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Abstract
Improved three-dimensional biomedical imaging can give a better understanding of tissue structure, growth and diseases. Most present imaging
techniques that provide cellular spatial resolution are based on visible or
infrared light. These methods cannot image deeper than a millimeter into
tissue. Consequently, larger samples cannot be completely imaged without
sectioning. Techniques that are typically used to image larger samples don’t
provide sufficient contrast and resolution to image cellular-sized features in
soft tissues. There is a need for new imaging methods that can fill the
gap between present methods. For practical reasons, compact equipment
is preferred, to enable close connection to other research and applications.
Furthermore, minimized sample preparation both reduces the work needed
and the time until results are ready.
In this Thesis, propagation-based phase-contrast tomography with
liquid-metal-jet x-ray sources has been investigated for high-resolution
three-dimensional biomedical imaging. By using phase contrast, the
contrast for cellular-sized features in soft tissue is vastly increased
compared to absorption, also in larger samples. The high resolution relies
on using an x-ray source with small emission spot, but also with high
power to keep exposure times reasonable.
This Thesis is about developing and optimizing experimental methods
and image reconstruction algorithms. A new method to remove ring artifacts was developed and tested, and a comparison of multi-material phaseretrieval algorithms was made. The improvements provide better contrast
and resolution, as well as reduce noise and artifacts. The improved image
quality is demonstrated in a few biomedical applications. It is shown that
the method can image 5 µm large myofibrils in whole-body zebrafish, despite
the small size and low contrast of myofibrils. A high-resolution tomography of a mouse can be done fast by using a specialized high-power source.
The image quality in tomographies of both human coronary arteries and a
mummified human hand is sufficient to analyze the tissues and cellular-sized
features, which is something that could be called virtual histology.
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Sammanfattning
Förbättrad tredimensionell biomedicinsk avbildning kan ge en bättre förståelse av vävnadsstruktur, tillväxt och sjukdomar. De flesta av dagens avbildningstekniker som ger cellulär upplösning är baserade på synligt eller
infrarött ljus. Dessa metoder kan inte avbilda mer än en millimeter ner i
vävnad. Därför kan inte större prov avbildas i sin helhet utan att snittas.
Tekniker som vanligen används för att avbilda större prover ger inte tillräcklig kontrast och upplösning för att avbilda strukturer av cellulär storlek i
mjuk vävnad. Det finns ett behov av nya avbildningsmetoder som kan fylla
utrymmet mellan befintliga metoder. Av praktiska skäl föredras att använda
kompakt utrustning, för att möjliggöra nära koppling till annan forskning
och tillämpningar. Dessutom, minimerade förberedelser av proven reducerar
både arbetsinsatsen och tiden tills resultaten är klara.
I den här doktorsavhandlingen har propagationsbaserad faskontrasttomografi med metallstråleröntgenkällor undersökts för högupplöst
tredimensionell avbildning. Genom att använda faskontrast kan kontrasten
för strukturer av cellulär storlek i mjukvävnad ökas markant jämfört
med absoption, även i större prover. Den höga upplösningen hänger på
användandet av en röntgenkälla med liten emissionsspot, men även med
hög effekt för att hålla exponeringstider korta.
Den här doktorsavhandlingen handlar om att utveckla och optimera experimetella metoder och bildrekonstruktionsalgoritmer. En ny metod för
att ta bort ringartefakter utvecklades och testades, och en jämförelse av
flermaterials-fasrekonstruktion gjordes. Förbättringarna ger bättre kontrast
och upplösning, men minskar också brus och artefakter. Den förbättrade
bildkvaliteten visas i några biomedicinska tillämpningar. Det visas att metoden kan avbilda 5 µm stora myofibriller i hela zebrafiskar trots den lilla
storleken och låga kontrasten hos myofibriller. En högupplöst tomografi av
en mus kan göras snabbt genom att använda en specialiserad högeffektskälla. Bildkvaliteten i tomografier av både mänskliga kranskärl och en mummifierad mänsklig hand är tillräcklig för att analysera vävnader och strukturer
av cellulär storlek, vilket är något som skulle kunna kallas virtuell histologi.
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Chapter 1

Introduction
Imaging is an extremely versatile tool and is used in anything from complicated applications at huge research facilities to personal photos taken with
tiny devices that almost everyone have in their pockets. Of course, most
common is to use visible light for imaging, but many other types of waves
or particles, such as infrared light, neutrons or ultrasound, are used for
more specialized applications. In microscopy the imaging resolution makes
it possible to resolve and observe features too small to be seen by the naked
human eye. With x-rays, imaging can also be done deep inside objects.
The combination of these two, x-ray microscopy, provides the possibility of
high-resolution three-dimensional (3D) imaging in thick objects.

1.1

Background

By serendipity, Wilhelm Conrad Röntgen discovered x-rays in 1895 as he
was testing the properties of a cathode ray tube [1]. In his first publication
on x-rays, Röntgen found no way to deflect, reflect or polarize the x-rays, but
found that the transmission through a material depends on its thickness,
density and composition. Furthermore, he realized that x-rays in some
aspects are similar to ultraviolet light. This connection was indeed true,
x-rays are part of the electromagnetic spectrum, just like visible light and
ultraviolet light.
In the founding of quantum mechanics, the wave-particle duality was
discovered. To fully describe the properties of x-rays, or any other electromagnetic radiation, both the particle theory and wave theory must be
used. Propagation of x-rays is best described using the wave theory, but
when the same x-rays are detected in the camera, they behave like particles. The wavelength 𝜆 distinguishes x-rays from other electromagnetic
waves, as shown in Figure 1.1. The particles, photons, will have a related

2 | INTRODUCTION

Infrared
1 eV

Visible
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100 nm
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Soft x-rays

Ultraviolet
10 eV

Wavelength
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Photon energy

100 pm
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Hard x-rays
10 keV
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Gamma rays

100 keV

1 MeV

Figure 1.1. X-rays in the electromagnetic spectrum. This Thesis is about hard
x-rays, penetrating deeper into matter than soft x-rays.

energy 𝐸 = ℎ𝑐/𝜆, where ℎ is the Planck constant and 𝑐 the speed of light.
The energy is often measured in electronvolts, eV, where 1 eV is defined
as the energy an electron obtains when accelerated across a 1 V potential.
With photon energy in eV and wavelength in nanometers the relation is
𝐸 [eV] = 1239.84/(𝜆 [nm]). The x-rays used in this Thesis have photon
energies in the order of 10 keV and wavelengths in the order of 0.1 nm.
In many cases the development of x-ray equipment and imaging methods
went hand in hand. This is also true for the work in this Thesis, since it
relies on a source with both small emission spot size and high power. The
initial cathode ray tubes were extremely inefficient and provided large x-ray
emission spots. The early development of the heated cathode increased the
efficiency, and quite soon the heat load limit, i.e., the power density limit
where the solid anode starts melting, was reached. This limit was further
increased in the 1920’s by introducing a rotating anode, to spread the heat
load over a larger area. Much later, in 2003, a high power microfocus x-ray
source with a liquid-jet anode was presented [2]. In the meanwhile, largescale facilities called synchrotrons have been developed, where electrons
accelerating in magnetic fields cause the x-ray emission.
In contrast to visible light, x-rays are not easily refracted with lenses.
Instead, they can for example be focused using reflection in grazing incidence mirrors [3] or diffraction in Fresnel zone plates [4]. The fabrication
of focusing components is difficult and is a separate research topic in itself.
The development of x-ray optics has enabled imaging and analysis, both at
the microscale and nanoscale [5], with applications in many sciences. Except the traditional transmission imaging based on absorption, x-rays can
also be used to understand the inner structures of a material by analyzing
the scattered radiation, such as in protein crystallography or small angle
x-ray scattering. By using spectroscopic techniques, minute concentrations
of certain materials can be detected thanks to their different dependence
on x-ray energy compared to the surroundings, for instance by measuring
x-ray fluorescence or absorption edges.
Another contrast mechanism is phase, which arises from the variations
in refractive index. Visible light phase-contrast microscopy was initially
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developed by F. Zernike, and the in-line holography method by D. Gabor [6].
For x-rays, phase is particularly useful when imaging materials with modest
absorption, such as soft biological tissues, where phase can still be prominent
and used to give good image contrast. There are several techniques to
generate x-ray phase contrast [7]. They differ in how contrast is formed,
and have different requirements on the properties of the source, detector
and optical components. In 1965, an x-ray interferometer was presented [8],
allowing exact measurement of refraction but with high requirements on the
x-ray source as well as on finely produced crystals. The use of propagationbased phase-contrast imaging (PBI) is done without optical components,
and the requirements on source and detector are modest. Its implementation
on a laboratory source was first demonstrated by Wilkins et al. [9] in 1996.
The disadvantage of propagation-based phase contrast is the difficulty to
define the phase correctly, in a process called phase retrieval [10]. Compared
to other phase contrast methods, PBI is still the best method to use for
high-resolution imaging with laboratory sources [11].
A cornerstone to this Thesis is computed tomography (CT). It is a
method to obtain 3D images by acquiring projection images at different
angles. It was developed by G.N. Hounsfield and A.M. Cormack and first
clinically used in 1972 [12]. In a CT section, the features are not superimposed as in a projection image, making different organs more easily distinguished. Today, CT is an important imaging technique and often used in
hospitals.
It should also be noted that much of the mathematical background to
this Thesis was developed already centuries ago. The wave theory of light
was introduced by C. Huygens already in the 17th century, and refined by AJ. Fresnel in the 19th century. The mathematics behind the reconstruction
of images in CT was presented in 1917 by J. Radon. A very important part
in numerical image modeling, image processing and reconstruction is Fourier
transforms, introduced by J. Fourier in 1822. The Fourier transform, here
commonly used in two dimensions, will be denoted
∞

ℱ[𝑔(𝑥, 𝑦)](𝑢, 𝑣) = ∬

𝑔(𝑥, 𝑦)𝑒−2𝜋i(𝑢𝑥+𝑣𝑦) d𝑥d𝑦

(1.1)

−∞

throughout this Thesis. The position coordinates 𝑥 and 𝑦 are transverse
to the x-ray propagation direction, which will be denoted 𝑧. The ordinary
spatial frequencies 𝑢 and 𝑣 correspond to the directions of 𝑥 and 𝑦, respectively. Although the underlying mathematics is old, its implementation
in this Thesis would not have been possible without digital cameras and
modern computers, due to the complexity arising from having huge data
sizes.
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1.2

Scope

Imaging of biomedical soft tissue samples can give a much better understanding of tissue structure, growth and disease. Presently, most highresolution biomedical imaging techniques are based on visible or infrared
light. The distance that light can travel in tissue and still provide high
resolution is limited to less than a millimeter. Furthermore, the contrast
often relies on the availability of dyes that can bind to the features of interest. Destructive sectioning of the sample into smaller pieces is possible,
but requires chemical treatment and potentially distorts the object which
makes a 3D image reconstruction very difficult. Many biomedical features
of interest is in the cellular size range, so imaging at lower resolutions is
often not relevant.
Since x-rays have much longer penetration depth in soft tissues than
visible light, much larger objects can be imaged in 3D. The short wavelength
of x-rays fundamentally allows for atomic resolution, but is typically limited
to lower resolutions by the equipment. Lower-energy x-rays give very good
contrast also for soft tissues, whereas only higher energy x-rays provide the
penetration depth to image large samples. This contradiction is solved by
using phase contrast, that give better contrast for soft tissues also for higher
x-ray energies.
The challenge in this Thesis is the combination of these four requirements: high resolution, high contrast sensitivity, large samples and biomedical relevance. In other words, this means cellular resolution within soft tissue in centimeter-sized samples. For practical reasons, the imaging should
be accessible close to the application, and therefore laboratory sources are
used instead of synchrotron radiation facilities. Obtaining natural contrast
from the sample avoids the use of stains, which eliminates the potentially
damaging chemical sample treatment and need for stain availability.
To accomplish this challenge, three key factors are essential: First, the
image formation process must be optimized, and therefore well understood,
both regarding how contrast is formed in the experimental process, as well
as how to best treat the images to obtain a high-quality 3D reconstruction.
Second, the equipment must be suited for the experiment, which includes
using high-performance equipment and, even more importantly, accurately
controlling the function of the equipment in order to optimize experiment
and reconstruction. Third, the sample must also be understood since optimal settings of equipment, experiment and reconstruction depend on the
sample composition.
In summary, this Thesis is about handling these challenges from a perspective relevant for biomedical imaging. Methods have been developed
and optimized to obtain cellular resolution with sufficient contrast to iden-
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tify relevant features within soft tissues from their natural contrast. To
simultaneously image both small features and larger structures, imaging
was done in 3D of centimeter-sized samples. Furthermore, this Thesis is
focused on using tabletop equipment.

