in PBS) and five samples that were preserved in 3.7 % formaldehyde so-
lution (typical formaldehyde concentration of tissue fixative). The results of these
measurements were used to identify the variances of a tissue’s HUp value among
different samples and to quantify the magnitude of formalin-induced changes.
The second series of measurements was performed to get a better idea of how or
why the formalin fixation may influence a tissue’s HUp value. Four additional
porcine fat and rind samples were examined within this series, each of them pre-
pared with a different concentration of formaldehyde gas in water (1,85 %, 7.4 %,
12.3 %, and 18.5 %).
Representative tomographic phase-contrast imaging results of a non-fixated and
two fixated (in 3.7 % and 18.5 % formaldehyde solution) porcine samples are dis-
played in Figure 6.2. The different tissue layers are clearly distinguishable in all
three axial slices. Skin yields the brightest signal, adipose tissue appears darker
than the surrounding water, and muscle tissue shows intermediate brightness.
The PMMA rods used for the calibration appear as small white circular areas to
the left of the porcine fat and rind. Visually, the non-fixated and fixated samples
are very similar. The major difference is that formalin stiffens the fixated samples,
preventing their conformation to the plastic cylinder as observed for non-fixated
tissues. The image noise in all measurements is approximately 3 HUp. The HUp
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Figure 6.2: Representative phase-contrast imaging results of non-fixated and
fixated tissue samples. a) Photograph of porcine fat and rind samples, on which
the effects of formalin fixation were investigated (note the presence of skin, muscle,
and adipose tissue). Samples were immersed in physiological saline or fixated
with formaldehyde solutions of varying concentrations. b) Phase-contrast axial
slice through a non-fixated porcine sample. Skin, muscle, and adipose tissues
are clearly differentiated by their signal intensities. c) Phase-contrast image of a
sample fixated in typical preservation solution (containing 3.7 % formaldehyde).
d) Phase-contrast image of a sample fixated in 18.5 % formaldehyde solution. The
signal intensities in (b) are visually indistinguishable from those of (c). [Figure
adapted from Willner et al. (2015).]

values of the three tissue types that were obtained for the five non-fixated (PBS)
and the five fixated (3.7 %) samples, and their corresponding means, are listed in
Table 6.2.
Fresh and fixated adipose tissue ranges from −30.1 HUp to −35.7 HUp and from
−28.5 HUp to −33 HUp, respectively, with respective means of −32.2 HUp and
−31.0 HUp. The difference is within the image noise, suggesting that fixation
induces marginal changes in the quantitative tissue values. In contrast, fixation
affects the values of muscle tissue and skin. In both cases, fixation increases the
HUp values by approximately 10 % (55.8 HUp versus 62.3 HUp in muscle tissue
and 108.8 HUp versus 119.1 HUp in skin). The graphical overview in Figure 6.3a
provides a quick visual assessment of these results.
Table 6.2 further displays the standard deviations that were calculated during the
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Figure 6.3: Graphical representation of the quantitative analysis of non-fixated
and fixated tissue samples. a) Comparison of phase-contrast Hounsfield units
that were evaluated for five non-fixated porcine samples and five samples fixed
in 3.7 % formaldehyde solution. Formalin fixation does not affect adipose tissue,
but increases the Hounsfield units of muscle and skin by approximately 10 %,
most likely by tissue shrinkage. b) Phase-contrast Hounsfield units of the three
investigated tissue types fixated at different formaldehyde concentrations. Again,
adipose tissue is not altered by the fixation, but the HUp of muscle and skin
increase with higher concentrations. This effect is due to replacement of water
by the formaldehyde solution within the tissues. [Figure adapted from Willner
et al. (2015).]
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Table 6.2: HUp values of five non-fixated (fresh) and five fixated (3.7 %
formaldehyde solution) tissue samples containing adipose tissue, muscle tissue,
and skin. The numbers in regular typeface represent the mean values and stan-
dard deviations (round brackets) obtained from ten ROIs that were analyzed for
each of the three tissue types and each individual sample. The bold numbers
finally give the mean values and standard deviations (square brackets) of these
individual results and reflect the differences in the tissues’ HUp in non-fixated
and fixated state. [Table adapted from Willner et al. (2015).]

adipose muscle skin
fresh sample 1 −30.3 (3.3) HUp 53.9 (2.0) HUp 111.0 (4.0) HUp
fresh sample 2 −34.0 (4.0) HUp 54.0 (3.4) HUp 118.4 (5.3) HUp
fresh sample 3 −30.8 (3.0) HUp 57.0 (3.3) HUp 109.9 (4.4) HUp
fresh sample 4 −35.7 (1.2) HUp 56.4 (3.8) HUp 105.4 (5.1) HUp
fresh sample 5 −30.1 (2.9 HUp 57.9 (3.0) HUp 99.2 (3.6) HUp
fixated sample 1 −33.0 (3.0) HUp 64.4 (2.9) HUp 107.8 (5.8) HUp
fixated sample 2 −28.5 (3.0) HUp 63.7 (2.2) HUp 124.2 (3.2) HUp
fixated sample 3 −31.8 (3.8) HUp 61.0 (3.7) HUp 121.2 (3.2) HUp
fixated sample 4 −29.8 (1.7) HUp 63.5 (3.0) HUp 121.8 (4.5) HUp
fixated sample 5 −31.9 (0.9) HUp 59.1 (1.2) HUp 120.6 (2.4) HUp
fresh (mean) −32.2 [2.5] HUp 55.8 [1.8] HUp 108.8 [7.1] HUp
fixated (mean) −31.0 [1.8] HUp 62.3 [2.2] HUp 119.1 [6.5] HUp

data handling. The standard deviations of the ten ROIs that were analyzed for
each tissue type and measurement are stated in round brackets. They illustrate
the variance of a tissue’s HUp within one sample. The standard deviations of the
five mean values that were determined for a certain tissue type in the non-fixated
and fixated case are given in square brackets. These numbers represent the vari-
ance of a tissue’s HUp among different samples. Most standard deviations are in
the order of image noise (3 HUp) or smaller, implicating that uncertainties arising
from tissue variability can be assumed to be low. Higher standard deviations are
obtained for skin.
In addition to the five samples fixated with 3.7 % formaldehyde solution, four
porcine pieces that were fixated at different formaldehyde concentrations (1.85 %,
3.7 %, 7.4 %, and 18.5 %) were examined to get a clearer picture of the reasons for
the formalin-induced changes. The determined HUp values of fat, muscle, and
rind at each formaldehyde concentration are presented in Table 6.3. For the case
of no fixation and 3.7 % formaldehyde concentration, the mean values of the five
samples from the first series are listed. The HUp values of the respective PBS or
formaldehyde solutions are added to the analysis. The results are further illus-
trated in Figure 6.3b. The quantitative HUp values of adipose tissue are insensi-
tive to formaldehyde concentration, whereas the HUp values of muscle tissue and
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Table 6.3: Effect of formaldehyde concentration on the quantitative phase-
contrast Hounsfield units of adipose tissue, muscle tissue, and skin. For higher
formaldehyde concentrations, the increase in the Hounsfield units of muscle tissue
and skin correlates with the Hounsfield unit of the formaldehyde solution itself.
[Table adapted from Willner et al. (2015).]

adipose 1 muscle skin PBS/formalin
no fixation (PBS) −32.2 HUp 55.8 HUp 108.8 HUp 8.8 HUp
1.85 % formaldehyde −34.4 HUp 59.6 HUp 115.3 HUp 6.1 HUp
3.7 % formaldehyde −31.0 HUp 62.3 HUp 119.1 HUp 10.8 HUp
7.4 % formaldehyde −35.3 HUp 69.0 HUp 127.5 HUp 15.2 HUp
12.3 % formaldehyde −29.8 HUp 83.2 HUp 140.2 HUp 29.3 HUp
18.5 % formaldehyde −30.8 HUp 92.6 HUp 150.2 HUp 39.1 HUp

skin are increasing with higher formaldehyde concentration. The measured HUp
values of the formaldehyde solutions themselves follow the same trend; increas-
ing from 6.1 HUp at 1.85 % formaldehyde to 39.1 HUp at 18.5 % formaldehyde.
On further examination, the HUp values of muscle tissue and rind are directly
correlated with the HUp values of the formaldehyde solution. If the values are
adjusted for this effect, they are very similar at all five formaldehyde concen-
trations: 53.5, 51.5, 53.8, 53.9, and 53.5 HUp in muscle tissue and 109.2, 108.3,
112.3, 110.9, and 111.1 HUp in skin. The porcine fat and rind sample fixated at
the highest formaldehyde concentration (18.5 %) was transferred to PBS after the
first scan and re-measured several days later. In this measurement, the HUp val-
ues were altered to −30.2 HUp (up from −30.8 HUp) in adipose tissue, 61.8 HUp
(down from 92.6 HUp) in muscle, and 118.8 HUp (down from 150.2 HUp) in rind.
Evidently, the elevated HUp values of muscle tissue and rind in formaldehyde
solution were negated after incubation in PBS. However, the HUp values of both
tissue types are approximately 10 % higher than those of their fresh counterparts
and nearly identical to those of samples fixated with 3.7 % formaldehyde.
Formaldehyde fixation is a complex process initialized by rapid penetration that
stops autolysis, followed by covalent bonding and cross-linking with proteins (Fox
et al. 1985, Buesa 2008). This process causes stiffening and shrinkage of the tissue
sample. The reported shrinkage of excised skin specimens (size change from ex
vivo to post-fixation) ranges from minimal to around 10 % (Dauendorffer et al.
2009, Golomb et al. 1991, Gregory et al. 2003, Hudson-Peacock et al. 1995).
Substances such as carbohydrates, lipids, and nucleic acids become trapped in
the matrix of cross-linked protein molecules, but are not chemically changed by
formaldehyde unless fixation is prolonged for several weeks (Kiernan 2000, Hes-
linga & Deierkauf 1962). Comparing non-fixated porcine samples incubated in
PBS with samples fixated in 3.7 % formaldehyde, the HUp values of rind (skin)
and muscle were elevated by 10 % in the latter. The corresponding gain in electron
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density (≈ 0.5–1 %) is probably caused by tissue shrinkage. This small density
response compared to the large size reduction is attributed to the large amounts
of water within tissues, which is displaced but not compressed during the shrink-
ing process. The electron density increases mainly because the existent proteins
become more closely packed within the tissues. The quantitative HUp values
of muscle and skin tissues are also affected by the replacement of water with
formaldehyde solution in fixated samples. The electron density of 3.7 % formalde-
hyde solution is similar to that of physiological PBS (337.6 versus 336.9 e/nm3)
and, thus, exerts little impact on the HUp values. At higher formaldehyde concen-
trations, the solutions’ electron densities rise from 339.1 e/nm3 (7.4 % formalde-
hyde) to 343.8 e/nm3 (12.3 %) to 347.1 e/nm3 (18.5 %). The electron densities of
muscle tissue and rind that are fixated at these concentrations of formaldehyde
solution increase by nearly the same amount.
Apparently, formalin fixation elevates the quantitative HUp values (i.e., the elec-
tron densities) of soft tissues in two ways. First, the protein cross-linking shrinks
the tissues and increases their protein density. Second, the water in the tissues
is replaced by the penetrating formalin. This idea is supported by the results of
the porcine sample that was initially fixated with 18.7 % formaldehyde solution
and, then, incubated for several days in PBS. The HUp values of muscle and rind
significantly decreased after PBS incubation to levels comparable with fixation in
3.7 % formaldehyde, but remained 10 % higher than those of unfixed tissue sam-
ples incubated in PBS. This indicates that the 10 % increase in HUp is related
to closer packing of the proteins. Adipose tissue was insensitive to fixation at
any formaldehyde concentration, probably because its high lipid content confers
resistance to formalin within the first two weeks of fixation.
Fixated tissue samples are easier to handle than non-fixated (fresh) tissue sam-
ples. If the tissues are preserved, they can be subjected to longer storage and
scanning times without cooling. Additionally, because the samples are hardened
by the preservation, they remain fixed throughout the measurements, enabling
sharp image acquisition. Although formalin fixation increases the electron densi-
ties of some tissue types, it does not degrade or artificially enhance the resulting
image contrast and, thus, is suitable for most biomedical phase-contrast investi-
gations.
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Chapter 7

