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Abstract

X-ray fluorescence (XRF) tomography is an emerging bio-imagingmodality
with potential for high-resolution molecular imaging in 3D. In this tech-
nique the fluorescence signal from targeted nanoparticles (NPs) is mea-
sured, providing information about the spatial distribution and concentra-
tion of the NPs inside the object. However, present laboratory XRF tomog-
raphy systems typically have limited spatial resolution (>1 mm) and suffer
from long scan times and high radiation dose even at high NP concentra-
tions, mainly due to low efficiency and poor signal-to-noise ratio (SNR).
Other macroscopic biomedical imaging methods provide either structural
information with high spatial resolution (e.g., CT) or functional/molecular
information with lower resolution (e.g., PET).

In this Thesis we present a laboratory XRF tomography system with
high spatial resolution (sub-200 µm), low NP concentration and vastly re-
duced scan times and dose, opening up the possibilities for in vivo small-
animal imaging research. The system consists of a high-brightness liquid-
metal-jet microfocus x-ray source, x-ray focusing optics and two photon
counting detectors. By using the source’s characteristic 24 keV line emis-
sion togetherwith spectrallymatchedmolybdenumNPs theComptonback-
ground is greatly reduced, increasing the SNR. Eachmeasurement provides
information about the spatial distribution and concentration of the NPs, as
well as the absorption of the object. An iterative method is used to get a
quantitative reconstruction of the XRF image. The reconstructed absorp-
tion and XRF images are finally combined into a single 3D overlay image.

Using this system we have demonstrated high-resolution dual CT and
XRF imaging of both phantoms and mice at radiation doses compatible
with in vivo small-animal imaging.



v

Sammanfattning

Röntgenfluorescenstomografi (RFT) är en framväxande avbildningsteknik
med potential för högupplöst molekylär avbildning i 3D. Den här tekniken
mäter fluorescenssignalen från nanopartiklar vilket ger information ombå-
de nanopartiklarnas distribution och koncentration inuti objektet. Nuva-
rande kompakta systemhar begränsad upplösning (>1mm), långamättider
och hög stråldos även vid höga koncentrationer av nanopartiklar, främst på
grund av låg effektivitet och dåligt signal-brus-förhållande. Andra makro-
skopiska avbildningsmetoder ger antingen morfologisk information med
hög upplösning (e.g., datortomografi) eller funktionell/molekylär informa-
tion med lägre upplösning (e.g., positronemissionstomografi).

I denna avhandling presenterar vi ett kompakt RFT-system med
hög upplösning (200 µm), låg nanopartikelkoncentration och drastiskt
reducerade mättider och dos, vilket öppnar upp möjligheter för in
vivo-forskning på smådjur. Systemet består av en metallstrålekälla,
röntgenoptik och två fotonräknande detektorer. Genom att använda
källans karakteristiska emissionslinje vid 24 keV tillsammans med
spektralt matchade molybden-nanopartiklar minskar bakgrunden från
Comptonspridning drastiskt, vilket ökar signal-brus-förhållandet. Varje
mätning ger både information om nanopartiklarnas distribution och
koncentration, samt om objektets absorption. En iterativ metod används
för att ge en kvantitativ rekonstruktion av röntgenfluorescensbilden. De
rekonstruerade röntgenfluorescens- och absorptionsbilderna kombineras
slutligen till en enda 3D-bild.