1.3

Outline of Thesis

This Thesis consists of six chapters. In this chapter, a short historical
background to some developments especially important to this Thesis was
given. The equipment needed for x-ray imaging is described in Chapter 2,
mostly focused on the equipment used in PBI. In Chapter 3, techniques
for x-ray imaging are described. First, the conventional absorption-contrast
imaging, and second, a review of several phase-contrast imaging methods
with the main focus on PBI. Finally, a selection of other imaging techniques
are briefly described. The core of this Thesis is Chapter 4. There, imaging performance in PBI is outlined by four key factors: contrast, resolution,
avoiding noise and avoiding artifacts. Together with the biomedical applications described in Chapter 5, these two chapters also connect the Thesis text
with the publications included in the Thesis. Finally, Chapter 6 presents
the conclusions of the work for this Thesis, and also gives a possible outlook
for future work in this topic.
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Chapter 2

Equipment for x-ray imaging
Two types of equipment are always needed in an x-ray imaging system, an xray source to generate the x-rays and an x-ray detector to detect them. Both
source and detector come in very different varieties, often specialized to the
application. In this chapter, a brief overview of sources and detectors used
for high-resolution imaging is given, with a more elaborate description of
the specific equipment used in the work for this Thesis. Medical equipment
is typically designed differently, adapted for low-resolution imaging, and is
not considered here. There is also components to manipulate x-ray beams,
such as zone plates, mirrors, gratings, etc. Zone plates have been used to
image the source emission spot, (see Figure 2.3). Otherwise, no focusing
components have been used.

2.1

X-ray sources

An x-ray source is the component used to generate x-rays. There are two
commonly used methods to generate x-rays which will be described here.
The first idea is to use a beam of high-energy electrons impacting on a
material, which generates x-rays emission from both the electrons and the
material. This type of x-ray source is called an electron-impact source, and
is often small enough to fit on a tabletop, inside a medical apparatus or in
special cases even in a handheld device. The second idea is to let the beam
of highly energetic electrons accelerate in a magnetic field, which causes
the electrons themselves to emit x-rays. This is what is done in so called
synchrotron radiation facilities.
In assessing the quality of an x-ray source, coherence is important. Coherence is a measure of the ability of the wave to create interference, and is
essentially the correlation of the wave with itself at another point. Higher
coherence means that the wave is well correlated with itself over larger

(a)

}

electron gun

vacuum

electron beam > > >

– kV

(b)

electron optics

cathode

x-rays > > >
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x-rays > > >
transmission
anode

reflection
anode

Figure 2.1. Sketch of microfocus x-ray sources. (a) A transmission-type x-ray
source, where the x-rays transmitted through the anode are used. In present technology, this type allows the smallest spot sizes. (b) A reflection-type x-ray source,
where the x-rays exit on the same anode surface as the electrons are incident. The
electron gun and optics are identical to the transmission-type source.

distances. In the direction of propagation the coherence is referred to as
temporal (or longitudinal), and in the direction perpendicular to propagation it is referred to as spatial (or transverse). The temporal coherence
relates to the spectral bandwidth where a lower bandwidth allows a higher
temporal coherence. An ideal monochromatic source gives infinite temporal
coherence. The spatial coherence relates to the source size and the distance
from the source, where a smaller size and longer distance gives a higher
spatial coherence. In Section 2.1.4 an overview comparison of four source
types is presented.
2.1.1

Electron-impact x-ray sources

The cathode-ray tube that Röntgen used when he discovered x-rays is a simple type of electron-impact x-ray source. A high voltage is applied between
the cathode (negative) and anode (positive) to accelerate the electrons from
the cathode to the anode. The kinetic energy 𝐸 for one electron depends on
the electron charge 𝑒 and acceleration voltage 𝑉. An electron accelerated by
a 70 kV potential will have an energy of 70 keV. To make the x-ray source
efficient, it is kept at high vacuum, and the cathode is adapted to easily
emit electrons. This includes to select a material with low work function,
i.e., from where the electrons can easily escape. In the sources used in this
Thesis, the cathode material is lanthanum hexaboride, LaB6 . Furthermore,
the cathode is heated to give the electrons the energy to escape.
The x-ray emission will take place in the parts of the anode that is exposed to the electron beam. When a small x-ray emission spot is desired,
the electron beam must therefore be focused into a small spot on the anode surface. This is done by using electron optics, meaning a set of coils,
that generates a magnetic field that shapes and focuses the electron beam.
Figure 2.1 shows a sketch of two types of focused electron-impact sources.
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Figure 2.2. Characteristic line emission, Bremsstrahlung emission, and a typical
generated spectrum. (a) In characteristic line emission, a primary electron (1) at
high energy knocks away a bound electron (2) from an atom. An electron at a
higher energy level in the atom (3) will relax, emitting a photon. The photon
energy is the difference in the electron energy levels. (b) In Bremsstrahlung, the
primary electron emits energy while decelerated in the electric field of a nucleus.
(c) a typical spectrum from a source with a gallium-indium-tin target, at 70 kV.

The size of the emission spot depends on the size of the electron beam focus, but also on the scattering of electrons within the anode, which in turn
depends on the acceleration voltage and the geometry. A thin transmission
anode allows for smaller spot sizes than a reflection anode. In a reflection
anode, the spot size in the direction parallel to the electron beam is mostly
limited by the penetration depth of the electrons into the material, whereas
in the other direction by the focus size and the scattering [13]. This will
vary depending on several parameters, such as acceleration voltage, anode
composition and geometry.
X-ray emission from the anode is composed of characteristic line emission and Bremsstrahlung [14, p. 9]. Characteristic line emission is emission at discrete energies, dependent on the atoms in the anode, thus called
characteristic. The characteristic energies depend on the difference in electronic energy levels in the atom. These energies are tabulated for example
in the x-ray data booklet [15]. Bremsstrahlung, or braking radiation, is
generated when an incoming electron changes direction in the vicinity of
a nucleus. This generates a continuous emission spectrum, with the limit
that the emitted x-ray photon cannot have more energy than the incoming electron. Figure 2.2 shows models of an atom emitting characteristic
line emission and emitting Bremsstrahlung as well as an example spectrum
from a Metal-Jet D2 source (Excillum AB, Sweden). The spectrum shows
the spectral brightness, which was calculated by separately measuring the
spectrum and the spot size. It should be noted that both the spot size and
spectrum are difficult to measure quantitatively with high precision. At the
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Figure 2.3. The liquid-metal-jet source and x-ray emission spots. (a) Illustration
of the emission spot from the anode. Since electrons will scatter inside the anode,
the emission volume is larger than what is directly reached by the incident electron
beam. (b) Zone plate imaged emission spots at three different acceleration voltages.
The horizontal size increases with acceleration voltage whereas the vertical size is
almost unaltered. Scale bar is 5 µm and applies to all three images.

emission lines, the actual spectral brightness is higher than the measured
value, since the measurement there is limited by the energy resolution of
the spectrometer.
The natural way to increase the spectral brightness in a microfocus
source is to increase the power of the electron beam, while keeping all other
settings the same. The electron-impact method to produce x-rays is very
inefficient, and most of the energy is converted to heat in the anode. At
a certain electron beam power density (W/mm2 ), the electron beam will
cause the anode to melt. This limit is typically around 100 kW/mm2 for
microfocus sources [2]. Some tricks can be used to increase this limit, such
as applying a line focus for the electron beam with angled viewing for the
x-rays, causing the apparent x-ray spot size to be smaller than the actual
electron beam size. Furthermore, a rotating anode can be implemented,
distributing the heat over a larger area.
Another option to avoid the power density limit is to abandon the solid
anode and instead use a jet of liquid metal as anode. The liquid-metal-jet
x-ray source [2] was invented and developed within the group of Biomedical
and X-ray Physics at KTH. It allows to apply much higher power densities
than to solid anodes, even beyond evaporation of the metal. A high speed
metal jet effectively removes the heat, and is also regenerative. This enables
around 100× higher power density than in a classical microfocus source [2].
Figure 2.3 shows an illustration of a liquid-metal-jet source and images of
the source emission spot, taken with zone plate imaging. The spot size is in
the horizontal direction primarily limited by the electron penetration depth
into the anode, while the vertical size is dependent on electron beam focusing
and scattering within the anode. At an increased acceleration voltage, the
penetration depth increases while the focusing can still be kept constant.
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2.1.2

Synchrotron radiation facilities

A way to generate very powerful beams of x-rays is employed at synchrotrons [16, 17]. There, electrons travel at relativistic speed in a storage
ring. The beam position and shape are controlled by advanced electron optics. At certain places along the storage ring, devices like bending magnets,
wigglers or undulators are inserted. The primary purpose of bending magnets is to turn the electron path to follow the storage ring. The side effect,
as electrons accelerate in a magnetic field, is that x-rays are produced. As
the electrons travel at relativistic speed, most radiation is emitted in the
forward direction. To generate a more powerful beam of x-rays, the electrons are made to wiggle or undulate in an alternating magnetic field. This
produces a very strong beam of x-rays with low divergence. Even though
the effective spot size is larger than in a microfocus source, the high flux and
low divergence produces a spectral brightness several orders of magnitude
larger than the microfocus source. At a distance, very high spatial coherence can be achieved, while the flux is still high. With subsequent devices
to manipulate the x-ray beam, such as monochromator crystals, the final
x-ray beam can be carefully designed for specialized experiments.

2.1.3

Other types of sources

A very special type of x-ray source is an x-ray free electron laser (XFEL),
where radiation is generated in a similar way as at a synchrotron. However, the electrons are not recirculated in a storage ring, but only used once
in a linear accelerator. This allows better control of the electron beam,
which can be passed through a long undulator in very short pulses. The
electron beam will interact with the radiation generated by itself, forcing
the electrons to form microbunches in a process called self-amplified spontaneous emission [15]. The x-ray beam can have very high spatial coherence
and short duration, which allows for even more advanced experiments than
what is possible at synchrotrons.
There are also smaller synchrotron-like sources being developed, for example the Lyncean Compact Light Source. A laser beam, which acts as
a short-period undulator, interacts with an electron beam. This produces
inverse Compton scattering, which gives a strong forward-directed x-ray
beam. The Lyncean source is much smaller than a synchrotron, but still
much larger than an electron-impact source. It provides radiation that in
many aspects is similar to synchrotron radiation, but with lower flux [18].
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2.1.4

Source comparison

The x-ray source performance is important for imaging. A relevant source
comparison must consider several parameters, which all depend on what
experimental setup that is used. Table 2.1 shows a selection of typical
values for four different sources. These values vary with settings, but are
intended to provide a quick overview.
A commonly used quantity to compare source quality is spectral
brightness [14, p. 193], also known as brilliance. It is the number of
photons per second within a specified energy interval, per source area
and solid angle. Typically, the energy interval is 0.1% bandwidth,
meaning 0.1% frequency variation around the central frequency. The unit
of spectral brightness is therefore photons/((s⋅mm2 ⋅mrad2 ⋅(0.1%BW)).
An x-ray source with high flux, high temporal coherence and high
spatial coherence will have a very high spectral brightness. The spectral
brightness cannot be increased by focusing, but ideal optical components
will maintain the original value. Considering only spectral brightness,
synchrotrons and XFELs are far superior to the smaller sources. In an
XFEL, the spectral brightness during the very short x-ray pulse can be an
incredible 1033 photons/s/mm2 /mrad2 /0.1%BW [19], which is far higher
than the time-averaged spectral brightness presented in Table 2.1.
For the propagation-based phase contrast used in this Thesis, the requirements on temporal coherence are low, and it is therefore more relevant
to compare the total brightness within a much broader bandwidth than
0.1%. Instead, a small emission spot and a large beam divergence are important, since it allows a geometric magnification that makes the object
resolution better than the detector resolution. This is discussed in more
detail in Section 4.2. For other types of x-ray experiments, monochromators and focusing components must be used, which is often not feasible at
conventional electron-impact sources because the photon flux becomes too
low. In that case, high spectral brightness is important, and only a tiny
solid angle of the beam is used. The best source choice therefore depend on
the requirements in the experiment.
Also, practical considerations such as accessibility and cost are important. Many routine uses of x-rays don’t put that high requirements on the
experimental setup, but require quick accessibility and must sometimes be
done close to other facilities, such as in a hospital. For that type of use, a
compact electron-impact source is a good choice. Synchrotrons and XFELs
are very large facilities that are a few orders of magnitude more expensive
than an electron-impact source. Typically, the users must apply in advance
for beam time. There are only a few operational XFELs and approx. 70
synchrotrons in the world. Every XFEL only has one beam and a typical
synchrotron has 10–30 experimental stations around the ring. These facili-
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Table 2.1. Table of some selected important quantities for source performance
in the 10-keV regime. The values provide order-of-magnitude indications for a
liquid-metal-jet source [20], Lyncean CLS [18], a typical synchrotron undulator
beamline [14, p. 154] and an XFEL [19].

ties are therefore suited for specialized experiments with high requirements.