Breast-tissue characterization

7.1 X-ray imaging of the breast

Breast cancer is the most common cause of cancer death in women worldwide
(Ferlay et al. 2010). Although mammographic screening programmes and im-
proved systemic therapy could continuously reduce the mortality over the past
decades, the rate of missed lesions and the rate of false positives remains cru-
cial (Berry et al. 2005, Smith & Andreopoulou 2004). Many efforts are therefore
made to enhance diagnostic performance, especially of dose-free imaging modali-
ties like MRI or sonography (Kuhl 2007a,b, Sehgal et al. 2006, Athanasiou et al.
2009, Le-Petross & Shetty 2011). Despite radiation risks, new developments in
X-ray imaging are still motivated by benefits such as high resolution, low costs,
fast acquisition, and operator independence. Whereas tomosynthesis is already
established as novel technique, further activities focus on spectral and full tomo-
graphic imaging or the combination of both (Skaane et al. 2013, Ding & Molloi
2012, Schmitzberger et al. 2011, Prionas et al. 2010, Kalender et al. 2012).
With respect to X-ray imaging, the healthy breast is composed of two major
tissue types: fibroglandular and adipose tissue. Fibroglandular tissue is a mix-
ture of fibrous connective tissue (the stroma) and the functional (or glandular)
epithelial cells that line the ducts of the breast (the parenchyma) (Yaffe 2008).
Adipose tissue mainly consists of lipid and has a lower linear attenuation coeffi-
cient than fibroglandular tissue. Unfortunately, the attenuation of tumor tissue
and fibroglandular tissue is very similar, posing a challenge for tumor detection,
especially in dense breasts (Johns & Yaffe 1987). Here, X-ray phase contrast is
an interesting alternative.
Phase-contrast examinations of the breast at synchrotron radiation facilities go
back to the year 2000 (Arfelli et al. 2000, Pisano et al. 2000). Meanwhile, first
patient trials of phase-contrast mammography at the Elettra synchrotron in Tri-
este performed strongly with regards to specificity and sensitivity (Castelli et al.
2011). To grant a broad application of the method in clinical routine, current re-
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search concentrates on the translation to standard X-ray tubes and the evaluation
of such prototype systems (Tanaka et al. 2005, Faulconer et al. 2009, Stampanoni
et al. 2011, Michel et al. 2013). Further prospective results have been achieved
by phase-contrast CT (Bravin et al. 2007, Keyriläinen et al. 2008, Sztrókay et al.
2012, 2013). Latest developments in this direction include synchrotron measure-
ments at very low doses (Zhao et al. 2012).
This chapter addresses the question whether quantitative tissue characterization
in terms of phase-contrast Hounsfield units might be a valuable tool for future
3D breast diagnostics. Results, figures, tables, and text parts have been previ-
ously published in Quantitative breast tissue characterization using grating-based
x-ray phase-contrast imaging (Willner et al. 2014). In this study, measurements
of breast-tissue samples have been performed at the synchrotron and at the labo-
ratory system. One specimen that contains healthy breast parenchyma as well as
invasive ductal carcinoma has been scanned with high resolution at the beamline
ID19 of the ESRF. In addition, three excised samples that comprise a benign
phylloides tumor, a fibroadenoma, and an invasive lobular carcinoma have been
examined at the laboratory phase-contrast imaging setup. Present tissue types
were specified by histopathology and the associated quantitative results were
compared to values calculated based on literature. The latter is particularly
interesting for simulations and the design of adequate phantoms for the opti-
mization of phase-contrast mammography systems (Munro et al. 2010, Raupach
& Flohr 2012, Vedantham & Karellas 2013).
In context of theoretical tissue properties, Hammerstein et al. (1979) evaluated
densities and elemental compositions of adipose and glandular tissue from fresh
mastectomy samples for dose calculations in mammography. By interpolation of
the results, densities and elemental compositions for various mixed states of both
tissue types can be generated to simulate breast tissue (Boone 1999). The exten-
sive collection of human tissue compositions and densities published by Woodard
& White (1986) include adipose and glandular tissue as well. The high variance
of values in their analysis are reflected by three different numbers that are stated
for both tissue types. As the results are partly listed in the report of the Inter-
national Commission on Radiation Units and Measurements (ICRU 1989), they
are the basis of many theoretical considerations involving breast tissue. Further
elemental compositions and densities of glandular and adipose tissue that are
used for the comparison are taken from Poletti et al. (2002) and were obtained
by a commercial elemental analyzer.
Furthermore, electron densities of breast tissues that have been quantified by
Compton scattering methods can be found in literature for reference. First re-
sults were presented by Shrimpton (1981) who examined adipose and breast tis-
sue among others. The size of the specimens was about 3 cm (side length) and
breast tissue was presumably a mixture of both adipose and fibroglandular tis-
sue. Another investigation involving Compton scattering concentrated solely on
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breast-tissue samples (including tumor tissue) to determine electron densities for
the design of a mammography phantom (Al-Bahri & Spyrou 1998). Later stud-
ies, which comprised a high number of samples, were performed to evaluate the
potential of Compton scattering for the diagnosis of breast biopsies (Ryan et al.
2005, Antoniassi et al. 2010, 2012).

7.2 Phase-contrast measurements

The study in this chapter was conducted in accordance with the Declaration
of Helsinki and was approved by the local ethics committee. Written informed
consent was obtained before imaging. Indication for breast surgery followed rec-
ommendation of the interdisciplinary tumor board of the local Breast Center
(Ludwig-Maximilians-Universität München). The excised breast samples were
macroscopically examined by an experienced pathologist. Representative and
orientable tissue parts were selected and placed in plastic cylinders (∅ 3 cm) that
were filled with 4 % neutral-buffered formaldehyde solution. Histological workup
was performed after the measurements to correlate and identify the tissue types.
In total, four different specimens were investigated. The first one contained adi-
pose tissue, healthy fibrous breast parenchyma, and invasive ductal carcinoma.
It was scanned at the beamline ID19 of the ESRF. The energy of the coherent
monochromatic beam was set to 23 keV. The height of the silicon phase grating
with a period of 4.8µm was matched to introduce a phase shift of π to the X-rays.
The corresponding analyzer grating had a period of 2.4µm and was positioned
48.1 cm behind the phase grating. A Frelon CCD (type e2v, 2048×2048 pixels),
lens-coupled to a LuAG scintillator of 125µm thickness, has been used as detec-
tor. The optics have been set to an effective pixel size of 30µm. 1199 projections
with 4 images have been collected with an exposure time of 0.8 s per image during
the tomographic scan. Further information on sample, setup, and measurement,
can be found in Sztrókay et al. (2013).
The other three specimens, which included adipose tissue, fibrous tissue, phyl-
loides tumor, fibroadenoma, and invasive lobular carcinoma, were examined at
the laboratory phase-contrast imaging system. The CT measurements were car-
ried out in the setup configurations A, C, and D (see Table 4.1) at a tube voltage
and current of 40 kV and 70 mA, respectively. For each sample, 1200 projections
with 11 images per projection and 5 s exposure time per image were recorded.
Phase-contrast imaging results of the specimen that was measured at the syn-
chrotron are presented in Figure 7.1. The two images display healthy breast
parenchyma (bright signal) embedded in adipose tissue (dark signal). Two cubic
regions of 0.5 cm side length (170×170×170 voxels) were chosen from the 3D-
dataset and their histograms are plotted in Figure 7.1c and d. Region A (marked
in Figure 7.1b) mainly contains adipose tissue. The associated histogram has
one narrow peak with a maximum at −68 HUp. Region B was chosen to cover
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Figure 7.1: Two exemplary tomographic phase-contrast images of healthy
breast parenchyma embedded in adipose tissue (a and b) and the distribution
of quantitative phase-contrast Hounsfield units (c and d) in two selected cubic
ROIs as shown in (b). Whereas adipose tissue yields values around −70 HUp,
fibroglandular tissue exhibits positive values with a peak maximum at about
66 HUp. [Figure adapted from Willner et al. (2014).]

as much fibroglandular tissue as possible, but still parts of adipose tissue are
enclosed within the parenchyma. Whereas the peak of adipose tissue is again
located between −65 HUp and −70 HUp in the histogram, the fibroglandular tis-
sue has its peak maximum at 66 HUp. All values between both tissue types can
be found within the analyzed cubic region. The small peak at about 20 HUp
corresponds to the surrounding formalin solution.
Further imaging results of the same sample, now comprising adipose tissue and
invasive ductal carcinoma, are shown in Figure 7.2. The tumor appears as solid
area with clear boundaries (Figure 7.2a). The narrowed scaling of Figure 7.2b
reveals bright circular structures within the tumor tissue, which coincide with
dilated ducts (Sztrókay et al. 2013). Again, histograms of two cubic regions were
prepared to illustrate the distribution of quantitative values. The histogram of
region A that was selected within adipose tissue is nearly identical to Figure 7.1c,
a narrow peak with its maximum at −68 HUp. Region B contains mainly tumor
tissue. The peak in the corresponding histogram has a maximum at 47 HUp,
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Figure 7.2: Two exemplary tomographic phase-contrast images displaying adi-
pose tissue and an invasive ductal carcinoma, which contains bright circular ductal
structures (a and b). The histograms of two cubic regions representing adipose
tissue (c) and tumor tissue (d) show distinct peaks with maxima at −68 HUp and
47 HUp, respectively. [Figure adapted from Willner et al. (2014).]

which is about 20 HUp lower than fibroglandular tissue. Moreover, a gentle slope
towards higher HUp values can be recognized, which represents the bright signal
of the dilated ducts.
To cope with the different sizes of the observed tissue structures, 24 small ROIs
(10×10 pixels) were chosen for each type (adipose tissue, fibroglandular tissue,
invasive tumor, and ducts) to evaluate and assign quantitative HUp values. The
mean values of all considered pixels and the associated standard deviations (std)
are listed in Table 7.1. The determined values for adipose, fibroglandular, and
tumor tissue are −68.7 (2.7) HUp, 65.2 (6.0) HUp, and 47.0 (2.8) HUp, respec-
tively. They are in good agreement to the peak maxima in the histograms in
Figures 7.1 and 7.2. The highest value of 72.5 (5.0) HUp was found for the ducts.
Image noise within a homogeneous area of the surrounding formalin solution was
around 2.4 HUp. The exceeding standard deviations in the analysis of fibrog-
landular tissue and ducts (6.0 HUp and 5.0 HUp) suggest higher variances in the
actual tissue compositions.
Histological workup of the first sample that was examined at the laboratory
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Figure 7.3: Histological slice in H&E-staining (a) and two correlated phase-
contrast images (b and c) of a benign phylloides tumor that is surrounded by
adipose and fibroglandular tissue. The three peaks in the histogram (d) of a
cubic region, which covers all three tissue types, resemble the HUp values that
were previously obtained at the synchrotron: adipose tissue between −70 HUp
and −65 HUp, tumor tissue around 45 HUp, and fibroglandular tissue at about
65 HUp. [Figure adapted from Willner et al. (2014).]

phase-contrast imaging setup revealed a benign phylloides tumor surrounded by
adipose tissue and healthy parenchyma. An exemplary histological slice in hema-
toxylin eosin (H&E) staining and two representative phase-contrast images are
displayed in Figures 7.3a–c. The benign phylloides tumor is well-defined and can
be clearly discriminated from adipose and fibroglandular tissue. A cubic region
of 0.5 cm side length (50×50×50 voxels, marked in Figure 7.3b) that covers all
three tissue types was chosen to analyze the associated phase-contrast Hounsfield
units. The corresponding histogram in Figure 7.3d displays three peaks with
maxima at −67 HUp, 44 HUp, and 66 HUp. They can be attributed to adipose,
tumor, and fibroglandular tissue, respectively. These results are well consistent
with the findings at the synchrotron. Despite the varying type of tumor, again,
a difference of about 20 HUp between tumor and fibroglandular tissue can be
observed. However, the two peaks are not completely resolved and intermediate
values exist.
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Figure 7.4: Phase-contrast imaging results of a benign fibroadenoma (a). A
narrowed window scaling (b) reveals fine bright structures, which can be assigned
to fibrous strands in histology. Like the other tumor types before, fibroadenoma
features quantitative values around 45 HUp. The high values in the line plot (c)
correspond to the fibrous strands. [Figure adapted from Willner et al. (2014).]