Med det här systemet har vi demonstrerat högupplöst avbildning
av både fantomer och möss vid stråldoser som är kompatibla med in
vivo-avbildning av smådjur.
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Chapter 1

Introduction

The ability to look into our bodies without the need for surgery was for
a long time only thought of as a dream. However, that would change
with William Conrad Röntgen’s discovery of a new type of radiation in
1895 called ’x-rays’ [1]. Although not much was known about them at the
time, x-rays had the ability to penetrate through the human body and
form shadow images of highly dense materials such as bone. Today we
know that x-rays, just like visible light, are part of the electromagnetic
spectrum but with much shorter wavelength and higher energy. This
discovery opened up a new field of biomedical imaging research which
has been growing very fast during the last 120 years. Modern x-ray
computed tomography (CT) [2] makes it possible to do full-body 3D scans
in a matter of seconds. Several other new imaging modalities such as
magnetic resonance imaging (MRI) [3], single photon emission computed
tomography (SPECT) [4] and positron emission tomography (PET) [5]
have also been developed and are widely used for both research and in
daily medical practice [6].

Each imaging modality can provide different aspects of structural
and/or functional or molecular information [7]. Here, functional
imaging refers to detecting changes in metabolism or blood flow while
molecular information refers to the measurement of biological processes
on a molecular or cellular level. Molecular imaging techniques are
characterized by their use of bioprobes which are specific markers that are
used to increase contrast or generate signal in a specific part of the body.
CT provides high-resolution structural imaging (<1 mm in humans and
0.1 mm in mice) but no molecular information. PET and SPECT provide
molecular information but at low resolution, typically 2 mm in humans
and 1 mm in mice. MRI can provide limited functional imaging with 1 mm
resolution in humans and down to 0.1 mm in mice.
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In clinical and preclinical research the importance of high-resolution
small-animal imaging is increasing rapidly [8]. In these studies molecular
imaging plays a significant role, e.g., in cancer and neurological research,
for improved understanding of various diseases, and in the assessment of
new drugs and treatments [9–11]. Furthermore, in vivo studies allow for
longitudinal studies of diseases and drug therapy in the same animal. An
imaging system with high spatial resolution is very important not only be-
cause it gives more detailed information but also because the size of the
organs and other structures are much smaller in, e.g., mice compared to
humans.

X-ray fluorescence (XRF) tomography is a relatively new imaging
modality with potential for high-resolution molecular imaging [12].
This method uses x-ray radiation to trigger XRF in an object, either
from naturally occurring elements or from some bioprobe, e.g., metal
nanoparticles (NPs). The method puts very high requirements on
the system hardware and has therefore been used mostly at large
synchrotron facilities (e.g., [13, 14]). However, in the last few years several
investigations of laboratory NP XRF tomography systems have been
made both experimentally and theoretically in phantoms [15–18], and
in mice [19]. These systems typically show limited spatial resolution
(>1 mm) and suffer from long scan times and high radiation dose even
at high NP concentrations, mainly due to low useful x-ray flux and poor
signal-to-noise ratio (SNR).

In this Thesiswe present a new laboratoryXRF tomography systemwith
200 µm spatial resolution and high sensitivity at scan times and radiation
doses compatible with small-animal in vivo imaging. The major improve-
ment compared to other systems is the combination of a high-brightness
x-ray source, x-ray focusing optics and matching metal NPs which greatly
reduces the background, increasing the SNR.

The next four Chapters give a brief summary of the theoretical back-
ground for XRF tomography. Chapter 2 gives a basic introduction to x-
rays and x-ray interaction with matter. Chapter 3 introduces the hardware
used in the system. Chapter 4 contains an overview of the NP usage in
biomedicine. Chapter 5 describes XRF tomography and compares it with
some differentmolecular imagingmodalities. The last two Chapters, Chap-
ter 6 &Chapter 7, present our XRF tomography system and draw some gen-
eral conclusions as well as an outlook on the future of this project.
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Chapter 2

X-ray interaction with matter

This Chapter gives an introduction to x-rays and x-ray interactionwithmat-
ter. The first part describes the basic properties of x-rays and introduces the
unit electron volts, eV, which will be vastly used in this Thesis. Next, the
different types of interactions between x-rays and matter that are essential
for XRF tomography are briefly described. Finally, the concept of radia-
tion dose is introduced and the dangers of ionizing radiation is discussed.
A more complete description can be found elsewhere, e.g., Refs. [20–22].