2.2

Detectors

The detection of x-rays is not a trivial task. Both the position and the
energy of a photon is of interest. A good detector must have high resolution, high efficiency and low noise. To make imaging practical, parameters
like the field of view and the read-out time are also important. In this
Thesis, detectors that have two-dimensional spatial resolution will be referred to as cameras, and detectors that measure the x-ray photon energy
as spectrometers. Most cameras don’t measure the photon energy, and most
spectrometers don’t measure the position. There are of course exceptions,
such as application-specific integrated circuits adapted for clinical spectral
CT [21, 22], crystallography [23] or fluorescence spectroscopy [24]. In the
future such detectors will likely be even more technically developed and popular. Although spectrometers have been used for measuring source spectra,
cameras are much more important to this Thesis. The cameras used here are
scintillation cameras, which are described in detail below. Direct-detection
detectors, used for spectrometers and show a promising outlook to be more
widely used as cameras, are shortly mentioned.
2.2.1

Scintillation cameras

A scintillation camera contains two main components: a scintillator that
converts the x-rays to visible light, and a sensor measuring the intensity

Point spread function
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Figure 2.4. Illustration of a scintillation camera. The incident x-ray photon is
absorbed in the scintillator, and a cascade of visible light photons are generated.
The visible light is transmitted through the fiber-optic plate to the CCD detector.
The detector point-spread function depends primarily on the spread of visible light
in the scintillator.

of that visible light. In high-resolution cameras, the scintillator is not deposited directly on the sensor, but there is an optical system in between
that prevents the x-rays from reaching the sensor and giving false signal
and damage. The optical system can be either a set of lenses similar to a
microscope, or a fiber-optic plate. In this Thesis, cameras with fiber-optic
plates have been used. A sketch of the most important components in the
cameras is shown in Figure 2.4. To obtain good x-ray image quality, the
scintillator is important. The generation of visible light from ionizing radiation – scintillation – builds on the fact that energy from the x-rays is
absorbed in the scintillator, which should therefore be thick to have a high
absorption efficiency. The visible light is then emitted by the scintillator
in all directions. Therefore, all visible light generated from one x-ray photon will not end up all in one pixel. The light will instead be distributed
in several pixels, and this spread is modeled using a point spread function
(PSF). For high-resolution imaging, a narrow PSF is important. The PSF
depends on the geometry, so a thinner scintillator is beneficial to keep the
PSF narrow. There is consequently a conflict between getting high absorption efficiency and getting high resolution. There are improvements
to this, such as making the scintillator structured [25, 26]. However, this
is difficult when the highest resolution is required. The scintillators used
in this Thesis are a gadolinium oxysulfide (Gd2 O2 S, gadox) unstructured
powder scintillator and a cesium iodide (CsI) needle grown scintillator. The
gadox scintillator has much higher resolution, whereas the CsI scintillator
has higher absorption efficiency for higher x-ray energies. The choice of
scintillator is very important, and has previously been studied at the KTH
Biomedical & X-ray Physics [27, 28].
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2.2.2

Mathematical framework for camera performance

The complicated question of finding the optimal scintillator needs a mathematical framework. Typically, detector performance is mathematically
modeled in Fourier space. This modeling is nicely described in Handbook of
Medical Imaging [29], and will be briefly introduced here. The assumptions
are basically that the detector is linear (an increase in incident photon flux
gives a linear increase in image intensity) and shift invariant (the detector response behaves the same across the whole field of view). One very
important quantity is the modulation transfer function (MTF),
MTF(𝑢, 𝑣) = |ℱ[PSF(𝑥, 𝑦)]|,

(2.1)

which is a good measure of detector resolution. Commonly the PSF can be
assumed to be rotationally symmetric, and consequently the MTF can be
written as a function of a radial spatial frequency 𝑓. The MTF is normalized
such that MTF(0) = 1. At any other spatial frequency, the detected signal
is reduced (MTF < 1). A detector with high resolution has a high MTF
also at high spatial frequencies.
The MTF only quantifies the resolution of a camera. Other properties
like the efficiency and the noise properties are also important. Ultimately,
the noise is limited by photon noise, in this case from the variations in the
number of detected x-ray photons. The relative noise decreases with increasing number of detected photons. As every detected x-ray photon will
generate a cascade of visible light photons in the scintillator, the noise properties are altered in the detection process. Provided that other types of noise
can be disregarded, the noise at low spatial frequencies, is mainly limited
by the number of x-ray photons. However, at higher spatial frequencies, the
noise is more dependent on the number of visible light photons generated
in the scintillator. The noise across different spatial frequencies is pictured
in a noise power spectrum (NPS). The NPS is often normalized (NNPS),
resulting in that NNPS(0) ≳ 𝜂−1 , where 𝜂 is the absorption efficiency [28].
Image quality is often assessed by the signal-to-noise ratio (SNR). The
SNR will be described in more detail in Chapter 4. The incident SNR
before the detector is limited by the quantization of x-ray photons. Any
real detector will detect a lower SNR than the SNR of the incident flux.
A better detector retains a higher SNR. Perhaps the most reasonable and
justified measure of the quality of an x-ray camera is the detective quantum
efficiency (DQE), which compares the incident and detected SNR as
DQE(𝑓) = (

SNRout (𝑓)
MTF2 (𝑓)
) =
.
SNRin (𝑓)
NNPS(𝑓)
2

(2.2)

An ideal camera would have DQE(𝑓) = 1. A real camera has DQE(𝑓) ≤
DQE(0) ≲ 𝜂 ≤ 1. Both the absorption efficiency and number of visible
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Figure 2.5. Camera MTF, NNPS and DQE. Measured on a VHR camera (Photonic Science, UK), with 9 μm pixels and a 15 μm (5 mg/cm2 ) gadox scintillator.
Data from [27].

light photons generated per x-ray photon are dependent on the x-ray energy. Therefore, the NNPS and DQE are both dependent on the incident
x-ray spectrum. The MTF is approximately independent of the spectrum.
Examples of MTF, NNPS and DQE are shown in Figure 2.5. The detector pixel size 𝑝 sets a limit for the maximum spatial frequency that can be
sampled by the detector, the Nyquist frequency, 1/(2𝑝).
2.2.3

Direct-detection detectors

In a direct-detection detector, the incident x-ray photon is converted to a
pulse of electrical charges directly, without the visible light as an intermediate step. As an x-ray photon is absorbed in a semiconductor, its energy
will generate both conduction band electrons and valence band vacancies
(holes). The electrons and holes can both move freely within the semiconductor. As a bias voltage is applied, the electrons and holes are forced
to go in different direction and the charge can be registered. The amount
of charge that is generated is proportional to the x-ray energy. An x-ray
spectrometer measures the charge generated by a single x-ray photon.
Spectrometers commonly have only one sensitive element, and therefore
do not provide any spatial resolution. However, hybrid detectors, directdetection detectors that are pixelated, have been developed. Here, the PSF
is primarily governed by the scattering length in the detection process, not
by the thickness of the x-ray sensitive layer [23]. Like in a spectrometer, a
bias voltage forces the charges to separate, but they are instead registered in
an application specific integrated circuit that is similar to a CMOS detector.
This technology can count single photons, and potentially measure energy.
Today, the resolution is moderate, but the development shows potential for
localizing the x-ray incidence at much higher precision [30].
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Chapter 3

Techniques for x-ray imaging
Except the conventional attenuation-contrast x-ray imaging, there are many
other techniques to obtain images using x-rays. Additional contrast can be
obtained by imaging at two x-ray energies, or by exploiting the phase shifts
in the object. In significantly different experimental arrangements, imaging can be performed by using x-ray backscattering, far-field diffraction
techniques such as small angle x-ray scattering, coherent diffraction imaging and ptychography or by using spectroscopic techniques such as x-ray
fluorescence or near-edge spectroscopy. This chapter does not attempt to
give a full description of all x-ray imaging techniques, but is focused on
propagation-based imaging (PBI). Attenuation-contrast imaging as well as
some other phase-contrast techniques are also introduced briefly to allow
comparison of advantages and limitations. At the end tomography is described, a 3D reconstruction technique which is commonly used together
with x-ray imaging.

3.1

Attenuation-contrast imaging

In a conventional x-ray image, the object is uniformly illuminated by an
x-ray source and the transmitted radiation is detected behind the object.
Contrast is observed as variation in transmission across the object. In the
relevant energy range, the radiation interacts with the object in two ways:
by absorption and scattering. In the absorption process, the energy from
an x-ray photon is completely transferred to an atom in what is called the
photoelectric effect. This leads to emission of an electron, i.e. the atom is
ionized. The ionized atom will subsequently emit a fluorescence photon or
an Auger electron [14, p. 6].
The incident x-ray photon may also interact with an electron while only
transferring a part of its energy. The photon and electron are then scattered,
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Figure 3.1. Attenuation coefficients for water. Data obtained from NIST [32].
Photoelectric absorption dominates in the lower energy range, and Compton scattering dominates in the higher energy range.

with directions and energies such that both total energy and total momentum is preserved. This process is called Compton scattering, and gives a
certain angular distribution of scattered photons with different energies [31].
The phase of the photon is randomized so the scattering is referred to as
incoherent. An x-ray photon may also scatter towards a whole atom. In
this case, the scattering is elastic, meaning that no energy is transferred
from the photon to the atom. The phase is in this case not randomized,
and therefore the scattering is referred to as coherent.
Absorption and scattering will both cause an x-ray beam through an
object to lose intensity, to attenuate. Assuming an incident intensity 𝐼0
onto a homogeneous object of thickness 𝑇 (𝑥, 𝑦), the transmitted intensity 𝐼
can be written according to the Beer-Lambert law:
𝐼(𝑥, 𝑦) = 𝐼0 𝑒−𝜇𝑇 (𝑥,𝑦) ,

(3.1)

where 𝜇 is the total attenuation coefficient which is the sum of the coefficients for absorption and scattering, 𝜇 = 𝜇abs + 𝜇incoh + 𝜇coh . The attenuation coefficient is dependent on the material density, material composition
and x-ray energy. At lower energies, absorption is more dominant whereas
Compton scattering dominates at higher energies. This is illustrated in
Figure 3.1. Material data can be conveniently obtained from the National
Institute of Standards and Technology [32] and the Center for X-ray Optics [33]. At material thickness 𝜇−1 , a factor 𝑒−1 of the incident radiation
is transmitted. This thickness is commonly referred to as the attenuation
length in that material. To obtain good x-ray images, the object thickness
must be in the same order of magnitude as the attenuation length. A much
thinner object gives very low contrast, whereas a much thicker object gives
a very low transmitted signal.

TECHNIQUES FOR X-RAY IMAGING | 19

The Beer-Lambert law is only valid for monochromatic radiation. In the
case of polychromatic radiation, the fact that 𝜇 varies with energy also has
to be considered. Equation (3.1) can be rewritten to
𝐼(𝑥, 𝑦) = ∫ 𝐼0 (𝐸)𝑒−𝜇(𝐸)𝑇 (𝑥,𝑦) d𝐸.

(3.2)

Typically, 𝜇 is larger for lower x-ray energies, leading to that higher energies
(harder x-rays) are transmitted through the object to a larger extent than
lower energies. This is known as beam hardening, and may pose a problem
for imaging. Beam hardening is described in more detail in Section 4.4.1.
Furthermore, the object may have varying density or consist of various
materials. The exponential in the transmission factor must in that case be
rewritten as a path integral along the direction of propagation, 𝑧, as
𝐼(𝑥, 𝑦) = ∫ 𝐼0 (𝐸)𝑒− ∫ 𝜇(𝑥,𝑦,𝑧,𝐸)𝑑𝑧 d𝐸.