The phase-contrast image in Figure 7.4a shows a benign fibroadenoma as con-
firmed by histopathology. The mean phase-contrast Hounsfield unit of the marked
area (50×100 pixels) is 45.1 (5.2) HUp and, thus, is in the same range as the tu-
mor types that were described before. The standard deviation of 5.2 HUp is larger
than the actual image noise of about 2.5 to 3.0 HUp. The reason for the higher
deviation are thin bright structures within this area. They become visible, when
choosing a narrowed window scaling (Figure 7.4b). These features reach values
of up to 65 HUp as illustrated in the line plot in Figure 7.4c. In histology, they
were related to fibrous strands pervading the fibroadenoma.
The third sample that was investigated at the laboratory setup comprises an
infiltrating lobular carcinoma, which is one of the most difficult breast tumors
to diagnose. Histological slices thereof in H&E-staining and elastica van gieson
(EvG) staining are presented together with a correlated phase-contrast image in
Figure 7.5. Two small ROIs are marked within the pictures. Region A can be
assigned to lobular carcinoma, whereas region B contains none or only a few tu-
mor cells, but mainly fibrous tissue. The mean phase-contrast Hounsfield units
of these two areas account for about 52 HUp and 68 HUp, respectively. The stan-
dard deviations are around 4.5 HUp. The resulting contrast-to-noise ratio of the
two regions is 3.1, which allows for a differentiation between the specified tissue
types.
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Figure 7.5: Two histological slices in H&E-staining (a) and EvG-staining (b)
that display an infiltrating lobular carcinoma. A correlated phase-contrast image
is shown in (c). Region A contains many tumor cells, while region B represents
mainly fibrous tissue. The two areas can be distinguished by their mean phase-
contrast Hounsfield units of 52 HUp and 68 HUp. [Figure adapted from Willner
et al. (2014).]

7.3 Comparison to literature values

For a comparison to previously published breast tissue properties, phase-contrast
Hounsfield units were calculated from the elemental compositions and correspond-
ing mass densities or directly from the given electron densities that were found
in literature. All values and the experimental synchrotron results of this study
are listed in Table 7.1. Woodard & White (1986) specified three different sets of
properties for each tissue. They represent the mean of the included data (denoted
as W&W 2) and the mean plus/minus the standard deviation (W&W 1 and 3).
Overall, a wide spread of values can be noticed, ranging from about −70 HUp to
almost 80 HUp. The reference values in the literature for adipose and tumor tissue
are more consistent than those for fibroglandular tissue. The value of −68.7 HUp
that was quantified for adipose tissue in the synchrotron measurement is in very
good agreement to the values that were derived from the tabulated tissue com-
positions. In case of the data quoted from Woodard and White (W&W), this
applies to the lowest of the three values. With exception of Shrimpton (1981),
the results obtained by Compton scattering methods tend to be somewhat higher
(around −40 to −30 HUp). The results of Al-Bahri & Spyrou (1998) have previ-
ously been criticized to be inaccurate due to freeze-drying of the samples ahead
of the measurements and the lack of essential corrections for background, multi-
scattering, and self-attenuation (Ryan et al. 2005, Antoniassi et al. 2010). This
might explain the large discrepancies of their results for adipose tissue.
The value of 65.2 HUp that was experimentally evaluated for fibroglandular tissue
exceeds most reference values, but is close to the higher value of the data from
W&W and the HUp that was calculated from the electron density determined
by Antoniassi et al. (2010). The values that were observed for the tumor tissues
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Table 7.1: Phase-contrast Hounsfield units of adipose, fibroglandular, tumor
tissue, and ducts that were obtained at synchrotron measurements. They are
compared to calculated values from previously published tissue properties.

Tissue type: adipose fibro- tumor
glandular [ducts]

This study −68.7 (2.7) HUp 65.2 (6.0) HUp 47.0 (2.8) HUp
[72.5 (5.0) HUp]

Tissue composition:
Hammerstein (1979) −71.2 HUp 30.9 HUp
W&W 1 (1986) −67.7 HUp −13.0 HUp
W&W 2 / ICRU −48.8 HUp 14.4 HUp
W&W 3 −30.4 HUp 50.7 HUp
Poletti (2002) −70.8 HUp 22.7 HUp
Compton scattering:
Shrimpton (1981) −71.9 HUp 18.0 HUp
Al-Bahri (1997) 36.8 HUp 42.5 HUp 67.1 HUp
Ryan (2005) −29.9 HUp 56.9 HUp
Antoniassi (2010) −29.9 HUp 56.9 HUp 77.8 HUp
Antoniassi (2012) −38.9 HUp 41.9 HUp

in the phase-contrast measurements of the previous section are in line with the
findings made by applying Compton scattering.
The most likely reason for discrepancies between the phase-contrast imaging re-
sults and the numbers that are stated in the literature is the high spatial resolution
of the phase-contrast measurements. This enables a clear distinction between cer-
tain tissue types like fibroglandular and adipose tissue. In the other studies, the
results rather reflect the average of volumes with side lengths of a few millimeters.
The histogram displayed in Figure 7.1d, which represents the HUp-distribution
within a cubic region of 0.5 cm side length covering as much fibroglandular tissue
as possible, clarifies this assumption. The mean value of this volume amounts
to 10.5 HUp and is significantly lower than the value attained for pure fibrog-
landular tissue, which is due to the remaining adipose tissue within this volume.
The three considerably differing phase-contrast Hounsfield units that are based
on the tissue compositions of W&W and the high standard deviations stated by
Ryan (2005) and Antoniassi (2010 and 2012) further indicate the great variance
of values that arises from an insufficient spatial resolution and the presence of
both adipose and fibroglandular tissue within the samples.
The tumor tissue exhibits around 45 HUp in the phase-contrast measurement
and, thus, has a lower value than fibroglandular tissue. This is in contrast to the
Compton scattering measurements, where the highest values are obtained for tu-
mor tissue. Once again, this inconsistency might be caused by the limited spatial
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resolution in these experiments. Whereas fibroglandular tissue often incorporates
portions of adipose tissue, these inclusions are displaced during tumor growth,
leading to larger and more homogeneous areas of high density.
A similar line of argument, but on a smaller length scale, could explain the lower
HUp of tumor tissue compared to healthy parenchyma in the phase-contrast mea-
surements. Fibrous tissue components, such as collagen strands, give rise to
increased phase-contrast signals as observed for the dilated ducts. These com-
ponents are mostly missing on a subpixel length scale within a tumor cell prolif-
eration and might be responsible for the difference in HUp between tumor and
fibroglandular tissue. As side note at this point, the conventional Hounsfield
units, which were quantified by analyzing exactly the same ROIs of the syn-
chrotron data are 60 HU for fibroglandular tissue, 63 HU for tumor tissue, and
70 HU for the ductal structures. Apparently, the absence of fibrous components
in the tumor tissue is in this case outweighed by another effect, presumably by
the absence of subpixel-sized adipocytes.
Concerning the use of tissue properties for the calculation of input parameters
in simulations or the choice of suitable phantom materials, the study suggests
following conclusions: If the electron density of a certain mixture of adipose
and fibroglandular tissue is needed, the values of adipose tissue 1 and mammary
gland 3 published by Woodard & White (1986) should be taken for the interpo-
lation. The actual mean values (adipose tissue 2 and mammary gland 2 ), which
are also quoted in the ICRU report 44, are seemingly no good representatives as
they already comprise fractions of the respective other tissue type. The tissue
compositions and densities of Hammerstein et al. (1979) and Poletti et al. (2002)
deliver quite adequate values as well. Their fibroglandular tissue, however, might
have contained small amounts of adipose tissue as the corresponding HUp appear
a little bit too low.
Tumor tissue seems to have values around 45 to 50 HUp (ρe = 349–351 e/nm3)
according to the conducted phase-contrast measurements. This is the case for all
investigated tumor types, the malignant ductal and lobular carcinomas as well
as the benign phylloides tumor and fibroadenoma. Whereas it is not possible to
discriminate between malignant and benign tumor cells by quantitative numbers
alone, the morphological information revealed by differences in fibrous and less
fibrous tissue values as well as the appearance and shape of fibrous strands or
dilated ducts might allow for tumor identification. However, the examination of
more samples is necessary to understand the fingerprints of certain tumor types
and clarify the potential diagnostic value of phase-contrast CT. The results ac-
quired at this stage implicate that a dose-compatible phase-contrast breast CT
or a phase-contrast system for the examination of biopsy samples should be able
to resolve at least 15–20 HUp for a potential diagnostic benefit.
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Chapter 8

Advanced tissue analysis

8.1 Lipid, protein, and water contents

Lipid, protein, and water are major components of biological tissues and other
organic materials. Their concentrations play an important role in medical re-
search and diagnosis as they are crucial parameters that can reflect the progress
of diseases.
The concentrations of lipid, protein, and water can for example provide insight
regarding tissue functional changes associated with the appearance, progression,
and treatment of breast cancer. The water content of tumors is nearly two-fold
greater than that of normal tissue, and the lipid content is reduced by about 45 %
(Tromberg et al. 2005). The amount of collagen, a major stromal protein, in-
creases in all abnormal breast tissues (Haka et al. 2005).
Hepatic steatosis is characterized by an abnormal accumulation of lipids within
the liver. This is the earliest manifestation and hallmark of non-alcoholic liver
disease, which has a prevalence of approximately 20–30 % in the adult population
(Schreuder et al. 2008). The disease may further progress into cirrhosis and liver
failure. Several studies have shown that fibrosis, an excess deposition of extra-
cellular matrix components including collagen, is a strong predictor of further
progression to cirrhosis (Wynn 2008, Farrell & Larter 2006).
Traditionally, laboratories have depended on a wide range of chemical analysis
techniques to measure the levels of lipid, protein, and water. The Kjeldahl proce-
dure for protein content and the Gerber or Rose-Gottlieb method for fat content
are accurate and reliable, but are time-consuming and destructive methods for
analysis (O’Sullivan et al. 1999). The reference standard for tissue characteriza-
tion in a clinical setting is histopathology. Biopsy specimens are taken from a
patient, fixed in paraffin, and sectioned into thin slices. Various staining meth-
ods and subsequent visual assessments by light microscopy allow the pathologist
to grade breast cancer, evaluate the degree of steatosis, or stage fibrosis (Elston
& Ellis 1991, Kleiner et al. 2005, Afdhal & Nunes 2004). The disadvantages of
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histopathology are its invasiveness, observer-dependence, and the subjective es-
timation of the concentration of lipids or proteins, such as collagen, within the
tissue.
Diffuse optical spectroscopy and Raman spectroscopy have generated consider-
able interest for non-invasive or minimally-invasive diagnosis of a variety of breast
pathologies and for monitoring the therapeutic response in tumor treatment
(Haka et al. 2005, Tromberg et al. 2005, Cerussi et al. 2007). Like histopathol-
ogy, the technique is subject to sampling variability, because only small fractions
or portions of the sample under investigation can be analyzed at a given time.
For this reason, quantitative 3D imaging approaches, such as MRI or X-ray CT,
are generally preferable for specific applications and examinations because they
provide full spatial coverage.
Advanced MRI techniques allow the separate depiction of the water and fat com-
ponents at any site of the human body (Machann et al. 2003). These techniques
exploit the difference in resonance frequencies between water and fat proton sig-
nals to quantitatively measure the proton density fat-fraction. This is a fun-
damental tissue property and a direct measure of fat content. MRI techniques
currently under development have demonstrated high potential for the accurate
detection and quantification of hepatic steatosis (Reeder et al. 2011, Ligabue et al.
2013). When compared to histopathology, MRI is less time-consuming and allows
the non-invasive evaluation of the entire liver parenchyma, resulting in a more
complete assessment of liver-fat content.
CT can visualize the distribution of fat and the degree of steatosis can be semi-
quantitatively estimated (Frisullo et al. 2009, Reeder et al. 2011). In the absence
of lipids, the contrast between various tissue types is very low and no conclusions
regarding water or protein concentration can be drawn. However, previous stud-
ies have shown that phase-contrast imaging in combination with conventional
attenuation-contrast CT can open new possibilities for enhanced tissue segmen-
tation (Nielsen et al. 2012, Einarsdóttir et al. 2014). In this chapter, the great
potential of phase-contrast CT for advanced tissue characterization is demon-
strated by assessing the chemical composition of tissues in terms of water, lipid,
and protein contents in each 3D voxel. The results, figures, tables, and text parts
have been published in Quantitative three-dimensional imaging of lipid, protein,
and water contents via X-ray phase-contrast tomography (Willner et al. 2016).