2.1 Basic properties

X-rays are part of the electromagnetic spectrumwith a wavelength between
∼10 pm and ∼10 nm (Fig. 2.1). Like all forms of electromagnetic radiation
x-rays can be seen either as waves or as particles (photons). Different appli-
cations are bettermodeled by either description, e.g., CT by photon absorp-

1 eV 10 eV 100 eV 1 keV 10 keV 100 keV 1 MeV

1 µm 100 nm 10 nm 1 nm 100 pm 10 pm 1 pm

Photon energy

Wavelength

Ultraviolet

Soft x-rays

Hard x-rays

Gamma raysVisible light

Ionizing radiation

Figure 2.1: Electromagnetic spectrum. The electromagnetic spectrum from vis-
ible light to gamma rays. As the wavelength gets shorter the photon energy increases.
Photons above 10 eV have enough energy to ionize an atom and is therefore called ion-
izing radiation. The XRF tomography system presented in this Thesis mainly uses hard
x-rays with energies 17.4 keV and 24.1 keV.
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tion and phase-contrast imaging by wave propagation. The XRF tomogra-
phy system in this Thesis will be described using the particle description.

When working with photons it is common practice to describe the pho-
ton using its energy rather than wavelength. This is convenient because the
photon’s energy relative the binding energies of the atoms determine what
type of interaction that will occur. The photon energy is described by the
unit ’electron volt’, eV, which can be related to the wavelength by

E(eV) = 1240/λ(nm). (2.1)

X-rays therefore correspond to the energy range between ∼100 eV and
∼120 keV.

Radiation with an energy larger than 10 eV is called ionizing radia-
tion [23]. This means that the photon energy is high enough to free bound
electrons from atoms or molecules, thereby ionizing them. This can lead
to harmful effects such as cancer so medical imaging procedures strive to
reduce the amount of radiation as much as possible (cf. Section 2.3).

In general, photons with higher energies can penetrate deeper intomat-
ter. For medical imaging, about 25 keV is used for mammography and
70-120 keV for CT. The XRF tomography system presented in this Thesis
mainly uses x-rays with energies of 17.4 keV and 24.1 keV, which is well
suited for small-animal imaging.

2.2 X-ray interaction with matter

Hard x-rays can interact with matter in mainly three ways: Elastic and in-
elastic scattering, and via the photoelectric effect. At higher energies pair
production is possible but that will not be discussed further in this Thesis.

2.2.1 Elastic scattering

Elastic scattering is the process where a photon is scattered without loss of
energy (Fig. 2.2a) and is a minor effect for photon energies >15 keV. The
scattering process can be described by a classical model where the electric
field of the incident photon interacts with the electron cloud of an atom,
causing the electrons to oscillate in phase. When the atom relaxes a new
photon with the same energy is emitted in a slightly different angle. As the
energy of the incident photon is increased, the angle of the scattered photon
becomes more confined to the forward direction. In contrast to inelastic
scattering and the photoelectric effect, the atom is not ionized.
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a E
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nucleus

E
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Figure 2.2: X-ray scattering. a, Elastic scattering. The x-ray photon interacts with
the whole electron cloud of the atom. A new photon with the same energy is emitted
at a slightly different angle but the atom is not ionized. b, Inelastic scattering. The x-
ray photon interacts with a bound electron. Some of the photon’s energy is transferred
to the electron which is ejected out of the atom, ionizing it. The photon scattered in a
different direction with a reduction in energy.

2.2.2 Inelastic scattering

Inelastic scattering, or Compton scattering, (Fig. 2.2b) is the most proba-
ble interaction in soft tissue at energies >25 keV. It is mostly an undesired
effect and is one of the major sources of noise in medical imaging. In CT,
SPECT and PET, the photon is scattered away from itsmain path and enters
the detector at the wrong position. In XRF tomography, the energy of the
scattered photon may overlap with the fluorescence signal which increases
the background.