3.2

(3.3)

Phase-contrast imaging

X-rays may also interact with an object without transferring energy, i.e.
scatter elastically. In an elastic scattering process, the phase of the radiation
is altered, but not randomized. Therefore, this is called coherent scattering,
and depending on the x-ray energy and electron binding energy it may also
be referred to as Thomson scattering or Rayleigh scattering. The forwarddirected elastic scattering is important for the work in this Thesis, as it
gives rise to a phase shift. Treating the x-ray radiation as a wave, the phase
shift is illustrated in Figure 3.2.
All real materials cause both absorption and phase shift. The material
properties are commonly described in a complex refractive index
𝑛 = 1 − 𝛿 + i𝛽,

(3.4)

where the real part decrement 𝛿 represents the phase shift, and the imaginary part 𝛽 the absorption. 𝛽 is related to the absorption coefficient as
𝜇𝑎𝑏𝑠 = 2𝑘𝛽 = 4𝜋𝛽/𝜆, where 𝑘 = 2𝜋/𝜆 is the wavenumber and 𝜆 the wavelength. For hard x-rays, 𝛿 is on the order of 1000× larger than 𝛽 for materials
with low atomic number. Biological tissues consist largely of hydrogen, oxygen and carbon. Using phase instead of absorption for imaging of biological
tissues therefore provide the possibility of vastly increased contrast. Furthermore, the ionizing x-ray radiation may be harmful to biological tissues,
for example, by breaking DNA strings. It is therefore important to keep
the radiation dose delivered to the sample low, at least for in vivo imaging.
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The increased contrast can therefore also provide a much more dose efficient
way of imaging, compared to attenuation-contrast imaging.
A plane wave of electromagnetic radiation, 𝑈0 , passing through a material of thickness 𝑇, can be written
𝑈 = 𝑈0 𝑒i𝑛𝑘𝑇 = 𝑈0 𝑒i𝑘𝑇 × 𝑒−i𝑘𝛿𝑇 × 𝑒−𝑘𝛽𝑇 ,

(3.5)

where the three exponentials represent the original wave, phase shift and
absorption, respectively. Considering that 𝜇 and 𝛿 may vary across the
object, the amplitude attenuation 𝑎 and phase shift 𝜙 through the object
can be introduced as
𝑎(𝑥, 𝑦) =

1
∫ 𝜇(𝑥, 𝑦, 𝑧)d𝑧
2

and

𝜙(𝑥, 𝑦) = −

2𝜋
∫ 𝛿(𝑥, 𝑦, 𝑧)d𝑧 (3.6)
𝜆

and the plane wave transmitted through an object can instead be written
𝑈 (𝑥, 𝑦) = 𝑈0 𝑒−𝑎(𝑥,𝑦)+i𝜙(𝑥,𝑦) ,

(3.7)

where the constant phase term 𝑒i𝑘𝑇 has been omitted. Both 𝑎 and 𝜙 can vary
across the projection, which will depend on object size, shape, composition
and density. Since phase can provide much stronger contrast for soft tissues
than attenuation, it is preferable to image 𝜙. However, when placing a
detector behind an object, the absorption is imaged, but not the phase.
This is because x-ray detectors measure intensity
𝐼 = |𝑈 |2 = |𝑈0 𝑒−𝑎(𝑥,𝑦)+i𝜙(𝑥,𝑦) |2 = |𝑈0 |2 𝑒−2𝑎(𝑥,𝑦) ,

(3.8)
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Figure 3.3. Free-space propagation in the near field. A plane wave from the left
is incident to an object, which absorbs and phase shifts the wave. The intensity
variations behind the object is depicted by the grayscale variations.

which is independent of phase. The fact that x-ray detectors measure intensity, but not phase, is known as the phase problem and must be circumvented
in order to exploit the possibility of higher contrast compared to absorption
imaging. The phase variations from the object must somehow be transformed into intensity variations, which can be detected. There are several
popular techniques for this. The method used in here is PBI and will be
described in detail. Other phase-contrast methods include grating-based
imaging, analyzer-based imaging, interferometry and speckle-based imaging. These methods have not been used here, but will be briefly described.
3.2.1

Propagation-based imaging

The most straight-forward way to convert phase variations to intensity variations is to use free-space propagation. By simply moving the detector further away from the object, the phase shift will cause intensity redistribution
that can be detected. No other equipment than the source and detector is
necessary. The intensity at the detector is, just like in the absorption case,
𝐼 = |𝑈 |2 . However, at a distance the intensity depends on both 𝑎(𝑥, 𝑦) and
𝜙(𝑥, 𝑦). The intensity will then vary for different propagation distances, and
at short distances, this will appear as edge enhancements. Figure 3.3 shows
an example of the intensity variations at short propagation distances.
In a general object, 𝑎 and 𝜙 may vary independently, have sharp transitions and also differ with x-ray energy. One image is not enough to completely measure both absorption and phase. Either, at least two different
images of the same projection must be taken [34], which will be referred to
as multi-image PBI, or assumptions on the relation between 𝑎 and 𝜙 must
be made, referred to as single-image PBI. In this work, single-image PBI
was used.
To understand PBI, the mathematics behind wave propagation must be
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understood. Free-space propagation can be well approximated within the
Fresnel diffraction integral, which is described in the literature [35–37]. In
the paraxial near field, the wavefront at a distance 𝑧 from the object is
𝑈𝑧 (𝑥, 𝑦) =

i
2
2
∬ 𝑈 (𝑋, 𝑌 )𝑒i𝜋((𝑥−𝑋) +(𝑦−𝑌 ) )/𝜆𝑧 d𝑋d𝑌 .
𝜆𝑧

(3.9)

The diffraction integral is converted to a simpler expression if both sides
are Fourier transformed,
ℱ{𝑈𝑧 }(𝑢, 𝑣) = ℱ{𝑈 }(𝑢, 𝑣)𝑒(i𝜋𝜆𝑧(𝑢

2

+𝑣2 ))

,

(3.10)

where 𝑢 and 𝑣 are the ordinary spatial frequencies. This makes near-field
wave propagation fairly simple, provided that both absorption and phase
are known. Here, however, the purpose is to find the unknown absorption
and phase starting from the measured intensity. The process of solving the
phase problem is known as phase retrieval. A vast range of methods exist [10], often based on the transport-of-intensity equation [38–40] or the
contrast transfer function [34, 41]. Phase retrieval needs to be done regardless if a single-image or a multi-image experiment is performed. The
principle is the same, the absorption and phase must be retrieved from the
images. Single-image PBI avoids both the experimental and mathematical
complications that arise when several different images of the same object
shall be combined. On the other hand, the single-image method has a fundamental lack of information as two variables are to be extracted from a
single image.
Perhaps the most widely used phase retrieval method in single-image
PBI is by Paganin et al. [38]. It relates the image and projected thickness
as
𝑧𝛿
𝐼(𝑥, 𝑦, 𝑧)
(− ∇2⟂ + 1) 𝑒−𝜇𝑇 (𝑥,𝑦) =
,
(3.11)
𝜇
𝐼0
where ∇⟂ is the gradient operator in the (𝑥, 𝑦) plane. This is achieved by
making several approximations, where the perhaps most restrictive approximation is to assume that the object is homogeneous. This means that the
𝛿/𝜇-ratio is constant across the whole object, or equivalently, assuming a
single material, albeit at varying density. Here, the phase-contrast image is
described as the sum of two components: the regular absorption image, and
a component proportional to the transverse Laplacian (∇2⟂ ) of the absorption image, originating from the phase. By Fourier transforming, Eq. (3.11)
can be solved for the projected thickness,
𝑇 (𝑥, 𝑦) = −

1
ℱ{𝐼(𝑥, 𝑦, 𝑧)/𝐼0 }
ln (ℱ−1 {𝜇
}) .
𝜇
𝑧𝛿(𝑢2 + 𝑣2 ) + 𝜇

(3.12)
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(a)

(b)

Figure 3.4. Example of phase-contrast and phase retrieval in an image of the
head of a dry wasp. (a) Image prior to phase retrieval, with edge enhancement
clearly visible. (b) Phase-retrieved image, which makes the image correspond to
the thickness of the object. The phase retrieval is only a re-weighting of the image
content at different spatial frequencies, it does not add or remove any information.
Even though image (a) may be perceived as higher resolution, (b) is the one that
should be used for a representative tomographic reconstruction. Scalebar is 500
µm.

The Paganin phase retrieval method is valid only in the near field, meaning
that the propagation distance must be sufficiently short. The near field is
characterized by that (Δ𝑥)2 /(𝜆𝑧) ≫ 1, where Δ𝑥 is the size of the smallest
features in the object, posing a resolution limit in this approximation. It is
well worth noting that Eq. (3.12) does not have any explicit dependence on
𝜆, but only through the fact that 𝛿 and 𝜇 depends on 𝜆. However, for nonquantitative results, Eq. (3.12) only depends on the ratio 𝛿/𝜇, which has an
even weaker dependence on 𝜆. Therefore, under the assumptions in the Paganin approach, phase-contrast imaging works very well with polychromatic
radiation. In similarity to the Paganin method, many other single-image
phase retrieval methods make the assumption that 𝛿/𝜇 is constant [10].
In methods based on the contrast transfer function (CTF), imaging can
be extended from the near field into the intermediate field, i.e., not restricted
to (Δ𝑥)2 /(𝜆𝑧) ≫ 1. Instead, this method assumes a weakly interacting
object [42]. Introducing 𝜒 = 𝜋𝑧𝜆(𝑢2 + 𝑣2 ), the absorption signal CTF is
−2 cos(𝜒)) and for the phase 2 sin(𝜒). The distant image can be written
𝐼𝑧 (𝑥, 𝑦) = 𝐼0 (1 + ℱ−1 {2ℱ{𝜙} sin(𝜒) − 2ℱ{𝑎} cos(𝜒)}) ,

(3.13)

having a direct dependence on 𝜆. In Paper A, the CTF-based method was
used to obtain the highest observable resolution, even though polychromatic
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radiation was used. However, the effective bandwidth was fairly small, and
the resolution was limited such that 𝑧𝜆(𝑢2 +𝑣2 ) ≲ 1 for all 𝜆 in the spectrum.
In all other publications included in this Thesis, the Paganin phase retrieval
method was used.
As was shown above, the phase-contrast image is treated with a filter in
the frequency domain that reduces the content for high spatial frequencies,
or in other words, the image is being blurred. This may seem counterproductive at first glance, but is essential to provide an image that corresponds
to the object. An example of a phase-contrast image and a phase-retrieved
image is shown in Figure 3.4. As the filter is always non-zero, the phase retrieval does not lead to any loss of information. It is important to note that
the noise is also reduced through the filter, which will be further described
in Chapter 4.
In order to avoid making assumptions on the relation between 𝛿 and
𝜇, multiple images can be acquired, where either the x-ray energy or the
propagation distance is varied to alter the contrast transfer functions. Two
different images would allow both the absorption and phase to be separately
retrieved using Eq. (3.13) or any similar method. If more than two images
are used the equation system is over-determined, and the system can be
solved with for example a least-squares fit [43, 44].
Multi-image PBI introduces several challenges that are avoided if only
a single image is used. The images must be properly aligned, which is a
challenge in itself since they do not exhibit the same type of contrast [45].
Furthermore, as the retrieval process now also builds on image differences,
the retrieval model must accurately represent the truth. At synchrotrons,
multi-distance phase imaging has been successfully accomplished to measure both phase and absorption separately [43, 44]. However, at laboratory
sources it is more difficult. Beam hardening and higher relative noise both
contribute to the challenge.
The fact that the phase signal in PBI is roughly proportional to the
transverse Laplacian of the phase makes the phase signal weak for low spatial frequencies, but strong for high spatial frequencies. PBI is therefore
suitable for high-resolution imaging. Since the phase contrast is only weakly
dependent on x-ray energy, it works well for polychromatic sources, such as
microfocus x-ray tubes. However, the requirement on spatial coherence
is high. In order to benefit from the strong phase contrast at high spatial frequencies, those high spatial frequencies must of course be efficiently
detected by the imaging system. This relates directly to the need for a
small-emission-spot source or a high-resolution camera, as was described in
Chapter 2.
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3.2.2