8.2 Vector decomposition

Exemplary attenuation-contrast and phase-contrast images that show an axial
slice through one of the porcine fat and rind samples of Chapter 6 are displayed
in Figures 8.1a and 8.1b. The complementarity of the imaging signals becomes
clearly apparent in the collagen-rich rind (uppermost feature), which provides
high values in phase contrast, but is rather unremarkable in attenuation con-
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trast. The latter, on the other hand, achieves good contrast for fatty tissue (dark
regions), as is commonly known from medical CT imaging. This implies that an
advanced tissue characterization with respect to protein or lipid content might
be possible when combining both contrast modes.
For a more systematic investigation of the issue, theoretical (conventional) HU
(Equation 6.1) and (phase-contrast) HUp (Equation 6.2) were calculated for fic-
tive tissues with varying protein and lipid volume fractions. The remaining un-
accounted for volume fraction of up to 100 % was assumed to be water. For a
mixture of density ρmix that consists of several chemical elements i, the linear
attenuation coefficient µmix is given by

µmix = ρmix ·
∑

wi ·
µi
ρi
, (8.1)

where wi, µi, and ρi are the weight fraction, the linear attenuation coefficient,
and the density of the i-th element, respectively. The corresponding refractive
index decrement δmix can be determined according to

δmix =
r0h

2c2

2πE2
· ρmix ·

∑
(wi ·NA/Ai) · Zi, (8.2)

using the classical electron radius r0, the speed of light c, the (effective) energy E
of the X-rays, Avogadro’s number NA, and the elements’ atomic masses Ai and
atomic numbers Zi (Herzen et al. 2009). The formula is valid for energies far above
any absorption edges as it is the case in the present study. For the calculations of
HU and HUp values of mixtures with varying protein (p), lipid (l), and water (w)
concentrations, the densities ρmix and weight fractions wi,mix were obtained by

ρmix = p · ρp + l · ρl + w · ρw (8.3)

and
wi,mix =

ρp

ρmix

· wi,p +
ρl

ρmix

· wi,l +
ρw

ρmix

· wi,w. (8.4)

The densities ρp, ρl, ρw and elemental compositions in weight fractions wi,p, wi,l,
wi,w of protein, lipid, and water were taken from tabulated data (Woodard &
White 1986). The volume fractions p, l, w of protein, lipid, and water were al-
ways chosen to represent the entire mixture (p+ l + w = 1).
The results are presented in the HU-HUp-scatter plot in Figure 8.1c. In the
figure, the HUp values associated with phase contrast are plotted on the x-axis
and the corresponding attenuation-based HU values are plotted on the y-axis.
Obviously, increasing lipid content has a comparably larger effect on the atten-
uation signal, whereas the phase-contrast signal is more affected by the protein
concentration. Therefore, the values of all considered fictive tissue compositions
form a triangle, in which every HU-HUp-pair can be associated with exactly one
distinct triplet of protein, lipid, and water content (p/l/w). Because of the linear
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Figure 8.1: Exemplary tomographic imaging results of a porcine fat and rind
sample in attenuation (a) and phase contrast (b), respectively. The obtained
3D datasets represent the distribution of the linear attenuation coefficient µ and
the refractive index decrement δ within the object and can be converted to quan-
titative Hounsfield units (HU and HUp). c) Theoretically calculated HU and
HUp values for fictive mixtures of varying protein and lipid concentrations. The
results span a triangle and every (experimentally evaluated) HU-HUp-pair can be
assigned to exactly one specific protein and lipid content. [Figure adapted from
Willner et al. (2016).]



Chapter 8. Advanced tissue analysis 83

increase and decrease in the HU and HUp values with increasing protein and
lipid concentrations, every possible mixture can be related to the HU-HUp-pair
described by(

HUp

HU

)
= ~w + p · (~p− ~w) + l ·

(
~l − ~w

)
= ~w + p · ~a+ l ·~b, (8.5)

where ~w, ~p, and ~l represent the HU-HUp-pairs of 100 % water, 100 % protein, and
100 % lipid, respectively. Conversely, the contents of protein p and lipid l in a mix-
ture/tissue can be evaluated by the vector decomposition of the experimentally
determined HU and HUp:

p =
~b (1) · [HU− ~w (2)]−~b (2) · [HUp− ~w (1)]

~a (2) ·~b (1)− ~a (1) ·~b (2)
(8.6)

and

l =
~a (1) · [HU− ~w (2)]− ~a (2) · [HUp− ~w (1)]

~a (1) ·~b (2)− ~a (2) ·~b (1)
. (8.7)

The missing water fraction is then obtained by

w = 1− p− l. (8.8)

8.3 Experimental validation

A first evaluation of the approach was performed using a custom-built phantom
consisting of five vials filled with various dairy products (3 types of cream cheese
and 2 types of sour cream), which were arranged circularly around a PMMA rod.
The contents of lipid (ranging from 0.3 % to 33.8 %), protein (ranging from 2 %
to 9.3 %), carbohydrates, and water, as mentioned on the packages, were con-
verted into volume fractions. The resulting values are listed in Table 8.1. The
phantom was submerged in a water bath and measured in setup configuration G
(see Table 4.1). 800 projections were acquired at a tube voltage of 40 kV and a
current of 70 mA for the tomographic scan. A projection comprised 11 images
that were recorded with exposure times of 3 s. Exemplary images in attenuation
contrast and phase contrast are shown in Figures 8.2a and 8.2b, respectively.
HU and HUp values for a ROI containing 20×20×4 voxels from each product
are plotted in Figure 8.2c. Color-coding reveals that all points corresponding
to a given product are grouped around a specific point in the HU-HUp-scatter
plot. The dimensions of the point clouds are caused by image noise, which was
around 18 HU and 3.5 HUp in the measurement.
The end points of the two vectors ~a and ~b that are required for the decomposition
were chosen to be the calculated HU-HUp-pairs of 100 % protein and 100 % lipid.
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Figure 8.2: Exemplary tomographic attenuation-contrast (a) and phase-
contrast (b) images of a test phantom, respectively. They display five vials filled
with dairy products (1–3: cream cheese, 4 and 5: sour cream) that are circularly
arranged around a PMMA rod. c) The quantitative HU and HUp values of each
dairy product group around a certain point in the corresponding HU-HUp-scatter
plot according to its protein and lipid content. d–f) Images reflecting the lipid,
protein, and water contents of the dairy products generated by the vector decom-
position of the attenuation-contrast and phase-contrast data. [Figure adapted
from Willner et al. (2016).]

However, their joint starting point was not fixed at 0 HU and 0 HUp (100 % wa-
ter) to allow for a more flexible data analysis. This becomes necessary to account
for influences such as density changes due to organic binders or highly absorbing
trace elements within the products. Instead, a dairy product with mid-range lipid
and protein contents was used for the calibration. The vector starting points were
adjusted to achieve accordance between the analysis results and the product’s nu-
trition table. Carbohydrates (between 2.1 % and 3.1 %) were added to the protein
contents in this context and for the validation of the analysis results of the other
four products. Decomposed lipid, protein, and water images of the phantom are
displayed in Figures 8.2d–f. The lipid image appears generally noisier than the
protein image (about 4.3 % versus 1.9 %), because of the major contribution of
the attenuation data to the lipid image formation. Mean protein, lipid, and water
contents (from the same ROIs as before) are summarized in Table 8.1.
The experimental results show good agreement with the contents stated by the
manufacturers. The deviations for the lipid content are only between 0.3 %
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Table 8.1: Experimental lipid, protein, and water concentrations (exp.) of
the examined dairy products (dp) in comparison to the contents stated by the
manufacturers (pack.). Carbohydrates (carb.) stated in the nutrition tables of
the packages were counted to the protein content (prot.) for the analysis. [Table
adapted from Willner et al. (2016).]

dp 1 dp 2 dp 3 dp 4 dp 5
lipid content [%] pack. 0.3 4.7 11.0 16.8 33.8

exp. 0.6 5.0 11.0 19.9 34.5
protein content [%] pack. (prot.) 9.3 8.1 7.1 2.1 2.0

pack. (carb.) 3.0 2.7 2.7 3.1 2.1
pack. (prot.+carb.) 12.3 10.8 9.8 5.2 4.1
exp. 14.0 12.1 9.8 6.3 4.5

water content [%] pack. 87.4 84.5 79.2 78.0 62.1
exp. 85.4 83.0 79.2 73.8 61.0

and 0.7 % in volume fraction for all dairy products but one, which gave a content
of 19.9 % compared to 16.8 %. The protein concentrations differ in the range
of 0.4–1.7 % from the actual values. The largest discrepancies (up to 4.2 %) can
be observed for the water content.

8.4 Tissue decomposition

As a first biological example, the sample of porcine fat and rind was examined
more closely. The sample was placed in a cylindrical falcon tube (∅ 3 cm) that
was filled with PBS and cooled to 4◦C during the measurement at a tube voltage
of 40 kV in setup configuration F. Here, 1200 projections were recorded with 11
images and 3 s exposure time. Attenuation-contrast and phase-contrast images
of a section, which contains the three main tissue types (rind, muscle, and fat)
are presented in Figures 8.3a and 8.3b, respectively. Small ROIs marked in the
rind (blue), muscle (red), and fat (green) can be allocated to distinct points in
the HU-HUp-scatter plot (Figure 8.3c), which reflect the different protein and
lipid contents of the tissues.
To conduct the decomposition, the measured HU and HUp values of the surround-
ing physiological PBS solution were taken as the starting point of the vectors.
The end points were equivalent to those used in the phantom study. The result-
ing lipid, protein, and water images are displayed in Figures 8.3d–f. The fatty
tissue stands out in the lipid image, whereas rind and muscle scarcely contain
any lipids. The higher amount of collagen in the rind is evident in the protein
image. Some filaments at the interfaces between fat and muscle are also visible
as brighter protein signals. The highest water content is found in the muscle.
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Figure 8.3: Tomographic attenuation-contrast (a) and phase-contrast (b) imag-
ing results, respectively, of a porcine tissue sample covering rind, fat, and muscle.
c) Values of the ROIs that are marked within the different tissue types are clearly
separated in the HU-HUp-scatter plot. d–f) Decomposed lipid, protein, and water
images reveal the high lipid content of the fat, the increased protein (collagen)
content in the rind, and the high water concentration of the muscle. [Figure
adapted from Willner et al. (2016).]