Compton scattering occurs when an x-ray photon scatters off an elec-
tron, transferring some of its energy and momentum to the electron in the
process. The electron is ejected out of the atom and the photon is scattered
with a reduction in energy. The energy of the ejected electron, Ee is given
by

Ee = E − E′ − Ui, (2.2)

where E is the energy of the incident photon, E′ the energy of the scattered
photon and Ui the binding energy of the electron. To a first approximation
the scattering process can be derived from a free electron at rest, for which
bothE′ and the scattering differential cross section, dσ/dΩ, are given by the
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Figure 2.3: Compton scattering. a, Differential cross-section. The normalized
differential cross section as function of scattering angle for 24 keV and 100 keV. As
the photon energy increases the scattering distribution shifts towards the forward di-
rection. b, Energy distribution. The energy of a scattered photon with initial energy
24 keV as function of scattering angle. The energy of the scattered photon reduces with
increasing scattering angle, down to 22 keV at 180∘.

Klein-Nishina formula [24],

E′ (keV) =
E (keV)

1 +
E (keV)
511 keV

(1 − cos θ)

, (2.3)

dσ

dΩ
∝ (

E′

E )

2

[(
E′

E ) + (
E′

E )

−1
− sin2 θ] , (2.4)

where θ is the scattering angle. Figure 2.3a shows an example of the nor-
malized differential cross section as function of scattering angle for two
scattered photon with initial energies of 24 keV and 100 keV. The photon
can be scattered in any angle but the scattering distribution tends to shift
towards the forward direction at increasing energies. Figure 2.3b displays
the energy loss of a 24 keV photon as function of scattering angle. Due
to conservation of energy and momentum the scattered photon will loose
more energy with increasing scattering angle, down to 22 keV at 180∘.

A more complete description of Compton scattering from atomic elec-
trons can bemade by extending theKlein-Nishina formulawith the impulse
approximation [25] which accounts for both the binding energies and mo-
mentum distribution of the electrons. This model is used for the Monte
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Carlo simulations in Papers A & D.

The probability of a Compton interaction is directly proportional to the
number of available electrons. Since the number of electrons in relation
to the mass only varies by ∼20% for all elements (except for hydrogen),
the probability per unit mass is independent of the atomic number and the
probability per unit volume is directly proportional to the density of the
material. In the hard x-ray energy range the probability for an interaction
is more or less independent of the photon energy (Fig. 2.6).

2.2.3 The photoelectric effect

Figure 2.5 depicts the photoelectric effect. This effect occurs when an x-
ray photon interacts with an inner-shell electron of the atom. All of the
photon’s energy is transferred to the electron which is ejected out of the
atom, creating a so called photoelectron with energy Epe (Fig. 2.5a),

Epe = E − Ui. (2.5)

The vacancy left by the ejected electron is filled by an electron from an outer
shell which in turn leaves a new hole. This leads to a cascade of electrons
jumping down from outer shells to inner shells with a release of energy in
each step. The released energy is equivalent to the difference in binding
energy between the two shells,

Ereleased = Uouter − Uinner. (2.6)

0 25 50 75 100

Atomic number

0

25

50

75

100

Y
ie

ld
 (

%
) XRF

Auger

Figure 2.4: XRF and Auger
yields. Given a photoelectric in-
teraction either an x-ray photon
or an Auger electron might be
emitted. The figure shows the
yield for the K-shell.

This energy is released in one of two ways, ei-
ther by emitting an x-ray fluorescence photon
(Fig. 2.5b) or by emitting an Auger electron
(Fig. 2.5c). Figure 2.4 shows the probability
of the two interactions as function of atomic
number [26].