Other phase-contrast methods

Advanced methods to make phase contrast images were developed early in
the history of scientific x-ray imaging. Already in 1965, the construction and
imaging results from an x-ray interferometer were presented [8]. In similarity to a visible light interferometer, the radiation is split in two beams going
along different paths, and are then led back together to interfere. One of the
beams passes through the object, and an image directly proportional to the
phase is detected. X-ray interferometry therefore allows direct quantitative
phase imaging. However, the requirements to perform x-ray interferometry
are very high. The radiation must be both highly spatially coherent and
monochromatic. Beam splitters are accomplished by using diffraction from
crystals, which drastically reduces the flux from broadband sources. Due to
the radiation requirements and high losses, interferometry is only possible
to use for imaging at synchrotron facilities.
In analyzer-based imaging, the monochromatic and spatially coherent
radiation is incident directly on the sample. The exiting radiation is then
“analyzed” by Bragg diffraction from a crystal. Since the acceptance angle
for Bragg diffraction is low, the angle of the radiation exiting the sample
can be measured with high precision by rocking (rotating) the analyzer
crystal. Due to the beam requirements analyzer-based imaging is mostly
used at synchrotrons, but may also work at a laboratory source [46, 47].
This method also gives a quantitative measure of the phase variations.
Perhaps the most commonly used phase-contrast method, especially at
laboratory sources, is grating-based imaging. As the name suggests, microfabricated gratings are employed to create interference. This is commonly
done in a Talbot interferometer at synchrotrons [48] or laboratory sources
with high spatial coherence [49], or in a Talbot-Lau interferometer at lowspatial-coherence sources [50]. It builds upon the Talbot effect, stating that
the diffraction from the first grating will cause the transmitted intensity
pattern to repeat itself after the so called Talbot distance. By placing a
second grating there, the perturbations caused by the object phase shift
can be detected. By phase stepping, i.e., acquiring several images as the
second grating is translated laterally, three different signals can be obtained
separately: absorption, phase shift and dark field. The phase signal is proportional to the gradient of the object phase shift (∇𝜙) along the direction
of the grating periodicity. This is different from PBI, where the phase signal
is proportional to the transverse Laplacian of the phase (∇2 𝜙). Therefore,
PBI gives a stronger phase signal for high resolution imaging, whereas the
phase signal in grating-based imaging is stronger for low-resolution imaging [11]. The fact that the absorption and phase signals are separated in
grating-based imaging makes reconstruction possible also for multi-material
objects [50], which is a problem in PBI, further described in Section 4.4.
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Figure 3.5. Grating-based phase-contrast imaging using a Talbot-Lau interferometer. The source grating (G0) ensures that the spatial coherence is sufficient
for phase contrast. The phase grating (G1) and analyzer grating (G2) make up
the interferometer, which by stepping G2 sideways allows detection of absorption,
phase and dark field separately.

In recent years, also the dark field signal [51, 52] has proven very useful
in biomedical applications [53, 54]. For laboratory sources, the need for
spatial coherence from the source can be reduced by using an additional
grating close to the source. Each slit in the source grating will effectively
act as a coherent source, but mutually incoherent to the other slits. This
setup is referred to as a Talbot-Lau interferometer [50], and is illustrated in
Figure 3.5.
A novel phase-contrast method that combines the simplicity of PBI with
the ability to separate phase and absorption signals is speckle-based imaging [55]. In addition to the PBI setup, it uses a sandpaper in front of the
object to create speckles. As the object is introduced, the shift in the speckle
pattern can be measured and gives information about absorption, dark-field
and the gradient of the phase (∇𝜙). The resolution in speckle-based imaging
is with a single image limited by the size of the speckles. However, smaller
speckles will have lower visibility which may limit the resolution. By laterally stepping the object and acquiring many images higher resolution can be
obtained at the cost of having a computationally expensive algorithm [56].
Speckle-based imaging works well with polychromatic radiation and with
laboratory sources [57].

3.3

Tomography

Tomography is by far the most commonly used technique for
three-dimensional x-ray imaging. By acquiring projection images from
many directions around the object, a 3D image of the object can be
reconstructed. Development of tomographic reconstruction methods is
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Figure 3.6. Principles of tomographic reconstruction illustrated by the Fourier
slice theorem. The Fourier transform of a one-dimensional projection is identical to
a central slice at the corresponding angle of the two-dimensional Fourier transform
of the object section.

a large field of research, where the development of modern computers
allow also for computationally expensive algorithms.
Even though
this development is not part of this Thesis, the understanding of how
tomographic reconstruction works is important in order to identify and
assess image features to find limiting factors for improved image quality
and observability.
The mathematics behind tomographic reconstruction was developed by
J. Radon already in 1917 [58]. It relies on the Fourier slice theorem stating
a relation between a one-dimensional projection and the corresponding twodimensional axial section through the object. The Fourier transform of the
projection is identical to a central slice through the 2D Fourier transform
of the axial section, at a corresponding angle. The Fourier slice theorem is
conceptually illustrated in Figure 3.6. By acquiring projections at different
object rotations, the 2D Fourier transform of the section is sampled. How
dense the sampling needs to be relates to the resolution.
The most common reconstruction algorithm is filtered backprojection.
It obtains the reconstructed section from the sampled Fourier transformed

1
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section by making an inverse transform [59]. However, two things must first
be considered: The sampling is denser for lower spatial frequencies and the
sampling is on a polar grid, not a Cartesian grid. The sampling density
is corrected for by adding a ramp filter in the Fourier domain, giving the
name filtered backprojection. To convert from a polar to a Cartesian grid,
an interpolation must be made somewhere. Often, this is done in the real
domain, since the image is smoother there.
In an x-ray imaging system using an electron-impact source, the emitted
wave is not parallel but divergent. This divergence is often referred to as a
cone beam, due to its shape after collimation through the exit window. The
modifications in the ray path through the object due to the cone beam must
of course be considered in the tomographic reconstruction. A well known
algorithm for cone beam reconstruction is the Feldkamp-Davis-Kress algorithm [60]. It builds upon filtered backprojection, but includes corrections
for the beam divergence.
Also iterative algorithms exist, which do not use the backprojection algorithm. Instead, they rely on making a forward projection, meaning that
the projection images are calculated from the reconstructed volume. Starting from an initial guess, the difference between the calculated projection
images and the experimental projection images can be used to make a more
qualified guess. This process is then repeated until the difference is sufficiently small. The drawback of iterative algorithms is that they are very
computationally expensive. The tomography data used in this work are
typically 1000–2000 projection images where each image is 10 megapixels.
For such large data sizes, iterative reconstruction cannot be done within
feasible time scales [61].

THE IMAGING PERFORMANCE OF AN X-RAY SYSTEM | 29

Chapter 4

The imaging performance of an
x-ray system
A question that every imaging scientist thinks of is: How do I get better
images? This is of course an important question, but perhaps the more
rudimentary question is even more important:
What differs a good image from a bad image?
The answer is: It depends! It depends on what the image is going to
be used for, what kind of features that are important and in what context.
In many cases, it all comes down to observability. Certain types of objects
or structures must be possible to observe if they exist in the object. Often,
and more difficult, it must also be possible to say that such an object or
structure does not exist if it is not observed in the image. As an example,
if a medical x-ray image is taken in screening for cancer tumors, the study
should ideally not miss the cancer tumor in any patients, as they should
be treated as soon as possible. Also, if no cancer is found, it is beneficial
if the patient can be told with certainty that there is no cancer tumor. At
the end, observability comes down to the observer, whether it is a human
observer or an analysis program in a computer. Observability is a very
broad subject, and this Thesis is limited to investigate the physical imagequality parameters. Here, observability will be treated non-rigorously, and
is related to the ability of a moderately trained human observer to observe
certain features. In order to obtain the sufficient image quality, the imaging
system must be designed to stand upon four pillars: obtaining sufficient
contrast from the features to be observed, having the resolution to image
them, and keeping noise and artifacts low to be able to distinguish the
features. All four pillars are necessary for observability, and loss of any one
of them leads to insufficient image quality. The four pillars are conceptually
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Figure 4.1. Example of the influence of contrast, resolution, noise and artifacts on
image quality. A loss of contrast affects all spatial frequencies equally (however,
it might look different due to limited resolution in the screen/printer and your
eyes), whereas a loss of resolution is detrimental to high spatial frequencies but
barely affects low spatial frequencies. Noise and artifacts have a more complicated
impact. Here, streak artifacts are shown as an example, other types of artifacts
can have a vastly different impact.

illustrated in Figure 4.1. It is by handling these four pillars that the imaging
scientist gets better images. This chapter describes the four pillars from the
perspective of laboratory PBI, and on how the experimental methods can
be used to improve the image quality.

4.1

Contrast

Image contrast in x-ray images can be produced in many ways, but in the
end contrast must always come from a property of the object being different
compared to its surroundings. Most commonly is, of course, attenuation,
where contrast is produced by a higher absorption or scattering in the object compared to the surroundings. This is often produced by the natural
properties of the object, but can also be introduced by modifications of the
object, such as staining or drying [62]. In staining, a substance is added to
the object, intended to accumulate in higher concentrations at the features
that should be imaged, to provide contrast. In x-ray imaging, the stains
commonly contain elements of high atomic number to provide strong attenuation contrast. The drawbacks of staining are the need for stains that are
known to end up in the right place, and that it might not be possible to
stain the object for other reasons. In drying, the contrast in the object is al-
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tered depending on what is remaining when the water is removed. As water
is the primary compound of most biological matter, their relative contrast
is increased if the water is removed. However, the removal of water causes
shrinking, which distorts the object. A very good option for imaging of
objects consisting of elements with low atomic numbers, such as biological
soft tissues, is to use phase-contrast imaging.
Contrast in an image is typically defined through the intensity of object
and background as
𝐼obj − 𝐼bg
𝐶=
.
(4.1)
𝐼bg
As previously mentioned in Section 3.2.1, the contrast in PBI is mixed
from both attenuation and phase shift. At low spatial frequencies, attenuation gives more contrast, but at high spatial frequencies phase is dominant.
For high-resolution imaging of soft biological tissues using only the natural
contrast from the object, phase contrast is far superior to absorption contrast. As the object and phase-contrast image does not directly correspond
to each other, it is perhaps more relevant to look at the contrast in the reconstructed images. In Eq. (3.13), the contrast transfer function for absorption
is cos(𝜋𝑧𝜆(𝑢2 + 𝑣2 )) and for phase sin(𝜋𝑧𝜆(𝑢2 + 𝑣2 )). Here, some important
parameters for contrast are easily identified. The propagation distance 𝑧 is
in a parallel beam geometry the distance from the object to the detector.
In a cone beam setup, the effective propagation distance is shorter due to
the beam divergence [63]. It depends on both the source-object distance 𝑅1
and the object-detector distance 𝑅2 as
𝑧eff =

𝑅1 𝑅2
.
𝑅1 + 𝑅 2

(4.2)

The phase contrast is maximized for 𝑧eff = (2𝜆(𝑢2 + 𝑣2 ))−1 . Since the photon flux through the object scales with 𝑅1−2 , the loss of contrast if making
𝑧eff shorter will be balanced by the increased flux, assuming a constant magnification (c.f. below). In the near field, the effective propagation distance
𝑧eff is therefore not strongly discriminating for image quality. However, this
is not the case if the radiation dose to the sample must be considered. Then,
the effective propagation distance shall be optimized for best contrast, since
an increased flux would anyway lead to that the exposure time has to be
reduced correspondingly.
The parameters 𝛿 and 𝜇 depend on the object, which is not always
desirable to modify. However, they also depend on energy. In the hard xray regime, phase contrast scales proportionally to the inverse square of the
energy [63] and attenuation has a similar but more complicated behavior.
Using a lower energy leads to a much higher contrast, but it must also
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Figure 4.2. Blurring from the finite source spot size. An object of size 𝑎 is
magnified a factor 𝑀 to the detector. The source of size 𝑠 introduces a blurring
of size (𝑀 − 1)𝑠 to the detector.

be considered that too low transmission through the object leads to high
relative noise.
If it is important to limit the dose delivered to the sample, the selection of
parameters must be modified to also consider the dose efficiency. Optimizing
the setup with respect to keeping the delivered dose low typically leads to
a longer 𝑧eff and higher energy compared to if the imaging is optimized to
achieve the best image quality in a limited exposure time.