The second biological sample was taken from the human tissue study in Chap-
ter 6 and comprised four soft-tissue types (adipose/fatty tissue, muscle, skin, and
tendon). The tissues were placed in a falcon tube with PBS and cooled during
the scan. Figures 8.4a and 8.4b exhibit the obtained attenuation-contrast and
phase-contrast imaging results, respectively, for the four tissue types within the
plastic cylinder. Panels c–e show the area that is marked by the white box in Fig-
ure 8.4b, decomposed into its lipid, protein, and water contents.
The vectors for the decomposition were again defined by the measured HU and
HUp values of the PBS and the calculated values for 100 % protein and 100 %
lipid. Small ROIs of fat, muscle, and tendon were selected to quantify their re-
spective lipid, protein, and water concentrations. The experimental results are
listed in Table 8.2 together with the values reported in the literature for compari-
son (Woodard & White 1986). Despite the great variety of a tissue’s composition
in general, the experimental and quoted protein contents are very similar in all
the three cases. The differences in volume fraction are only between 0.3 % and
1.1 %. The lipid content of adipose is increased compared to the tabulated con-
tent. As a consequence, the water content was determined to be −2.6 %. The
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Figure 8.4: Axial tomographic slices in attenuation (a) and phase contrast (b),
respectively, through a measured plastic cylinder containing tendon, muscle, fat,
and skin tissues. c–e) Decomposed lipid, protein, and water images of the region
marked by the white box in (b). [Figure adapted from Willner et al. (2016).]
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Table 8.2: Quantitative analysis of the lipid, protein, and water contents (exp.)
of human tissue types in comparison to values tabulated in the literature (tab.)
(Woodard & White 1986). [Table adapted from Willner et al. (2015).]

fat muscle tendon
lipid content [%] exp. 99.2 −0.8 0.1

tab. 76.7 4.9 1.2
protein content [%] exp. 3.4 15.3 29.3

tab. 3.1 15.7 30.4
water content [%] exp. −2.6 85.5 70.6

tab. 20.2 79.4 68.2

negative value indicates that a slight modification of the vectors that were chosen
for the decomposition is necessary to cover all the data points.
Based on these preliminary but promising results, one can conclude that the high
sensitivity of phase-contrast CT and the complementary information provided
in addition to conventional attenuation-based imaging allow for enhanced tissue
characterization. As demonstrated in this proof-of-concept study, protein, lipid,
and water contents within each 3D voxel can be quantified by applying a vector
decomposition for the data obtained with both contrast modalities.
Further investigations should address the optimum choice of the utilized vectors
and the effect of trace elements on the analysis results. Trace amounts of heavier
elements can increase the attenuation signal and affect the extracted lipid con-
tent. In the presented phantom study, this issue was mostly addressed by using
a single dairy product as a calibration substance and accordingly adjusting the
vector starting points. For the biological examples, the consideration of the phys-
iological PBS solution in the definition of the vector starting points accounted for
heavier elements. The presence and differences of the manifold types of proteins
and lipids have not been examined more closely yet and might have an impact
on the correct choice of the vectors. A more comprehensive study alongside with
a statistically meaningful analysis is needed to exactly validate the diagnostic
specificity of this lipid, protein, and water decomposition technique on a more
quantitative basis.
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Chapter 9

Further research activities

9.1 Biomedical studies

The core mission during the time of this PhD thesis was the realization of a highly
sensitive and reliable laboratory phase-contrast CT system in order to explore the
capabilities of phase-contrast imaging for quantitative tissue characterization. In
this context, several side projects were carried out, ranging from proof-of-concept
measurements at synchrotron radiation facilities to long-term investigations at
the laboratory system. The projects included the examination of various tissue
types and the experimental assessment of new technical advances. They can be
grouped into the two categories biomedical studies and methodical developments.
This chapter is a short review of these research activities, describing their scien-
tific framework and highlighting the publications that arose from these projects.
A large part of the work was done within the Munich-Centre for Advanced Pho-
tonics (MAP), a cluster of excellence of the German Research Foundation (DFG).
The main goal of this broad research collaboration is the enhancement of laser
technology and state-of-the-art photonic tools to push the frontiers of biomedical
and information technologies. One area of research is the application of novel
laser-driven X-ray sources and new X-ray imaging modalities for biomedical di-
agnosis and the early detection of cancer and chronic diseases. This includes the
evaluation of phase-contrast imaging in different relevant settings to identify the
clinical indications with the highest diagnostic yield and to explore the additional
diagnostic possibilities that are gained. For this purpose, several studies have
been conducted at the highly sensitive phase-contrast imaging setup in coopera-
tion with the Department of Clinical Radiology (Ludwig-Maximilians-Universität
München).
The main results of the activities that concerned tomographic examinations of
breast tissues were presented in Chapter 7 and are published in Quantitative breast
tissue characterization using grating-based X-ray phase-contrast imaging (Willner
et al. 2014). Further imaging results are discussed in Evaluation of phase-contrast
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CT of breast tissue at conventional X-ray sources – presentation of selected find-
ings (Grandl et al. 2013) and demonstrate the high potential of phase contrast
compared to conventional attenuation contrast. Differences in contrast between
fibrous and less fibrous breast tissue could be observed in the phase-contrast but
not in the attenuation-contrast images. In addition, regions of low phase contrast
correlated with the extension of compact tumor components. The study Visual-
izing typical features of breast fibroadenomas using phase-contrast CT: an ex-vivo
study (Grandl et al. 2014) further concludes that a successful translation of the
technology to a clinical setting may contribute to the reduction of false-positive
findings and reduce the recall and core biopsy rate in population-based screen-
ing. A greatly improved differentiation of fine structures like fibrous strands or
diagnostically valuable dilated ducts is shown in the publication Assessment of
grating-based X-ray phase-contrast CT for differentiation of invasive ductal car-
cinoma and ductal carcinoma in situ in an experimental ex vivo set-up (Sztrókay
et al. 2013). While this early study was performed at a synchrotron, the imag-
ing results from the laboratory system confirm the capability to depict the 3D
structure of dilated ducts as high phase-contrast signals could be successfully
correlated to thickened fibrous ductal walls. The current work focuses on the
possible differentiation between invasive carcinoma, intraductal carcinoma, and
healthy breast tissue at the laboratory to evaluate the potential of phase-contrast
CT for assistance during histopathological workup.
Another key topic for the evaluation of phase-contrast imaging within the MAP
collaboration is the characterization of atherosclerotic plaque. Cardiovascular and
cerebrovascular diseases remain two of the leading causes of death in both devel-
oped and developing countries (Lloyd-Jones et al. 2010). CT is today’s backbone
of whole body vascular imaging due to fast and robust data acquisition. Despite
significant technical progress in the last decades, clinical CT imaging is limited to
lumenography and cannot reliably differentiate between different plaque compo-
nents like fibrous tissue, lipid, and intraplaque hemorrhage due to low soft-tissue
contrast and a significant overlap in Hounsfield units (U-King-Im et al. 2010,
Wintermark et al. 2008). Plaque material and structure play a pivotal role for
the risk of subsequent cardiovascular events like stroke. While a large, lipid-rich
necrotic core and intraplaque hemorrhage covered by a thin layer of fibrous tissue,
the so-called fibrous cap, can be associated with plaque instability and rupture,
plaques consisting of fibrous, collagen-rich tissue are considered to be stable and
are less likely to cause complications (Naghavi 2003a,b).
First results of this project that were obtained at the beamline ID19 of the ESRF
and at the laboratory phase-contrast imaging setup are presented in Translation
of atherosclerotic plaque phase-contrast CT imaging from synchrotron radiation to
a conventional lab-based source (Saam et al. 2013). This proof-of-principle study
shows that phase-contrast CT of carotid specimens is suitable for vessel charac-
terization and atherosclerosis research due to its enhanced soft-tissue contrast.
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Figure 9.1: Imaging characteristics of human internal carotid arteries in phase-
contrast CT. a) Phase-contrast image of a healthy artery measured with syn-
chrotron radiation showing the three vessel layer. The tunica media appears
darker than the outer and inner layer. b) 3D rendering of the synchrotron re-
sults. c) Phase-contrast image of a complicated atherosclerotic plaque in the
common carotid artery obtained at the laboratory system. d) and e) Histopatho-
logic sections stained with Movat pentachrome and H&E, respectively. Fibrous
cap (A) overlying the necrotic core (B) with intraplaque hemorrhage (C) and
areas of calcifications (D) can be clearly visualized by using phase-contrast CT.

Both experimental setups generated images that allowed for the differentiation of
the tunica intima and tunica media (two layers of the vessel wall, see Figure 9.1a).
The detection of high-risk atherosclerotic plaque components, such as the fibrous
cap and the lipid/necrotic core, was possible. Following these encouraging re-
sults, more samples were examined at the laboratory system to further evalu-
ate the potential for atherosclerotic plaque imaging in human carotid arteries.
The corresponding publication Phase-contrast CT: qualitative and quantitative
evaluation of atherosclerotic carotid artery plaque (Hetterich et al. 2014) con-
cludes that phase-contrast imaging can help to identify and quantify atheroscle-
rotic plaque components with excellent correlation to histopathologic findings and
may become a valuable tool to monitor the atherosclerotic disease process non-
invasively. An exemplary phase-contrast imaging slice through a carotid artery



92 9.1. Biomedical studies

with complicated atherosclerotic plaque is displayed in Figure 9.1c. All features
like the fibrous cap, intraplaque hemorrhage, necrotic core, and calcifications can
be matched to the histopathologic workup of this section (Movat pentachrome
and H&E-staining, see Figures 9.1d and 9.1e). The phase-contrast datasets at
that point were obtained in setup configuration A (see Table 4.1). A higher qual-
ity example image, which was acquired in the more recent setup configuration G,
can be found in Figure 5.3a of Chapter 5.
Phase-contrast Hounsfield units of different plaque components were quantified
from high-resolution synchrotron data and are discussed in Grating-based X-ray
phase-contrast tomography of atherosclerotic plaque at high photon energies (Het-
terich et al. 2013). High HUp values can be found in regions with a high density
of elastic and collagen fibers like healthy intima, healthy adventitia, and densely
packed fibrous tissue (> 50 HUp). Regions of only smooth muscle cells in ab-
sence of any elastic or collagen fibers and other regions with little connective
tissue like lipid/necrotic core or inflammatory cell infiltration show lower HUp
values (< 50 HUp). Intraplaque hemorrhage gives values between 50 HUp and
80 HUp. The differentiation between fibrous and lipid-rich tissue in terms of
HUp at the laboratory system is demonstrated in X-ray phase-contrast computed
tomography of human arteries (Hetterich et al. 2015a). The mean HUp values of
fibrous tissue (61.7 HUp) and lipid-rich tissue (39.9 HUp) were analyzed from a
total of 15 coronary arteries and are within the same range as in the synchrotron
study.
The Committee on Vascular Lesions of the American Heart Association (AHA)
suggested an international histopathology classification system to differentiate
atherosclerotic plaques according to precisely defined morphology and tissue cri-
teria (Stary 2000). This AHA classification was successfully modified for imag-
ing purposes later. The results published in AHA classification of coronary and
carotid atherosclerotic plaques by grating-based phase-contrast computed tomogra-
phy (Hetterich et al. 2015b) indicate that phase-contrast CT can reliably classify
atherosclerotic plaques according to modified AHA criteria with excellent agree-
ment to histopathology and high diagnostic accuracy. The superior soft-tissue
contrast holds promise to provide comprehensive information on plaque morphol-
ogy that is currently not available using other imaging modalities.
Further ongoing research projects within the MAP cluster of excellence are the
evaluation of phase-contrast CT for the depiction of structural changes in differ-
ent heart diseases and for the characterization of renal cell carcinoma subtypes.
Another close collaboration partner for biomedical research in the course of this
thesis was the Department of Diagnostic and Interventional Radiology (Tech-
nische Universität München). One research focus within this cooperation is on
phase-contrast imaging of liver lesions. The synchrotron study Evaluation of
the potential of phase-contrast computed tomography for improved visualization
of cancerous human liver tissue (Noël et al. 2013) shows improved pathological
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and morphological information. Especially the tumor capsule and the vascular
structures are very good visible. Phase-contrast imaging results of various liver
specimens with cancerous tissue that were recorded at the laboratory system can
be found in Imaging liver lesions using grating-based phase-contrast computed to-
mography with bi-lateral filter post-processing (Herzen et al. 2014). Tumor bound-
aries can be again depicted and soft-tissue structures like fibrous septa or necrotic
and hemorrhagic areas can be distinguished. Current examinations are done con-
cerning the possibilities of grading and staging liver fibrosis and cirrhosis. In
addition, human pancreas samples are investigated, since previous observations
on a genetically engineered mouse model of pancreatic ductal adenocarcinoma,
which were presented in X-ray phase-contrast CT of a pancreatic ductal adenocar-
cinoma mouse model (Tapfer et al. 2013), gave promising results in this direction.
Many CT scans of different kinds of bodily fluids were performed at the labora-
tory setup in cooperation with the Department of Diagnostic and Interventional
Radiology. In the thesis Quantitative X-ray phase-contrast imaging for the differ-
entiation of bodily fluids by Henningsen (2014), phase-contrast Hounsfield units
were determined for protein samples of bovine serum albumin diluted with wa-
ter to create protein concentrations ranging from 5 % to 30 %. Three different
human blood samples were measured, two of which were treated with an anticoag-
ulant (sodium citrate or EDTA) to prevent clotting. The protein samples showed
nearly linearly increasing values from 10 HUp to about 50 HUp. The two treated
blood samples were completely sedimented at the time of their measurements and
the serum component could be differentiated from the cellular components. The
serum gave values of about 25 HUp, whereas the sedimented blood cells had values
around 60 HUp to 65 HUp. The clotted blood of the third sample reached values
of nearly 80 HUp, which correlates to the phase-contrast Hounsfield units ob-
served for intraplaque hemorrhage in the investigations of atherosclerotic plaque.
Different types of pathologic fluid collections were further imaged and compared
to clinical chemistry measurements. A discrimination between rather pyic and
bloody abscesses (above 15 HUp) and watery lymphoceles (around 10 HUp) was
possible.
An extensive phantom study was conducted to explore the potential to enhance
the differentiation of cystic renal lesions by phase-contrast CT. There exists a
variety of renal lesions ranging from simple cysts, which do not need further at-
tention, to malignant tumors, which require intensive treatment. A classification
system for renal cysts has been introduced in 1986 and is well established to es-
timate the malignant potential of a lesion (Bosniak 1986). Briefly, cystic renal
lesions are categorized in four types according to certain imaging characteristics
like septations, calcifications, density, wall thickening, nodularity, and contrast
enhancement. Type I and II are most likely benign, type IV is almost certainly
malignant. The Hounsfield scale allows cystic renal lesions to be classified as
simple renal cysts only if the lesion has the attenuation of water. Some cystic
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Figure 9.2: HU-HUp-scatter plot showing the quantitative phase-contrast imag-
ing results plotted versus the corresponding quantitative attenuation-based values
for different simulated cystic renal lesions. Error bars indicate the standard de-
viations that were obtained. The combination of both contrast modalities allows
differentiation of all types of cystic lesions. [Figure adapted from Fingerle et al.
(2014).]