For a photoelectric event to occur the pho-
ton energymust be higher than the binding en-
ergy of the electron. The electron with bind-
ing energy closest to, and lower, than the pho-
ton energy is most likely to be ejected and
the probability of an interaction increases the
closer they are in energy. These two effects re-
sults in a large increase in x-ray absorption at
the binding energies, called absorption edges.
At energies much larger than the absorption
edges the probability of a photoelectric interaction is proportional to Z4/E3.
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Figure 2.5: Photoelectric effect. a, Photoabsorption. An x-ray photon knocks out
an inner-shell electron, leaving the atom in an excited state. When the hole is filled by
an outer-shell electron energy is released by either x-ray fluorescence or an Auger elec-
tron. b, X-ray fluorescence. When the atom relaxes the energy is released as a photon,
called x-ray fluorescence or characteristic line emission. The energy of the photon is
equal to the difference between the two electronic shells. c, Auger emission. When the
atom relaxes the released energy is transferred to an electron which is emitted out of
the atom.

X-ray fluorescence

X-ray fluorescence (XRF), or characteristic line emission, is the main effect
used in XRF tomography.

XRF transitions are labeled by three characters. Firstly, the name of the
shell where the primary interaction took place, e.g., K or L. Secondly, the
distance to the outer shell where the electron jumped from. One step out
is labeled ’α’ whilst two or more is labeled ’β’. Finally, all electrons within
the same shell have a small difference in energy. To differentiate between
which electron that was ejected, a number is given to each electron. For ex-
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ample, if an x-ray photon knocks out an electron in the K-shell and that hole
is filled with an electron from the L-shell, the transition would be labeled
either ’Kα1’ or ’Kα2’ depending onwhich of two electrons in the K-shell that
was ejected.

Auger effect

In the case of an Auger event the energy is released in the form of an elec-
tron rather than a photon. This Auger electron may in turn ionize other
nearby atoms, which is important for several types of x-ray detectors such
as semiconductor detectors and phosphor screens.

2.2.4 Attenuation
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Figure 2.6: X-ray attenuation. Attenuation coefficients for the different interac-
tions in soft tissue. The photoelectric effect dominates at lower energies and Compton
scattering at higher energies.

All the interactions mentioned above contribute to the attenuation of
an x-ray beam as it passes through matter. The total attenuation can be
described by Beer-Lambert’s law,

I = I0e
−μz, (2.7)

where μ is the mass attenuation coefficient and z is the thickness of the ob-
ject. The attenuation coefficient is the sumof the attenuation from all inter-
actions, μ = μelastic + μCompton + μP.E.. The attenuation coefficient varies be-
tween different materials and energies and is themain source of contrast in
regular CT. An example of the attenuation for soft tissue is shown in Fig. 2.6
[27]. The photoelectric effect is dominant at lower energies (<25 keV) while
Compton scattering dominates at higher energies.
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2.3 Radiation dose & health risks

X-rays are a form of ionizing radiation. This means that the photon energy
is high enough to break chemical bonds and damage the DNA in living or-
ganisms. Although most DNA damage is rapidly repaired, misrepairs can
lead to mutations which in turn can cause cancer [28]. It is therefore im-
portant to keep the radiation as low as possible.

Radiation dose is a measure of how much x-ray energy that is absorbed
per unit of mass and is measured in Gray (Gy). Sometimes the equivalent
radiation dose, measured in Sievert (Sv), is also used. This accounts for the
type of radiation that deposits energy (photons, protons, etc.) but is equal
to the regular radiation dose, 1 Gy = 1 Sv, for x-rays. The average radiation
dose received from the natural background radiation is about 3 mGy per
year and the dose from different medical procedures about 1-15 mGy for
CT, PET and SPECT [29,30].