4.2

Resolution

The resolution of a PBI system depends not only on the detector, but also
on the source. Using a microfocus source, the object will be magnified to the
detector as the detector is at a distance from the object. The geometrical
magnification 𝑀 is given by
𝑀=

𝑅1 + 𝑅 2
.
𝑅1

(4.3)

The geometrical magnification allows imaging the object at higher resolution
than the detector resolution. However, also from geometrical reasons, the
magnification will introduce a blurring from the source, penumbra. The
source penumbra is illustrated in Figure 4.2. The introduced blurring to the
detector plane will be (𝑀 −1)𝑠, where 𝑠 is the source spot size. In the general
imaging system, both the source and the detector contribute to limiting the
spatial resolution that can be achieved in the object. The highest object
resolution is achieved when the combined effect of detector resolution and
source penumbra is minimized. In similarity to the modulation transfer
function (MTF) that was introduced for detectors in Section 2.2, we can
define an MTF for the source related to its point spread function. Using
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these two, a “system MTF” can be calculated as

MTFsys (𝑓) = MTFsource (

(𝑀 − 1)𝑓
𝑓
) × MTFdet ( ) ,
𝑀
𝑀

(4.4)

where 𝑓 is the spatial frequency in the object plane. To a first approximation, this is minimized at 𝑀 = 𝑑/𝑠 + 1 where 𝑑 and 𝑠 are the sizes of the
detector and source point spread functions. This approximation assumes
that the shape of the source and detector point spread functions are the
same, and does not consider that their noise properties are different. In
reality, the point spread function from a liquid-metal-jet source is not symmetric (see Figure 2.3, p. 10), yielding different resolution in the vertical
and horizontal directions. In reality, the magnification is not selected based
on only optimal resolution. The magnified object region to be imaged must
fit in the field of view of the detector, and the distances 𝑅1 and 𝑅2 must
be geometrically feasible with the experimental arrangement.
The most efficient ways of increasing the system resolution is to use a
smaller source spot size or a detector with higher resolution. The x-ray
source is limited in the vertical direction by a maximum allowed power
density, a reduction of the focus size is thus connected to a reduction of
power. In the horizontal direction, the spot size is limited by the electron
penetration depth into the metal jet. A reduced acceleration voltage gives
a smaller penetration depth leading to a smaller horizontal spot. However,
since the energy is deposited closer to the surface of the metal jet, this
leads to higher evaporation which reduces the maximum power density.
Furthermore, the spectrum is altered and the conversion yield to x-rays
within the relevant energy range will change. Therefore, reducing the spot
size does not come without a compromise in reduced power, and longer
exposure time.
To improve the camera resolution, the point spread function from the
scintillator must be reduced. Generally, this means that a thinner scintillator must be employed, which is connected to a reduced absorption efficiency
and leads to a longer exposure time to detect the same number of x-ray photons. However, the observable resolution in the object will only reach the
system resolution if the images are not limited by noise or artifacts. Using the present equipment, the source spot is considerably smaller than the
detector PSF. To reach the highest resolution, large magnifications in the
range 5 − 10 are used. In this case, the best possible resolution is approximately the source emission spot size.
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4.3

Noise

Image noise is any kind of random variations that affect the image. There
are many origins to image noise. Here, the three most profound types of
noise will be described: photon noise, read-out noise and dark current noise.
Photon noise is the intrinsic noise in the incident radiation, due to the
quantization into photons. The number of photons incident to a certain
area during a certain time period will never be exactly determined, but
follows a Poisson probability distribution. For a number of photons 𝑁,
the
√ Poisson distribution gives random fluctuations with standard deviation
𝑁. This is a fundamental type of noise that does not originate from
imperfect instruments but from nature. The best achievable signal-to-noise
ratio (SNR), when all other types of noise have been eliminated, is limited
by the number of incident photons as
√
𝑁
SNR = √ = 𝑁,
𝑁

(4.5)

which gives a relation between the exposure time and image quality. Doubling the exposure time will give around 41% increase in SNR. The signal
to be used for an object in an x-ray image is the difference signal (Δ𝑆) to
the background. On the other hand, the standard deviation of the noise
(𝜎) still depends on the absolute signal. An object typically also extends
across several pixels, so Δ𝑆 has to be summed across all pixels 𝑚 with
signal from the object. Furthermore, Δ𝑆 in phase contrast may be either
positive or negative. The correct statistical way is instead to express the
SNR-squared. In the case of uncorrelated Gaussian noise the SNR2 can be
written [64, p. 838]:
𝑀
(Δ𝑆𝑚 )2
SNR2 = ∑
,
(4.6)
2
𝜎𝑚
𝑚=1
where the sum is taken over all pixels where the object exists. The typical
human observer can observe objects with an SNR2 above 25 [65]. In some
cases, especially in CT, it can be more relevant to instead use the contrastto-noise ratio, which is defined in direct analogy with the SNR but becomes
independent of the object size, as long as it is well bigger than the spatial
resolution limit.
Read-out noise arises in the camera as the image is extracted from the
sensor. The read-out process measures the number of electrons in each
pixel, which corresponds to the total amount of incident light during the
image exposure. In the process, disturbances are always present and make
the measurement inaccurate. The read-out noise is therefore an intrinsic
property of the camera, independent of exposure. In the cameras used in this
Thesis, the standard deviation of the read-out noise is less than 30 electrons.
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Compared to that the typical exposure generates several thousand electrons
in each pixel, the read-out noise can often be disregarded.
Dark noise, also known as thermal noise, comes from the fact that signal
can be caused by thermal energy instead of incident light. This dark signal
is proportional to the exposure time and superimposed on the signal from
the incident light. By acquiring a dark image, i.e., an image with the source
off, the dark signal can be subtracted from the bright image. However,
the variations in the dark signal is noise that cannot be removed. Since
the dark signal depends on temperature, it can be reduced by cooling the
sensor. With sensors cooled to below –20 ∘ C, the dark signal is largely
reduced. Typically, the dark signal can be disregarded except for very long
exposure times. With the contributions from read-out noise and dark noise,
the SNR will in total be slightly worse than in Eq. (4.5).
As was described in Section 2.2.1, scintillation cameras give different
noise levels at different spatial frequencies. At the lowest spatial frequencies,
the noise level will mainly depend on the number of detected x-ray photons.
At the highest spatial frequencies, as MTF → 0, it is mainly the number
of visible light photons that matter. In between, there is a combination of
both the number of x-ray photons and visible light photons, depending on
the MTF and number of visible light photons generated per x-ray photon.
The noise power spectrum is shown in Figure 2.5 (p. 16).
Increasing the exposure time leads to registration of a higher number
of photons, which potentially can increase the SNR. However, the typically
several hours long exposure times for micro-tomography lead to experimental complications that need to be considered. First, the sample needs to
be mounted in a way that both allows access for the x-rays around the
whole axis of rotation, but still keeps the sample conserved and in position.
Second, the thermal stability of the imaging system must be controlled,
as it may otherwise cause drifts which will introduce motion artifacts, as
described in Section 4.4.3. Third, there may be other limitations to the exposure, such as for small-animal in vivo imaging. Both radiation dose and
the time the animal can be kept anesthetized can be limiting factors for the
experiment. These factors can influence how the setup shall be optimized
for contrast and resolution.

4.4

Artifacts

All kinds of visible errors in an image can be considered as artifacts. Technically, noise is also a kind of artifact, but in this Thesis artifacts will refer
to image errors that originate from systematic errors in the image acquisition process, by technique or equipment. What artifacts that appear is
dependent on how the image is acquired, so different imaging modalities
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Figure 4.3. Transmission of monochromatic and polychromatic radiation through
water. In the polychromatic radiation, the low energy x-rays are absorbed in the
first few millimeters of water, but some of the high energy x-rays are transmitted
through more than 30 mm water. The monochromatic radiation corresponds to
the mean energy in the polychromatic spectrum (14 keV) and follows the BeerLambert law of attenuation.

display different artifacts. A wide variety of artifacts may arise in x-ray
tomography [66]. In this section, a selection of artifacts that commonly
arise in laboratory phase-contrast tomography will be described. These are
beam hardening, ring artifacts, motion artifacts and phase artifacts.
4.4.1

Beam hardening

The x-ray interaction with the object depends on the x-ray energy. For
example, the absorption decreases with increasing energy, disregarding absorption edges. As the object absorbs radiation, it will therefore absorb
more of the lower energy x-rays than the higher energy x-rays. The transmitted x-rays will consequently have a higher mean energy, i.e., they are
harder. Consequently, the attenuation of the x-ray intensity no longer follows Beer-Lambert’s law (Eq. (3.1)), which is used to calculate the thickness
from the intensity. This is illustrated in Figure 4.3. Where the object is
thick, the thickness will be underestimated in the images. In tomography,
this leads to cupping artifacts [66] since the inner parts will experience a
higher effective x-ray energy giving a lower effective 𝜇. The artifacts therefore get the shape of a cup. In a simple method to correct beam hardening,
the transmission curve shown in Figure 4.3 is better adapted by replacing the exponent in the Beer-Lambert law by a polynomial [67]. This can
strongly reduce cupping artifacts, but may be tricky to adapt to completely
remove cupping artifacts. Another method is presented in Paper D. It
is mainly intended to remove ring artifacts, but has the positive side effect of also removing cupping artifacts. In Figure 4.4, reconstructions are
compared regarding cupping artifacts.
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Figure 4.4. Beam hardening cupping artifacts in tomography, illustrated by
three different reconstructions of a PET-phantom. Profiles along the black line
are shown below. (a) Reconstructed without corrections, showing severe cupping
artifacts. At the outer parts of the object (II), the reconstructed value is higher
than in the inner parts (IV), due to beam hardening. The air-filled hole (III) shows
a higher reconstructed value than the surrounding air (I). (b) Reconstructed with
simple beam hardening correction [67] in the reconstruction software, with cupping
artifacts mostly removed. (c) Reconstructed with the method proposed in Paper D,
showing a uniform reconstruction.

4.4.2

Ring artifacts

In the tomographic acquisition, projections are acquired around the full
object. A systematic error in the illumination or detector (e.g., a pixel with
systematic offset) will in the reconstruction appear as a ring or half-ring
around the axis of rotation. As a first-order correction, images without
object (flat-field) and images without illumination (dark) can be used to
correct the images 𝐼 as
𝐼 − 𝐼dark
𝐼corr =
.
(4.7)
𝐼ff − 𝐼dark
Flat-field correction is a standard procedure done in most x-ray imaging.
It corrects offsets and sensitivity differences in between pixels, but assuming that the response is linear and not altered by other factors. These
constraints are, however, not always fulfilled, and remaining ring artifacts
commonly show up in the reconstructed images. A vast range of image
processing techniques for removal of ring artifacts exist [68, 69], and some
techniques make more sophisticated detector calibrations than a linear flatfield correction [70]. In high-resolution scintillator cameras, the scintillator
is very thin, and therefore the relative variations in thickness may become
large. In Paper D, it was discovered that these thickness variations cause
large variations in the beam hardening at different positions of the camera.
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Figure 4.5. Ring artifacts caused by scintillator variations. A tomography of a
PET phantom with air-filled holes, reconstructed with (a) conventional flat-field
correction and (b) the proposed correction method from Paper D. Profiles are
taken along the black lines, averaged over 30 pixel lines to reduce noise. The
numbers are the standard deviations within the gray areas, relative to the contrast
between air and PET. Scale bar is 5 mm. Adapted from Paper D.