renal lesions, however, show high protein content or undergo interval hemorrhage,
leading to increased attenuation. In the presence of hyperattenuating focal re-
nal lesions, contrast enhancement of soft-tissue components may be obscured
entirely and malignant transformation might remain undetected. Consequently,
renal multi-phasic CT studies that consist of unenhanced and contrast-agent en-
hanced imaging sequences are used in the clinics to analyze renal enhancement
patterns. Whereas this multiphasic imaging approach enables the identification
of enhancing soft-tissue nodules, the characterization of hyperattenuating lesions
may at time remain difficult and novel methods for iodine detection and protein
quantification may have considerable utility (Boll et al. 2010).
Various combinations of saline, serum, blood, and an iodinated contrast agent
were used to reproduce the chemical composition of the different types of cysts
in the phantom study. Quantitative HU and HUp of all mixtures have been de-
termined from the measurements. Figure 9.2 shows the results of saline, serum,
blood, and two iodine concentrations in a HU-HUp-scatter plot. While atten-
uation contrast allows differentiation of increasing concentrations of iodine, the
phase-contrast signal is hardly affected by the contrast agent. A discrimination
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of simple and hemorrhagic cysts from enhancing cystic renal lesions is possible by
the combination of both imaging modalities. A detailed description of the study
is published in Simulated cystic renal lesions: quantitative X-ray phase-contrast
CT – an in vitro phantom study (Fingerle et al. 2014).

9.2 Methodical developments

One research focus in X-ray grating interferometry are the gratings themselves.
The strong collaboration with the Karlsruhe Institute of Technology and mi-
croworks GmbH included several experiments at the laboratory system for the
evaluation of latest developments in grating manufacturing. Some aspects like
the enhanced quality of the grating structures, the new sunray design to avoid
gaps along the grating bars, or the low absorbing carrier substrates to achieve a
better photon statistics have already been mentioned in Chapter 4. A promis-
ing approach to increase the FOV in phase-contrast CT is the stitching of single
grating tiles to produce one large-area grating. First imaging results using a
2×2 stitched analyzer grating were obtained at the laboratory system and are
presented in Increasing the field of view in grating based X-ray phase contrast
imaging using stitched gratings (Meiser et al. 2016). The high and homogeneous
visibility of between 30 % and 40 % over the full FOV demonstrates that cutting
and assembling of the single tiles can be done within the required precision. The
stitching affected only one vertical and horizontal pixel row. The visibility was
reduced to approx. 6 % in these inter-grating gaps, but the extraction of all three
contrast modalities (attenuation, phase, and dark-field contrast) was still possible
as can be seen on the example of a frog in Figure 9.3.
The height of the gratings is another important parameter, which needs to be
increased further in order to bring the technique closer to the clinics. One of
the first analyzer gratings with an aspect ratio of about 100 was fabricated and
provided by the Karlsruhe Institute of Technology to assess the feasibility of
grating-based phase-contrast imaging at higher energies. The grating with a pe-
riod of 2.4µm and gold structures of 100µm height was used to perform test
measurements with monochromatic synchrotron radiation of 82 keV at the beam-
line ID19 of the ESRF. At this energy, directly above the absorption edge of
gold, the transmission through the grating bars is only 20 %, which enabled to
realize an interferometer with a visibility value of 26 %. The corresponding setup
is described in Quantitative X-ray phase-contrast computed tomography at 82 keV
(Willner et al. 2013).
A phantom consisting of well-known materials was designed to investigate the
complementarity of attenuation contrast and phase contrast at 82 keV and to
compare their image quality in terms of contrast-to-noise ratios. The mass densi-
ties of the materials ranged from 1.19 g/cm3 (PMMA) to 4.5 g/cm3 (Ti) and the
covered elements had atomic numbers up to Z = 22 (Ti). A phase-contrast CT
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Figure 9.3: Projection images of a frog that were recorded with a 2×2 stitched
analyzer grating at the laboratory setup. Images in attenuation contrast (a),
phase contrast (b) and dark-field contrast (c) show that the stitching procedure
yields only a minor impact on the image quality. The arrows mark the inter-
grating gaps. [Figure adapted from Meiser et al. (2016).]
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scan of the phantom was executed and the linear attenuation coefficients µ, the
refractive index decrements δ, and the electron densities ρe were determined. The
quantitative values that were evaluated from the measurement are in good agree-
ment with theoretical values. A contrast gain was achieved by phase contrast
for all material combinations. Compton scattering is the dominating attenuation
process at 82 keV for materials with low effective atomic numbers (Z < 8), which
include most biological soft tissues. In these cases, the signal of both modali-
ties are proportional to the electron density and their complementarity is lost.
The advantage of phase-contrast imaging is then restricted to an enhancement
of image quality in terms of contrast-to-noise ratios. However, for materials with
higher effective atomic numbers (Z > 8), attenuation and phase contrast provide
complementary information and conclusions on density and material composition
can be drawn as discussed in Chapter 5.
With regard to the human body, this applies in particular to bones and teeth
due to the high content of calcium (Z = 20). Imaging results of a molar tooth
are shown in Figure 9.4. The two main components, enamel and dentin, are well
discriminable in both contrast modes. The contrast-to-noise ratio of the two min-
eralized tissues is around 2 in attenuation contrast and above 10 in phase contrast.
To evaluate the potential of a quantitative material characterization, the mass
densities ρ and effective atomic numbers have been determined at 50 positions
in enamel and 20 positions in dentin. To obtain the respective mass densities ρ,
the electron densities ρe were divided by the mass electron density (number of
electrons per unit mass). The effective atomic numbers were determined by the
ratio of Compton scattering to the overall attenuation. The corresponding results
are presented in Figures 9.4c–e. The detected mass densities for both enamel and
dentin are in the range of values stated in literature. The greater effective atomic
numbers that can be observed for enamel compared to dentin represent the higher
content of calcium and phosphorus in enamel than in dentin.
By now, even higher grating structures have been produced and X-ray grating in-
terferometry at energies far above 100 keV was demonstrated at the synchrotron
(Ruiz-Yaniz et al. 2015a,b). Translation to polychromatic X-ray sources is chal-
lenging due to the broad spectral bandwidth at high tube voltages. A laboratory
setup that can successfully be operated at 70 kV was installed at the Department
of Physics (Technische Universität München) to image specimens with sizes of up
to ∅ 50 mm. Results from an intervertebral fibrocartilage surrounded by bones
to showcase the experimental setup can be found in Quantitative imaging using
high-energy X-ray phase-contrast CT with a 70 kVp polychromatic X-ray spec-
trum (Sarapata et al. 2015). The software framework that was introduced in
Chapter 5 was further used in this publication to extract quantitative material
properties from phantom measurements. Again, there was no additional infor-
mation content for low-Z materials in phase contrast compared to attenuation
contrast. However, phase-contrast imaging provided improved contrast-to-noise
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Figure 9.4: Attenuation-contrast (a) and phase-contrast (b) imaging results
from a synchrotron CT scan that was performed at an energy of 82 keV. Mass
densities ρ that were evaluated at 50 positions in enamel and 20 positions in
dentin are presented in (c) and (d), respectively. Effective atomic numbers that
were obtained by exploiting both contrast modalities are displayed in (e). [Figure
adapted from Willner et al. (2013).]

ratios. In analogy to the synchrotron study, the complementarity of both signals
can be seen with increasing effective atomic numbers of the materials and a more
comprehensive material characterization becomes possible.
In medical CT systems, a helical scanning procedure is employed to extend the
FOV and to reduce measurement time. The patients are translated continuously
through the beam, while the gantry (carrying the source and detector) is being
rotated around them. A similar approach, in which the sample rotates instead of
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the X-ray components, can be applied for long objects in the laboratory phase-
contrast imaging setup. First experimental attempts on the helical scanning pro-
cess for phase-contrast CT were executed and are presented in Helical differential
X-ray phase-contrast computed tomography (Fu et al. 2014a). The phase-contrast
data could be accurately reconstructed. However, as a stepping curve needs to
be recorded for each single projection, no continuous sample rotation can be per-
formed. A potential solution is to use the helical motion of the tomographic axis
to extend the so-called moiré fringe scanning to the tomographic case as illus-
trated in Figure 9.5a and briefly described in the following.
Moiré fringe scanning allows for fast data acquisition in radiographic phase-
contrast applications such as mammography or in-line product analysis. In this
method, the sample is moved over different detector positions instead of perform-
ing a translation of the gratings (Kottler et al. 2007). If the reference phase is not
constant over the area of the detector, the same region of the sample is recorded
at different fringe phases by this scanning approach. Different fringe phases cor-
respond to different relative positions of the gratings in a traditional stepping
approach. Therefore, a stepping curve can be obtained by combining these dif-
ferent areas as illustrated in Figures 9.5b and 9.5c. In other words, the stepping
process is performed without a translation of the gratings, but is analogous to
that obtained with the standard technique. A similar scanning-type system can
be realized by upward motion of the tomographic axis during rotation. With this
method a continuous helical rotation of the sample or the gantry can be achieved,
because no stepping of the gratings is needed. The minimum number of helical
rotations corresponds to the number of steps that are planned to be recorded
for each projection. For every angle, each section of the sample has to be in the
FOV at least three times at different fringe phases. This is necessary, because
at least three data points are needed to extract the imaging signals. A detailed
description of this approach and a demonstration of its successful implementa-
tion are given in Helical X-ray phase-contrast computed tomography without phase
stepping (Marschner et al. 2016).
Various kinds of datasets were acquired at the phase-contrast imaging setup and
provided for the validation of newly developed image processing algorithms. In
the thesis Data processing in grating-based X-ray phase-contrast computed tomog-
raphy: workflow automation and noise studies (Marschner 2013), a statistical
iterative reconstruction implemented by Hahn et al. (2015) is applied to im-
prove image quality and reduce the number of projection images that need to be
recorded. Another approach to decrease the measurement time is a compressed-
sensing inspired iterative reconstruction of the phase-contrast CT data as shown
in Iterative reconstruction for few-view grating-based phase-contrast CT – an in
vitro mouse model (Gaass et al. 2013). Further noise-reducing but resolution-
preserving reconstruction methods, which aim at boosting the performance of
phase-contrast CT, are investigated in Regularized iterative integration combined
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Figure 9.5: a) Illustration of moiré fringe scanning in combination with the
upward motion of the tomographic axis during helical data acquisition. b) The
interferogram that is recorded by the detector shows moiré fringes, which can be
introduced by a deliberate mismatch of the relative positions of the phase grating
and the analyzer grating. (c) A stepping curve can be obtained by combining
different height regions as exemplarily demonstrated for the pixels marked by the
red triangles in (b). [Figure adapted from Marschner et al. (2016).]
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with non-linear diffusion filtering for phase-contrast X-ray tomography (Burger
et al. 2014). An image-based denoising algorithm that exploits complementary in-
formation and noise statistics from multi-modal images is introduced in Bilateral
filtering using the full noise covariance matrix applied to X-ray phase-contrast
computed tomography (Allner et al. 2016). This novel generalized 3D bilateral
filter enhances image quality while preserving the edges, when being applied to
the attenuation-contrast and phase-contrast images.
An implementation of hybrid fluorescence molecular tomography (FMT) and X-
ray phase-contrast CT for the combination of anatomical with functional and
molecular contrast in small-animal imaging is presented in FMT-PCCT: Hybrid
fluorescence molecular tomography X-ray phase-contrast CT imaging of mouse
models (Mohajerani et al. 2014). FMT allows for highly sensitive 3D imaging of
the distribution of a fluorescent marker in an animal body. However, as a stand-
alone technique, it offers only low resolution. The utilization of phase-contrast
data as prior information to the fluorescence inversion problem allows for gener-
ating optical images of high fidelity and quantification accuracy.
Laminography is an alternative X-ray imaging technique, which is employed for
the examination of large but thin objects. Here, the sample is rotated around
an axis not normal to the beam path to avoid orientations with large X-ray at-
tenuation. First experiments on laboratory-based phase-contrast laminography
were performed at a modified version of the imaging setup and are published in
Cone-beam differential phase-contrast laminography with X-ray tube source (Fu
et al. 2014b).
Although the dark-field contrast has not been discussed in detail within this the-
sis, because it is an active research field on its own, some contributions were made
to this topic. The study Non-invasive differentiation of kidney stone types using
X-ray dark-field radiography (Scherer et al. 2015) shows that renal calculi like cal-
cium oxalate, uric acid, and mixed types of stones can be differentiated with the
additional information content that is gained by X-ray dark-field radiography. A
non-biomedical application of the dark-field contrast is the monitoring of moisture
in textiles as demonstrated in Monitoring moisture distribution in textile materi-
als using grating interferometry and ptychographic X-ray imaging (Esmaeili et al.
2015). Interesting results on dark-field tomography and its capabilities to reveal
cracks below the resolution limit of the detector system can be found in Detection
of sub-pixel fractures in X-ray dark-field tomography (Lauridsen et al. 2015).
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Chapter 10