The radiation-induced risk for cancer remains a controversial subject,
especially for low radiation doses (<100 mGy) [30–32]. Most evidence for
radiation-induced cancer comes from cases with high radiation doses, e.g.,
Japanese atomic bomb survivors, and that data is then linearly extrapolated
down to lower doses [30]. From these models it is estimated that a dose of
1 Gy increases the risk of dying from cancer by 5% [30]. The main contro-
versy is whether or not there exists a threshold dose under which the body
can repair the radiation induced damage and there are many studies sug-
gesting evidence both for (e.g., Ref. [32]) and against (e.g., Ref. [31]) such a
threshold. Nonetheless, to assure patient safety the more conservative ’no
threshold’ model is typically assumed to be true and the radiation dose is
kept as low as possible.
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Chapter 3

X-ray instrumentation

This Chapter gives an introduction to the different kinds of hardware that
can be used to generate, manipulate and detect x-ray radiation. Extra em-
phasis will be put on the hardware that is used in the KTHXRF tomography
setup.

3.1 X-ray sources

The x-ray source is one of the most important components in any x-ray
imaging system. It affects several important imaging parameters such as
spatial and temporal coherence, x-ray energy and photon flux. The optimal
parameters are different for each application but it is nearly always desired
to have a high flux since it reduces the acquisition time. The optimal energy
depends on the structure and composition of the object, whereas a higher
energy is required for larger and more dense objects. Typically, 20-30 keV
is used for mammography and small-animal imaging, and 70-120 keV for
CT in humans [7]. A high spatial coherence (i.e., small source spot size)
is required for high resolution imaging and for some x-ray optics, e.g., the
Montel mirror used in the KTH XRF tomography setup (cf. Sections 3.3 &
6.1.1). High temporal coherence (i.e., narrow energy bandwidth) is often
desired since it reduces some imaging artifacts (e.g., beam hardening) [7]
and may reduce the background in some imaging modalities, e.g., XRF to-
mography [Paper A].

There are many different types of x-ray sources available today, both
small compact sources that fit inside a hospital or research lab and huge
facilities that can be several hundreds of meters in diameter.
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3.1.1 Facilities

X-ray radiation can be generated at huge facilities such as synchrotron ra-
diation sources or free-electron lasers [22]. The main advantages of these
x-ray sources are their extremely high flux and coherence as well as a very
broad tunability. The major downsides are the limited availability, large
size and huge construction and maintenance costs.

At synchrotrons, electrons are accelerated to very high speeds in several
steps, typically by a linear accelerator, a booster synchrotron and finally a
storage ringwhere they circulate and generate x-ray radiationwhen passing
magnetic structures like bending magnets or undulators. The radiation is
emitted as a tangent to the storage ring and is captured by experimental
stations called beamlines. With the use of x-ray optics a monochromatic x-
ray beamwith energy ranging from a few eV to tens of keV can be generated
while still maintaining a small spot size (30 nm-50 µm) and high photon
flux. The storage ring can be hundreds of meters in diameter and support
several beam lines which are each optimized for different applications such
as x-ray diffraction, spectroscopy and XRF imaging.

Free-electron lasers can generate ultrafast x-ray pulses (∼10−15 s) with
much higher flux and coherence compared to synchrotron facilities. Elec-
trons are accelerated to relativistic speeds and passed through an undula-
tor to generate the x-ray radiation. A resonance condition involving the
electron beam energy, magnetic field strength and period of the magnets
determines the x-ray energy so it can easily be tuned. However, in order
to accelerate the electrons to the required speeds the facility needs to be
several kilometers long. The short pulses and high coherence make these
facilities suitable for, e.g., x-ray crystallography and ultrafast studies.

3.1.2 Compact sources

In contrast to the large facilities, x-ray radiation can also be generated with
compact bench-top systems. Although these system have a large advantage
in size and cost they are generally much less tunable and have significantly
lower flux and coherence. The electron-impact source, or x-ray tube, is the
most common type of compact source and its basic design has not changed
much since the discovery of x-rays in 1895. Figure 3.1a shows the main
components of such a source. A heated filament or crystal (cathode) is used
to generate electrons which are accelerated through a high-voltage field
and focused onto a solid target (anode). When the electrons hit the anode
x-ray radiation is generated through Bremsstrahlung and characteristic
line emission, giving a broad polychromatic emission spectrum (Fig. 3.1b).
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Electrons are generated at the cathode and accelerated to the anode through a high-
voltage field. When the electrons hit the anode x-ray radiation is generated through
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configuration. d, Transmission anode configuration.