Therefore, the beam hardening induces ring artifacts. Paper D also presents
a way to measure the local scintillator thickness and a correction method
for projections. Contrary to most ring artifact correction methods, which
rely on image processing, the presented method is based on a better physical detector model to improve the calibration. The model will of course
only correct for ring artifacts caused by variations in scintillator thickness,
but does not hinder further application of image processing-based correction methods. However, with the equipment used in this Thesis, scintillator
variations is the dominant cause of ring artifacts, and the method therefore
can correct for the majority of ring artifacts. An example from Paper D is
shown in Figure 4.5.
4.4.3

Motion artifacts

Motion artifacts is a type of artifact that even the layman photographer
would recognize. It originates from movements in the object or the imaging
system during the exposure, causing smearing of the image in the motion
direction if the movement is considerable. Naturally, the problem with
motion artifacts typically increases with longer exposure time. Also, the
problem increases with higher resolution, since the tolerance for movements
before motion artifacts become noticeable is set by the observable resolu-
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Figure 4.6. Phase-contrast projection of a zebrafish in a plastic tube with two
crossed tungsten wires as a fiducial marker. Scale bar is 200 µm. The wire cross
was used to measure the lateral thermal drift relative to the start position along
the tomography (right). All distances are measured in the object plane.

tion. In tomography, motion artifacts may look vastly different compared
to in a projection and may be difficult to distinguish from other types of
reconstruction artifacts.
Motion occurring during a single projection is difficult to correct for,
as the image itself is smeared. Motion occurring between projections during the tomography can sometimes be corrected for. In clinical chest CT,
motion artifacts from patient respiration or heart beating is a common problem [66], for which there are several specialized artifact reduction methods.
In this work, two factors have been crucial in order to minimize motion artifacts: sample preparation and control of thermal drifts. Most experiments
in the work for this Thesis had exposure times on around a minute for a
single projection, and several hours for the full tomography. The observable
resolution is typically down to 5–10 µm. In brief, this means that the object
and imaging system must be kept still within this distance during the full
tomography except for the tomographic reconstruction.
At these time and length scales, even shrinking due to drying can cause
severe motion. Therefore, good sample preparation is critical for biomedical samples, which has to keep the sample steady, at stable humidity and
also allow access for the x-ray beam without excessive absorption. Typically, samples were kept in plastic tubes during the scan, sometimes using
agarose gel to keep the sample steady within the tube. However, not only
the sample must be kept steady but the whole imaging system. Temperature variations during the tomography can cause thermal drifts in the setup,
which resembles lateral motion of the object. The temperature variations
are most likely to come from the source, since its operation generates heat.
In Paper A, thermal drifts during the tomography were corrected for by
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Figure 4.7. Phase artifacts in a multi-material object. As object, an excised
human coronary artery with calcifications was used containing (A) calcifications,
(B) muscle tissue and (C) air. Both (a) and (b) are phase retrieved using the
Paganin method [38]. In (a), the 𝛿/𝜇-ratio is set for the calcification-muscle interface, which yields remaining edge enhancement at the muscle-air interface. In (b),
the 𝛿/𝜇-ratio is set for the muscle-air interface, blurring the calcification-muscle
interface. Adapted from Paper E.

introducing two crossed tungsten wires as a fiducial marker. The position
of the wire cross could be measured in the image with very high precision to
quantify the drift, and the projections were corrected before tomographic
reconstruction. Since a single projection was much shorter than the full
tomography, the drift during a single projection could be neglected. Figure 4.6 shows a projection image of a zebrafish and the wire cross, as well
as the measured lateral thermal drift during the tomography.
4.4.4

Phase artifacts

To obtain a tomographic reconstruction that represents the object, the
intensity in all projections must correspond well to the object thickness.
This is not the case in phase-contrast imaging, where the phase is apparent as edge enhancements. The phase-contrast images are therefore phase
retrieved, as described in Section 3.2.1, before tomographic reconstruction.
Several of the present phase retrieval algorithms are based on the assumption that the attenuation and phase shift are proportional [10]. This assumption is valid for a single-material object in monochromatic radiation.
For many real samples, this is of course not true. Since the 𝛿/𝜇-ratio changes
only slightly with x-ray energy, the phase retrieval still works well in polychromatic radiation. The assumption of a single material is more restrictive.
A multi-material object has several interfaces with varying 𝛿/𝜇-ratio, they
will not all be well retrieved using a single phase retrieval. If the phase
retrieval is set for the material interface with lower 𝛿/𝜇-ratio, the material with higher 𝛿/𝜇-ratio will have phase artifacts, in this case visible as
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Figure 4.8. Comparison of two multi-material phase retrieval methods, using the
method by (a) Ullherr & Zabler and (b) Beltran et al. The dataset is the same as
in Figure 4.7. The method in (a) maintains a slightly sharper calcification-muscle
interface, but otherwise shows similar results to (b). Adapted from Paper E.

remaining edge enhancement. The other way around, phase retrieval for
the material interface with higher 𝛿/𝜇-ratio will introduce blurring to the
material interface with lower 𝛿/𝜇-ratio. Examples of both cases are shown
in Figure 4.7. To overcome the problem of phase artifacts in multi-material
objects, methods have been developed to make a secondary phase retrieval
of the incorrectly retrieved interface. In Paper E, we compare the two existing multi-material phase retrieval methods, by Ullherr & Zabler [71] and
by Beltran et al. [72]. Both methods are based on a primary phase retrieval,
followed by tomographic reconstruction and volume segmentation to identify the materials. A secondary phase retrieval is then applied to correct
the incorrectly retrieved domains. The two methods do this in different
manner, and therefore achieve slightly different results. In the comparison,
it is found that the method by Ullherr gives slightly better results and is
easier to implement. The results of both methods are shown in Figure 4.8.
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Chapter 5

Biomedical applications
Even though x-ray phase-contrast tomography is a research field in itself, it
is merely a tool to accomplish imaging tasks. The purpose of the research
is to make the tool better and open up for more applications. The highresolution biomedical phase-contrast tomography developed in this Thesis
provides improved contrast and resolution to observe details of cellular size
in soft tissues. Improving the imaging methods went hand in hand with
finding optimal parameters to image new sample types with unprecedented
observability.
In this work, laboratory x-ray phase-contrast tomography has been used
to develop four biomedical imaging applications. The four applications have
each been devoted a separate section in this chapter. As was described in
Chapter 4, contrast and resolution are necessary for observability, as well
as avoiding noise and artifacts. All factors are necessary for imaging, but
the challenge they pose varies in applications.

5.1

Zebrafish imaging

The zebrafish (Danio rerio) is a common animal model in biomedical research [73]. Zebrafish reproduce easily, their genome is well understood and
they can be easily handled and studied. Together with the existence of genetic modifications and their similarity to the early development of human
embryos zebrafish become versatile animals for studies of genetic diseases.
In Paper A, the first phase-contrast tomography with resolution to image
myofibrils, subcellular muscle structures, in unstained whole-body juvenile
zebrafish is presented. The myofibrils are only around 5 µm in diameter
in zebrafish. The natural contrast from the myofibril proteins to the surroundings (mostly water) is very low in the hard x-ray regime. Despite the
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Figure 5.1. Comparison of (a) PBI tomography and (b) confocal microscopy in
zebrafish. Scale bar is 100 µm. Reprinted from Paper A.

very low contrast and small size, the myofibrils could be observed thanks to
accurate tuning of the equipment and careful data treatment.
To achieve the high resolution, a small source spot was essential, as
described in Section 4.2. By using a low acceleration voltage and manual
alignment and focus of the source electron beam, an emission spot of only
3×7 µm was achieved. The small spot lead to that a large geometric magnification could be used without excessive source penumbra. However, this
arrangement was not free from compromises. The reduction of the spot
size lead to a much lower total x-ray emission, which had to be balanced
with a longer exposure time. For this very low contrast object, an overweekend tomography was done. The 64 hour total exposure in combination
with large magnification made the imaging system very sensitive to thermal
drifts in the source. To avoid motion artifacts in the reconstructed image,
a fiducial marker was used to correct for the thermal drifts, as described in
Section 4.4.3.
The resulting zebrafish images are shown in direct comparison to confocal fluorescence microscopy in Figure 5.1. Except motion artifacts, there
were no severe artifacts that had to be handled to image the zebrafish. With
the exception of some incipient bone, juvenile zebrafish are close to a singlematerial object from an imaging perspective. Phase retrieval did not leave
excessive phase artifacts, and beam hardening was only a minor problem.
Thanks to the long exposure time, noise was reduced to enable observation
of the low contrast myofibrils.
Previous imaging of juvenile zebrafish is commonly done using confocal
fluorescence microscopy, but also other imaging methods using visible light
or near infrared are used [74]. The limitation in these imaging methods is
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the sample size, where scattering and absorption limits the depth that can
be accurately imaged. X-rays can penetrate further into tissues, and have
been used in small angle x-ray scattering to study zebrafish muscles [75], a
method that does not provide a direct image of the structures. In Paper A,
phase-contrast tomography provides direct 3D imaging with high resolution
in larger samples.
Muscles are built up from myofibrils, thin fibers that consist of the proteins myosin and actin and deliver the force to contract the muscles. For
the muscle to function well, it is important that the myofibrils work in the
same direction and are properly attached at their ends. In Paper A, the
zebrafish is used to study muscular dystrophy, a disease affecting humans
with morphological alterations to the muscle structure leading to muscle
weakness [76]. In research applications, the ability to image cellular-sized
structures in large objects is important. Paper A shows that PBI can be
used to image the complete muscle structure in significantly larger samples
than what is possible with confocal microscopy.

5.2

Coronary artery imaging

Ischemic heart disease, also known as coronary heart disease, is a leading
cause of death in the world [77]. The disease is a long term process, where
lipids and calcium are accumulated in the artery walls over a long time
forming atherosclerotic plaques [78]. The rupture of a plaque, meaning that
the plaque bursts and releases some of its contents into the blood vessel, is
a potentially lethal process that could clog the blood vessel and therefore
inhibit the supply of oxygen. If this happens in the coronary artery, it is
known as myocardial infarction or heart attack. In order to prevent and
cure coronary heart disease it is of high research interest to understand
more about both the build-up process and what characterizes a plaque that
is prone to rupture [79].
In Paper C, we show that x-ray phase-contrast tomography can provide
the sufficient image quality to identify the microanatomical structures related to atherosclerosis in human coronary arteries. These structures differ
largely both in size and contrast. We show that groups of few lipid-laden
macrophages as well as large lesions and the large-scale blood vessel geometry can be imaged simultanelously. Potentially, this can provide better
understanding of the build-up process of atherosclerosis, and how it is affected by the blood flow. A selection of features that are imaged are depicted
in Figure 5.2.
This is done by combination of high resolution in soft tissue with shorter
exposure time and a much larger object, compared to the zebrafish. To
show that PBI tomography can achieve higher throughput shorter exposure
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Figure 5.2. Comparison of phase-contrast tomography and histology for a coronary artery. (a) Section through the x-ray phase tomography volume. (b) Histology corresponding to same area as in (a). (c,d) The enlarged areas shown in (c) and
(d) correspond to the boxes in (a) and (b), respectively. (A) marks the air-filled
artery lumen, (B) the artery wall, (C) adipose tissue with ≈50 µm adipose cells,
(D) a calcification, (E) a microcalcification, (F) cholesterol crystal depositions, and
(G) five arrow-heads indicating the demarcation between tunica media and tunica
adventitia. Scale bars are (a) and (b) 1 mm, (c) and (d) 200 µm. Figure reprinted
from Paper C.

time was important, which is essential when many samples shall be studied.
Shorter exposure comes with a lower signal to noise ratio, but does not
introduce any other complications. However, the larger sample does. In
a large sample, the geometric magnification can no longer be selected for
the best resolution. Instead, it must be restricted such that the sample
region of interest fits in the camera field of view, unless multiple scans are
combined. A larger sample also absorbs more radiation, especially of the
low energy photons that would give the best contrast. The coronary arteries
are also not well approximated as a single material object, which causes
problems in phase retrieval. Except muscle tissue, the arteries also have
calcifications and lipids. In Paper C, a single material phase retrieval was
still applied, optimized for the muscle-lipid interface. This slightly blurs the
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calcifications, and leaves some remaining edge enhancement at the muscleair interface. As these phase artifacts only showed a slight disturbance, no
further precautions were taken. Multi-material phase retrieval was applied
to coronary arteries in Paper E, as described in Section 4.4.4.
Imaging is of course very important in this type of research. Histology,
the study of cell anatomy and tissues using microscopy, aims at understanding the function, development and disease in tissue. The technique involves
several steps of tissue preparation, such as chemical fixation that cross-links
molecules to provide chemical stability, dehydration to enable embedding,
wax embedding to provide physical rigidity, sectioning in thin slices, staining
with dyes to give tissue contrast, and finally imaging in a microscope. The
resulting images have very good contrast and resolution in two dimensions.
Many microanatomical structures can be identified and disease assessed by
pathologists. On the other hand, the high resolution is only in two dimensions, whereas the third dimension is limited by how well the sectioning is
done. The dehydration, embedding and sectioning introduces artifacts by
both chemical removal of material (e.g. calcium) and physical distortion
by sectioning. Furthermore, the process requires a lot of time, labor and
chemicals.
In contrast to classical histology, x-ray phase-contrast tomography provides 3D images without destroying the sample. It therefore does not hinder
further histological imaging, and the methods can be directly compared in
the same sample. The coronary arteries were first fixated in formalin and
then x-ray imaged. After the x-ray tomography, the usual process of classical histology continued. The resulting images were compared, and from
the reconstructed x-ray volume image, the slices corresponding to the histology sections were manually extracted. A comparison of the two methods
is shown in Figure 5.2.