Summary and perspectives

The presented work was carried out in order to advance the application of grating-
based X-ray phase-contrast imaging for biomedical research in a laboratory set-
ting. For this purpose, a highly phase-sensitive imaging setup was designed and
has been continuously optimized over the years. A wide range of experiments
with phantoms and biological specimens were conducted and the capabilities of
quantitative tissue characterization have been investigated.
The imaging system combines a rotating-anode X-ray tube, a photon-counting
hybrid-pixel detector, and a Talbot-Lau interferometer to extract the phase infor-
mation. The high photon flux of the source and the absence of classical electronic
noise during X-ray detection are the basis for attaining good image quality. The
three gratings of the interferometer have periods of 5.4µm and are spaced at
equal distances, because this symmetric configuration is favorable when aiming
to resolve small refraction angles. A rather long setup arrangement of around 2 m
was chosen to avoid shadowing effects that would otherwise reduce the available
FOV. A major challenge in the realization of a highly sensitive phase-contrast
imaging system in a laboratory environment is the broad spectral width of the
X-ray source. The distances between the gratings and their parameters have to
be carefully adjusted to the effective source spectrum. A π-shifting phase grat-
ing is generally preferable to a π/2-shifting phase grating at large propagation
distances as the contributions of single energies to the overall visibility of the
interferometer do not annihilate each other. Several optimization steps including
energy-resolved measurements have been performed to steadily increase the visi-
bility of the system. A crucial factor in this process was further the progress in
grating manufacturing by the Karlsruhe Institute of Technology and microworks
GmbH that produced more homogeneous and bridge-less grating structures. The
latest setup configuration features a design energy of 27 keV and reaches visibil-
ity values of up to 40 %. The sensitivity as defined by the minimum resolvable
refraction angle is 10 nrad when recording 11 images with 5 s exposure time each.
There is no grating-based imaging setup reported in literature that is operated at
a conventional polychromatic X-ray tube and offers a better angular sensitivity.



104

A tomographic scan procedure was successfully implemented and provides high-
quality and quantitative 3D imaging results. The maximum FOV is 4×2 cm2

(width × height) at the position of the sample stage, which is directly mounted
in front of the phase grating. The voxel size of the final data is 100×100×100µm3.
To avoid ring artifacts in the reconstructed images, which can arise from inhomo-
geneities of the gratings or the detector sensor, the sample is laterally displaced by
an integer number of pixels between each projection. In addition, the examined
sample is submerged in a water bath during the measurement to prevent phase-
wrapping or beam-hardening artifacts. A calibration process utilizing PMMA
rods has been demonstrated to be suitable for the evaluation of effective ener-
gies in both contrast modalities. An accurate conversion of the original 3D data
into linear attenuation coefficients µ, refractive index decrements δ, and electron
densities ρe becomes then possible. Phantom studies revealed that an electron-
density resolution of below 1 e/nm3 and an accuracy of 1–2 e/nm3 can be achieved
despite the polychromatic X-ray source. This high electron-density sensitivity al-
lows for the visualization of different tissue types and soft-tissue fine structure,
which has been only realized with synchrotron radiation so far.
Phase-contrast Hounsfield units as proposed by Donath et al. (2010) are a good
measure for quantitative tissue characterization. Radiologists are used to this
kind of unit from conventional CT imaging in the clinics. HUp numbers are com-
parable among different setups due to their energy independence. Moreover, the
electron density of a tissue can be easily calculated from its HUp. Excised tissue
samples need to be placed within falcon tubes of ∅ 3 cm for the measurements.
The employed water bath can be cooled down to 4 ◦C to preserve non-fixated
tissue samples from decay during the long scanning times of about 12 hours. A
study on porcine fat and rind showed that the effects of formalin fixation on HUp
values is rather low. The protein cross-linking shrinks the tissues and increases
their protein density. In addition, the water in the tissues is replaced by the
penetrating formalin. The typical solution of 3.7 % formaldehyde enhances the
HUp of muscle and skin tissue by about 10 %, whereas adipose tissue remains
unaffected. Because preserved tissue samples can be subjected to longer storage
and scanning times without cooling, most biomedical studies are performed with
formalin-fixated tissues. Another advantage of the preservation is a stiffening of
the sample, which facilitates a sharp image acquisition.
The added value of quantitative phase-contrast imaging for the examination of
tissue samples was demonstrated by means of breast imaging. Three different
types of tissues could be clearly differentiated by phase-contrast Hounsfield units.
Adipose tissue shows values between −65 HUp and −70 HUp, tumor tissue gives
values around 45 HUp to 50 HUp, and healthy fibroglandular tissue has values
of about 65 HUp. In addition, fibrous tissue structures like strands or dilated
ducts within tumors can be visualized. Whereas it is not possible to discrimi-
nate between malignant and benign tumor cells by quantitative numbers alone,
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the morphological information revealed by differences in fibrous and less fibrous
tissue values as well as by the appearance and shape of fibrous strands or dilated
ducts might allow for tumor identification. The study could further show that
previously published tissue properties suffer from an insufficient spatial resolution
of the applied methods. For this reason, the large variety of tissue types is not ap-
propriately represented in literature and available values often reflect merely the
average of mixed tissues. Here, phase-contrast imaging and its capability for 3D
tissue characterization can provide electron densities and morphological informa-
tion that can be used for simulations or the choice of suitable phantom materials.
Another biomedical research topic that has been studied in the course of this
thesis is the investigation of atherosclerotic plaque. Features like the fibrous cap,
intraplaque hemorrhage, or the necrotic core can be depicted by phase-contrast
CT and plaques can be classified according to precisely defined morphology and
tissue criteria. Current research activities in collaboration with radiologists from
the clinics include, for example, the mapping of structural changes in different
heart diseases, the appearance of renal cell carcinoma subtypes, and the grading
of liver cirrhosis.
Besides the high soft-tissue resolution in phase contrast, grating interferometry
delivers a perfectly co-registered dataset of the examined object in conventional
attenuation contrast. The signal in attenuation contrast is proportional to the sig-
nal that is obtained in phase contrast, if the attenuation process is purely caused
by Compton scattering. Otherwise, if photoelectric absorption takes place as well,
the linear attenuation coefficient contains additional information on the material
composition. This is the case for the energy range of the installed setup and, thus,
the imaging results that are provided by the system in attenuation contrast and
phase contrast are complementary. The possibility to assign an effective atomic
number to a material by the combination of both contrast mechanisms has been
illustrated by phantom measurements. Beyond that, an enhanced tissue analysis
in terms of water, protein, and lipid contents seems to be feasible. Whereas tis-
sues with enriched protein concentrations have an elevated electron density and,
thus, display higher values in phase contrast, attenuation contrast achieves good
contrast for lipid-rich tissues like adipose tissue as commonly known from medical
CT imaging. Theoretically calculated HU and HUp values for fictive mixtures of
varying protein, lipid, and water concentrations showed that every HU-HUp-pair
can be associated with exactly one specific protein, lipid, and water content by
applying a vector decomposition. The approach was tested on experimental data
of a phantom consisting of dairy products, a sample of porcine fat and rind, and
an excised human tissue specimen. The preliminary results are promising, but
further investigations are needed to address the optimum choice of the utilized
vectors and the effect of heavy trace elements on the analysis. A clinically relevant
showcase, which demonstrates the benefit of the signal complementarity, is the
examination of cystic renal lesions. While attenuation contrast allows the differ-
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entiation of increasing concentrations of iodine, the phase-contrast signal is hardly
affected by the contrast agent. This enables to discriminate simple and hemor-
rhagic cysts from enhancing cystic renal lesions by combination of both imaging
modalities. Because iodine contrast agents are broadly employed in conventional
CT diagnostics, the findings might be transferred to other potential medical ap-
plications. A determination of the amount of iodine within a certain tissue in
analogy to the evaluation of protein and lipid contents might be conceivable.
Concerning lab-based X-ray imaging, the use of iodine or similar contrast agents
for staining of tissue samples is increasingly investigated to improve image qual-
ity in conventional attenuation contrast (Pauwels et al. 2013, Silva et al. 2015).
The intrinsically high soft-tissue contrast provided by phase-contrast imaging to-
gether with an enhanced attenuation contrast and the possibility to quantify the
accumulation of the contrast agent at each point in the specimen might open up
even more new perspectives.
A promising field of application for 3D tissue analysis that is going beyond
biomedical research is the assistance of histopathology in clinical routine, for
example by virtual histology of biopsies (Zanette et al. 2013, Holme et al. 2014).
The two main shortcomings of the phase-contrast imaging setup in this regard
are the limited spatial resolution of above 100µm and the long scanning times of
several hours. Smaller effective voxel sizes can be realized either by geometrical
magnification or by utilizing a detector with smaller pixel sizes. In the first case,
the phase sensitivity is reduced, because the sample stage needs to be placed
closer to the source and away from the phase grating. In the second case, less
photon counts per pixel lead to higher noise levels, if the measurement times are
kept constant. Both scenarios require an alternative X-ray source, which features
a smaller focal spot than the current one. Otherwise, blurring that is caused by
the extended source size degrades the actually achievable spatial resolution. In
conventional X-ray tube technology, a small spot size is unfortunately opposed to
an increase in X-ray flux, which is desirable to cut down on scanning times. The
reason is the maximum heat load, which is limited by the melting point and the
heat conductivity of the target material. Here, new approaches like the liquid-
metal-jet source could be a solution (Hemberg et al. 2003, Larsson et al. 2011).
In addition to a higher photon flux of the source, a better quantum-detecting effi-
ciency of the detector system is important for a reduction of measurement times.
This can be achieved by novel sensor materials like CdTe and GaAs. With re-
spect to the spatial resolution, photon-counting X-ray detectors with pixel sizes
below 172×172µm2 as offered by the PILATUS II are being developed. The
EIGER system from Dectris and the Medipix3 read-out chip, which arises from
an international collaboration hosted by CERN, have pixel pitches of 75µm and
55µm, respectively (Gkoumas et al. 2016, Pennicard et al. 2011). When moving
towards higher spatial resolutions and smaller sample sizes, the phase-contrast
imaging setup should be optimized for lower effective energies by replacing the
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phase grating and by adjusting the distances between the gratings accordingly.
Grating wafer made of low absorbing materials should be used (Koch et al. 2015).
The visibility of the interferometer is another crucial parameter to shorten the
scanning times. The current setup configuration reaches values of up to 40 % and
further improvements are presumably difficult. An option might be the employ-
ment of phase gratings with duty cycles that vary from 0.5 (Rieger et al. 2016).
In the future, laboratory sources that can provide monochromatic radiation or
energy-resolving imaging detectors have the potential to enhance the visibility
by narrowing the spectral width (Eggl et al. 2015, Thüring et al. 2013b, Pelzer
et al. 2013). In addition, the realization of higher signal intensities is beneficial
to attain good image quality at shorter exposure times. Larger refraction angles
are for example induced by lower X-ray energies. Smaller grating periods can
improve the signal as well. However, at some point, the grating interferometer is
then operated in the far-field regime (Wen et al. 2013, Miao et al. 2015).
The stepping procedure that is performed for the signal extraction is a very time-
consuming process, asking for alternative concepts. Several approaches have been
proposed to circumvent the need to step one of the gratings during image acqui-
sition. A moiré pattern can be intentionally generated by slightly misaligning the
gratings. A single-shot fringe analysis can then be done to retrieve the phase infor-
mation (Bevins et al. 2012). Another option is to fabricate the analyzer grating in
a way that different stepping positions are incorporated for neighboring detector
lines. By that, the different stepping positions can be captured within one image
(Ge et al. 2014). Both solutions decrease the spatial resolution, because multi-
ple pixels are merged to extract the phase information. The reverse projection
method is based on a linear approximation of the stepping curve at its steepest
point and is only correct for small refraction angles (Zhu et al. 2010). Another
possibility that avoids the stepping of one of the gratings is the combination of a
helical sample motion with moiré fringe scanning as it has been discussed in this
thesis. At last, new algorithms are being developed that allow for a direct re-
construction of phase-contrast and attenuation-contrast data from the measured
detector values (Brendel et al. 2016). The results are very encouraging that the
stepping procedure can be abandoned soon and faster phase-contrast CT scans
become feasible.
Concerning an implementation of X-ray phase-contrast imaging for in-vivo diag-
nostics in the clinics, several additional challenges have to be overcome. First
experimental prototypes for radiographic applications like mammography have
been already installed to evaluate their diagnostic benefits (Koehler et al. 2015,
Tanaka et al. 2013). Tomographic examinations, on the other side, face the
problem that all X-ray components including the grating interferometer have to
be rotated around the living patient. The only device that features a rotating
gantry, which is equipped with gratings to perform phase-contrast imaging, is a
preclinical small-animal CT scanner of Bruker Skyscan. Artifacts that result from
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mechanical instabilities can be corrected by adequate data processing algorithms
and accurate phase-contrast images can be reconstructed from the acquired data
(Tapfer et al. 2012). However, a continuous gantry rotation is not possible up
to now due to the stepping procedure. Another crucial point for the realization
of a clinical phase-contrast CT system is the comparably large FOV that is re-
quired to cover the full width of the human body. Imaging results with stitched
grating tiles have been shown earlier in this thesis. This approach may be ex-
tended to manufacture gratings for areas of sufficient size. Bent gratings that
become necessary at large cone beam angles to prevent shadowing effects have
been demonstrated to be feasible (Thüring et al. 2011). Grating structures with
aspect ratios that are high enough to guarantee a proper functioning of the inter-
ferometer at the energy range of clinical CT scanners (up to 140 keV) are to some
extent available (Thüring et al. 2014b, Ruiz-Yaniz et al. 2015a). At these high
energies, the complementarity of attenuation contrast and phase contrast is lost
for materials with low effective atomic numbers like soft tissues as illustrated by
synchrotron measurements in the course of this thesis. A combined data analysis
might remain interesting for the quantification of contrast agents and the exami-
nation of mineralized structures like bones, teeth, or renal calculi. In this context,
phase-contrast CT has to outperform energy-resolving X-ray imaging methods.
Spectral CT imaging is steadily evolving and first devices have already been in-
stalled for clinical evaluation (Pourmorteza et al. 2016, Gutjahr et al. 2016). If
the additional information content that is provided by phase-contrast CT does
not justify an implementation for medical use, the increased soft-tissue contrast
may open up new opportunities for diagnostics. The expected gain in contrast-
to-noise ratios compared to attenuation contrast, however, diminishes at lower
spatial resolutions (Raupach & Flohr 2011). Because the detector systems in hu-
man CT scanners have usually pixel sizes of about 0.5 to 1 mm, the advantage of
phase contrast is controversially discussed (Raupach & Flohr 2012, Weber et al.
2015). Regions-of-interest measurements at higher spatial resolutions, but even-
tually with slightly elevated radiation dose levels than currently applied, might
exploit the full potential of phase-contrast imaging and allow for the examination
of predefined areas in order to detect tumors in inner organs or vulnerable plaques
in arteries. Apart from that, clinical diagnostics could profit from the third con-
trast mode that can be obtained by X-ray grating interferometry. The dark-field
contrast, which was only briefly described in this thesis, is sensitive to structure
sizes below the spatial resolution of the detector and enables for example to track
pathologic changes in the lung (Yaroshenko et al. 2014, Velroyen et al. 2015).
Overall, phase-contrast CT will continue to be an active research area in biomedi-
cal imaging over the next years. Progress in multiple disciplines like X-ray source
technology, detector development, grating manufacturing, and algorithm design
is the key to realize the full potential of this novel imaging modality in the future.
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Rössl, E. (2011), ‘Contrast-to-noise in X-ray differential phase contrast imag-
ing’, Nuclear Instruments and Methods in Physics Research Section A: Accel-
erators, Spectrometers, Detectors and Associated Equipment 648(Supplement
1), S202–S207.

Engelhardt, M., Baumann, J., Schuster, M., Kottler, C., Pfeiffer, F., Bunk, O.
& David, C. (2007), ‘High-resolution differential phase contrast imaging using
a magnifying projection geometry with a microfocus X-ray source’, Applied
Physics Letters 90(22), 224101.

Engelhardt, M., Kottler, C., Bunk, O., David, C., Schroer, C., Baumann, J.,
Schuster, M. & Pfeiffer, F. (2008), ‘The fractional Talbot effect in differential
X-ray phase-contrast imaging for extended and polychromatic X-ray sources’,
Journal of Microscopy 232(1), 145–157.

Esmaeili, M., Floystad, J. B., Hipp, A., Willner, M., Bech, M., Diaz, A., Royset,
A., Andreasen, J. W., Pfeiffer, F. & Breiby, D. W. (2015), ‘Monitoring moisture
distribution in textile materials using grating interferometry and ptychographic
X-ray imaging’, Textile Research Journal 85(1), 80–90.

Farrell, G. C. & Larter, C. Z. (2006), ‘Nonalcoholic fatty liver disease: from
steatosis to cirrhosis’, Hepatology 43(2, Supplement 1), S99–S112.

Faulconer, L., Parham, C., Connor, D. M., Zhong, Z., Kim, E., Zeng, D., Livasy,
C., Cole, E., Kuzmiak, C., Koomen, M., Pavic, D. & Pisano, E. (2009), ‘Radiol-



114 Bibliography

ogist evaluation of an X-ray tube-based diffraction-enhanced imaging prototype
using full-thickness breast specimens’, Academic Radiology 16(11), 1329–1337.

Feldkamp, L. A., Davis, L. C. & Kress, J. W. (1984), ‘Practical cone-beam algo-
rithm’, Journal of the Optical Society of America A 1(6), 612–619.

Ferlay, J., Shin, H.-R., Bray, F., Forman, D., Mathers, C. & Parkin, D. M.
(2010), ‘Estimates of worldwide burden of cancer in 2008: GLOBOCAN 2008’,
International Journal of Cancer 127(12), 2893–2917.

Fingerle, A. A., Willner, M., Herzen, J., Münzel, D., Hahn, D., Rummeny, E. J.,
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Gaass, T., Potdevin, G., Bech, M., Noël, P. B., Willner, M., Tapfer, A., Pfeiffer,
F. & Haase, A. (2013), ‘Iterative reconstruction for few-view grating-based
phase-contrast CT—an in vitro mouse model’, EPL (Europhysics Letters)
102(4), 48001.

Ge, Y., Li, K., Garrett, J. & Chen, G.-H. (2014), ‘Grating based X-ray differential
phase contrast imaging without mechanical phase stepping’, Optics Express
22(12), 14246.

Gkoumas, S., Wang, Z., Abis, M., Arboleda, C., Tudosie, G., Donath, T., Brönni-
mann, C., Schulze-Briese, C. & Stampanoni, M. (2016), ‘Grating-based inter-
ferometry and hybrid photon counting detectors: towards a new era in X-
ray medical imaging’, Nuclear Instruments and Methods in Physics Research
Section A: Accelerators, Spectrometers, Detectors and Associated Equipment
809, 23–30.



Bibliography 115

Golomb, F. M., Doyle, J. P., Grin, C. M., Kopf, A. W., Silverman, M. K. &
Levenstein, M. J. (1991), ‘Determination of preexcision surgical margins of
melanomas from fixed-tissue specimens’, Plastic and Reconstructive Surgery
88(5), 804–809.

Grandl, S., Willner, M., Herzen, J., Mayr, D., Auweter, S. D., Hipp, A., Pfeiffer,
F., Reiser, M. & Hellerhoff, K. (2013), ‘Evaluation of phase-contrast CT of
breast tissue at conventional X-ray sources – presentation of selected findings’,
Zeitschrift für Medizinische Physik 23(3), 212–221.

Grandl, S., Willner, M., Herzen, J., Sztrókay-Gaul, A., Mayr, D., Auweter, S. D.,
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Noël, P. B. & Pfeiffer, F. (2015), ‘Non-invasive differentiation of kidney stone
types using X-ray dark-field radiography’, Scientific Reports 5, 9527.

Schleede, S. (2013), X-ray Phase-Contrast Imaging at a Compact Laser-Driven
Synchrotron Source, Phd thesis, Technische Universität München, Germany.

Schmitzberger, F. F., Fallenberg, E. M., Lawaczeck, R., Hemmendorff, M., Moa,
E., Danielsson, M., Bick, U., Diekmann, S., Pöllinger, A., Engelken, F. J.
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E., Noël, P. & Pfeiffer, F. (2014), ’Simulated cystic renal lesions: quantitative
X-ray phase-contrast CT – an in vitro phantom study’, Radiology 272(3), 739-748.

Fu, J., Biernath, T., Willner, M., Amberger, M., Meiser, J., Kunka, D.,
Mohr, J., Herzen, J., Bech, M. & Pfeiffer, F. (2014), ’Cone-beam differential
phase-contrast laminography with X-ray tube source’, EPL (Europhysics Letters)
106(6), 68002.

Fu, J., Willner, M., Chen, L., Tan, R., Achterhold, K., Bech, M., Herzen,
J., Kunka, D., Mohr, J. & Pfeiffer, F. (2014), ’Helical differential X-ray phase-
contrast computed tomography’, Physica Medica 30(3), 374-379.
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Birnbacher, L., Schüttler, M., Kunka, D., Meyer, P., Faisal, A., Amberger, M.,
Duttenhofer, T., Weber, T., Hipp, A., Ehn, S., Walter, M., Herzen, J., Schulz,
J., Pfeiffer, F. & Mohr, J. (2016), ’Increasing the field of view in grating based
X-ray phase contrast imaging using stitched gratings’, Journal of X-Ray Science
and Technology 24(3), 379-388.

Mohajerani, P., Hipp, A., Willner, M., Marschner, M., Trajkovic-Arsic,
M., Ma, X., Burton, N., Klemm, U., Radrich, K., Ermolayev, V., Tzoumas,
S., Siveke, J., Bech, M., Pfeiffer, F. & Ntziachristos, V. (2014), ’FMT-PCCT:
hybrid fluorescence molecular tomography X-ray phase-contrast CT imaging of
mouse models’, IEEE Transactions on Medical Imaging 33(7), 1434-1446.
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