5.3

Mouse imaging

A general problem in high-resolution x-ray tomography is that exposure
times tend to become very long, and dose is far too high to be compatible
with in vivo samples. Partially this is because more photons are necessary
to observe smaller features, but also because a smaller emission spot from
the x-ray source is needed, which leads to lower power. The typical microtomography with high resolution has exposure times of several hours and
delivers a dose that is orders of magnitude too high. The ability to make
tomography with high observable resolution much faster and with lower
dose enables in vivo imaging of small animals.
In Paper B fast high-resolution mouse imaging is presented. In only
73 seconds exposure time and with only 400 mGy of average dose, an ab-
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Figure 5.3. Fast absorption CT of a mouse skull, in only 73 seconds and 400 mGy.
(a) Surface rendering of the mouse skull based on the tomography. Scale bar is
2 mm. (b) Slice through the mouse skull as indicated by the black line in (a).
Scale bar is 1 mm. (c) Detail of the slice showing several 25–40 µm structures.
The bone structure between the arrows was measured to 34 µm full width at half
maximum. Scale bar is 200 µm. Reprinted from Paper B.

sorption tomography with 25–40 µm observable resolution was completed.
Results are shown in Figure 5.3. The work relies on the use of a liquidmetal-jet source with both high power and small emission spot. The power
density limitation in a liquid-metal-jet source is set by when the debris from
the metal evaporation starts causing problems to the exit window, cathode
or e-beam focusing. The R6 x-ray source (Excillum AB, Sweden), specialized to handle high power in a small spot, has the metal jet placed further
away from the exit window, and a bent column from the cathode preventing
debris to reach the cathode. This allows 400 W of continuous e-beam power
in an 8×8 µm apparent emission spot, which is a much higher power density
than any other electron-impact x-ray source.
Obviously, there is always a compromise between image quality and
exposure time. Comparing the image quality in Figure 5.1 with Figure 5.3,
it is clear that resolution in the zebrafish images are better even if contrast
is far lower. However, the difference in exposure time is large: the mouse
tomography is more than 3 000 times faster! Yet, there is still plenty of
room for improvement. Due to the larger size of the mouse, radiation in
the range 15–35 keV is preferred, since radiation below 15 keV has very
low transmission through the mouse. However, the x-ray source has its
highest emittance around 10 keV and the detector used here is also optimized
for 10 keV radiation. A liquid-metal-jet source using another anode alloy
would give an emission spectrum better optimized for imaging of larger
samples [80]. A detector with higher absorption efficiency at the higher xray energies would allow a more efficient acquisition. A larger field of view
would allow a larger geometric magnification which in turn allows a longer
effective propagation distance to exploit phase contrast to envision the soft
tissues. Such a camera was purchased after the mouse imaging, and was
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Figure 5.4. Tomography of a mummified human hand. (a) 3D segmentation
of the bones in the mummified hand. (b) Axial slice from the overview scan,
as indicated by the solid line in (a). Scale bar is 5 mm. (c) Axial slice from
the high-resolution tomography, as indicated by the dotted line in (a). Scale bar
is 1 mm. Some examples of structures that are visualized include (A) bone, (B)
linen wrapping, (C) skin, (D) tendons, (E) ligament, (F) nerve, (G) blood vessels or
nerves, (H) nail, (I) nail bed, (J) bone marrow and the skin layers (K) hypodermis,
(L) dermis and (M) epidermis. Adapted from Paper F with permission.

5.4

Mummy imaging

CT has since long been used to study mummies [81], but only in attenuation
contrast, and mostly in low resolution. Other high-resolution methods to
analyze soft tissue in mummies, such as histology, are destructive. X-ray
exposure may cause damage to living cells and in extreme cases also to
other objects, but in general x-ray radiation is non-destructive. The nondestructive nature make them ideal for studies of irreplaceable items, such
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as old mummified humans, animals or other ancient items. X-ray phasecontrast imaging provides the ability of studying soft mummified tissue in
detail, without being destructive.
In Paper F, it is shown that phase-contrast tomography can image mummified samples with cellular-size resolution in soft tissue. This is demonstrated by imaging a mummified human hand. The 17.5 cm large hand was
first scanned in an overview scan, composed of 9 tomographic datasets that
were stitched together to obtain a 3D image of the whole hand. This largearea scan provides lower resolution, but structures down to around 50 µm
are still visible. A high-resolution tomography of a fingertip in the mummy
hand was then acquired. These images provide resolution below 10 µm.
In Figure 5.4, results from both the overview tomography and the highresolution tomography are shown. Many anatomical and microanatomical
structures are visible, such as nerves and adipose cells.
In general, the difficulty in obtaining high resolution increases with object size. Firstly, that is because the total attenuation increases which both
reduces the signal and hardens the spectrum. Because of the harder spectrum, the contrast decreases. Secondly, cameras with high efficiency at
higher energies tend to have lower resolution, as discussed in Section 2.2.1.
The large object size was handled in the overview tomography by combining the data from nine separate scans since the whole hand did not fit
within the camera field of view. The data could be recombined with an
almost seamless result. The transmission through the soft tissue is fairly
good, thanks to the fact that it is dry. In the fingertip, a camera with
higher resolution and a larger geometric magnification could be used. This
allowed both much higher resolution and a better optimized setup to exploit
the phase contrast in the soft tissue.
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Chapter 6

Conclusions and outlook
This Thesis presents imaging of centimeter-sized biomedical samples achieving cellular resolution within soft tissue by using phase-contrast tomography
at liquid-metal-jet sources. The many relevant experimental and reconstructional parameters have been explored and optimized for best high-resolution
soft-tissue observability. New methods have also been developed to improve
image quality. By developing biomedical applications, it has been shown
that phase-contrast tomography can provide a very useful tool for tissue
analysis. Of course, such projects have been done in close collaboration
with experts in the relevant fields of biomedicine.
The fact that phase can provide a few orders of magnitude higher contrast than attenuation could have important implications for healthcare,
both in clinical x-ray imaging and in biomedicine. In clinical x-ray imaging,
the main concern is often radiation dose, and there is always a trade-off
between image quality and dose. Therefore, if phase contrast would be
successfully implemented in clinical imaging, both dose and image quality
would improve. PBI performs the best at much higher resolution than what
is used clinically today. For imaging with lower resolution, grating-based
imaging seems more promising than PBI, and therefore more likely to be
implemented clinically. For several reasons, phase contrast is easier to implement for lower x-ray energies. Consequently, clinical phase contrast will
probably first become common in imaging applications that are done at
lower energies, such as mammography [82].
For preclinical studies, in vivo imaging of small animals, such as mice,
is of interest. Methods that are commonly used for 3D-imaging, e.g., absorption CT, positron emission tomography, magnetic resonance imaging
and ultrasound imaging, can easily handle the sample size but do not provide the spatial resolution to observe cellular-sized features. Regarding only
dose and exposure time, PBI tomography should be able to provide cellular-
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size resolution in live mouse. However, sample motion from breathing and
heart beats would make cellular resolution very challenging. Still, it seems
reasonable that PBI tomography could provide better resolution than the
methods mentioned above.
For tissue analysis, the cellular resolution is in many cases essential.
Methods using visible light are commonly used, such as confocal fluorescence
microscopy. However, these methods have a limited penetration depth of
less than a millimeter, and can therefore not image centimeter-sized samples
without sectioning. In histology, the sample undergoes a rigorous chemical
preparation before it is sectioned, dyed and imaged. Histology provides very
high quality images, but the imaging is done in two dimensions, where the
third dimension is limited by the sectioning. The sample can be very finely
sectioned, which in theory provides 3D images. In practice, however, this
is rarely done since histology is demanding in both labor and chemicals,
and the cost for imaging proportional to the numbers of sections that are
imaged. Furthermore, the chemical and mechanical treatment introduces
distortions and other artifacts which impair the possibility of generating a
3D image.
A relevant niche for PBI tomography in the future could be 3D virtual
histology. In other words, this would mean to provide at least some of the
diagnostic values in tissue analysis that today requires the preparation of
classical histology. From a 3D reconstruction, the sectioning is instead done
in the computer, virtually. Additionally, the 3D images from PBI tomography are free from distortions, which could be of high clinical interest. For
example, the 3D growth of certain structures, such as how an atherosclerotic lesion is positioned in relation to the blood flow in the artery, can
provide additional pathological information that cannot be obtained with
the methods used today. Through the development of better equipment,
like electron-impact sources with emission spots in the 100-nm range [20]
and detectors with both high quantum efficiency and few-µm resolution [30],
PBI tomography could provide even higher spatial resolution than classical
histology. However, the excellent contrast that can be obtained in histology
thanks to dyes that bind to specific proteins is not possible in unstained PBI
tomography, where contrast depends mostly on density. Instead, classical
histology and PBI tomography are more likely to be complimentary tools.
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Summary of papers
This Thesis is based on the six papers listed below. It covers development
and improvements of methodology of propagation-based phase-contrast
tomography with liquid-metal-jet sources, with focus on high-resolution
biomedical applications.
The author was the main responsible for
Paper A, C and D. In Paper A and C the author designed and performed
the experiments, analyzed the results and wrote the manuscript. In
Paper B, the author performed experiments of the mouse skull, analyzed
that data and assisted in writing the manuscript. In Paper D the author
conceived, planned, designed and performed the measurements and
theoretical model, analyzed the results and wrote the manuscript. In
Paper E, the author contributed to analyzing the results and writing the
paper. In Paper F, the author contributed to planning the experiments
and writing the manuscript. All biomedical applications have been done
in collaboration with researchers within the specific field, who led the
biomedical analysis. Visible light imaging was done by others.
Paper A: X-ray phase-contrast tomography for high-spatial-resolution zebrafish
muscle imaging
This paper presents the first PBI tomography of whole-body zebrafish that
enables imaging of 5 µm subcellular myofibrils, despite their very low contrast. The imaging was accomplished by the combination of manually aligning a very small x-ray source emission spot, long exposure times with correction for thermal drift and a tailored post-processing method. The method
is verified by comparison with fluorescence confocal microscopy.
Paper B: High-resolution short-exposure small-animal laboratory x-ray phasecontrast tomography
This paper presents significantly faster imaging than usual microtomography, and at a dose acceptable for small-animal imaging. In a whole
mouse, we quantify the resolution in bone at several fast tomographies,
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down to 73 seconds and 400 mGy. The observability of air-filled structures
in water/soft tissue is investigated in a plastic phantom, and demonstrated
by the imaging of alveoli in mouse lungs.
Paper C: Cellular-resolution 3D virtual histology of human coronary arteries
using x-ray phase tomography
This paper presents 3D phase tomography images of excised post-mortem
human coronary arteries. The image quality is sufficient to discriminate
tissues, and also variations within a tissue. Microanatomical features related
to atherosclerosis, such as micro-calcifications, cholesterol depositions and
groups of few foam cells, are identified. All samples are imaged in classical
histology, and the images of the two methods are directly compared.
Paper D: Removal of ring artifacts in microtomography by characterization of
scintillator variations
This paper presents that the most dominant ring artifacts in the present
imaging system arise from the combination of beam hardening and spatial
variations in the detector scintillator thickness. A simple method to measure
the scintillator thickness using empty-beam images is presented, together
with a correction algorithm for projection images. The method successfully
removes both ring artifacts and beam hardening cupping artifacts, provided
that the source spectrum and the object material is known.
Paper E: Comparison of quantitative multi-material phase-retrieval algorithms
in propagation-based phase-contrast X-ray tomography
This paper makes a comparison of two existing methods for phase retrieval of
multi-material objects. Both methods are based on 3D segmentation, and
are therefore limited to tomography. The results are found to be similar
in image quality, but the method published by Ullherr & Zabler is found
to have lower computational demand and is easier to implement than the
method published by Beltran et al.
Paper F: Soft-tissue imaging in a human mummy: propagation-based phasecontrast CT
This paper demonstrated the first x-ray phase-contrast tomography of an
ancient mummy, as a method for non-destructive soft tissue imaging. A
mummified human hand is imaged, both in a high resolution tomography
of a fingertip, and in a somewhat lower resolution tomography of the whole
hand. Both large anatomical features and microanatomical features are
identified and characterized, down to individual cells.
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