Anode configurations

w
h

w

h’<h

Anode

Figure 3.2: Line focus. Due to
the tilted anode the effective spot size
(h’×w) is smaller than the e-beam size
(h×w).

There are twomajor anode configurations,
tilted anode (Fig. 3.1c) and transmission
anode (Fig. 3.1d). In the tilted anode con-
figuration the electrons hit a thick, tilted
anode and the x-ray emission window is
placed at an angle to the e-beam. Themain
advantages of this configuration are that
heat can be transferred away through the
base of the anode and that a line focus can
be used in order to reduce the effective spot
size (Fig. 3.2). With a line focus the e-beam
is focused into a line and hits the tilted an-
ode. Due to angled view the perceived spot
size in the vertical direction (h’) is reduced.
Since the maximum power is proportional to the area of the electron beam
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(h×w) the flux can be increasedwhile still maintaining a small effective spot
size (h’×w).

The transmission configuration uses a very thin anode (typically a few
μm). The generated x-ray radiation is transmitted through the anode ma-
terial and emitted through the exit window in the same direction as the
e-beam. The thin anode limits the scattering of electrons inside the anode
material, making it possible to achieve very small x-ray spot sizes (<1 µm).
The downsides to this configuration are the limited cooling options and in-
ability to use a line focus which lead to very low output powers.

Key parameters

There are a few important parameters that are used to characterize an x-ray
tube. The tube current, I, is the rate at which electrons are released from
the cathode. This is dependent on the temperature of the cathode and is
typically in the order of mA. The voltage difference between the anode and
cathode is called the tube voltage,U . The tube voltage determines themax-
imum x-ray energy of the source and is often reported in the unit kilovolt
peak, kVp. The product between the tube voltage and tube current gives the
electron beam (e-beam) power,

Pe-beam = I × U . (3.1)

However, only a fraction of the e-beam’s energy is converted into x-ray ra-
diation while the rest is turned into heat. The conversion efficiency, η, is
roughly [33]

η = kZU , (3.2)

where Z is the atomic number of the anode material and k is a constant
approximately equal to 9.1 × 10−10 V−1.

The emitted x-ray power, Px-ray, is therefore given by

Px-ray = η Pe-beam = k Z I U2, (3.3)

so themost efficient way to increase the output power is to increase the tube
voltage. However, this is often limited by the application since it also deter-
mines the maximum x-ray energy. The anode material should be chosen to
have a high atomic number, highmelting point and good heat conductivity,
e.g., W (Z=74), but othermaterials such as Cu,Mo andRh are also common
due to their respective line emission energies. The tube current is limited
by the maximum temperature of the cathode.
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is a jet of liquid metal which is continuously re-circulated though a reservoir.

Non-stationary anodes

Themain limiting factor for electron-impact sources is the heat generation.
As an example, a source with a W anode operating at 100 kVp will only
convert <1% of the electrons’ energy into x-ray photons (cf. Eq. 3.2). The
rest of the energy is transformed into heat so if the e-beam power density
(kW/mm2) is too high the anode will melt. This is especially a problem
for high resolution applications where the small source spot size severely
limits the maximum output power, leading to very long exposure times.
One way to increase the maximum e-beam power density is to use a
non-stationary anode, e.g., a rotating anode or a liquid-metal-jet anode.

Rotating anode
Most medical x-ray sources use a tilted rotating anode (Fig. 3.3a) [21]. In
this design, the anode is continuously spinning (∼10000 RPM) so the heat
generated from the e-beam is transferred away from the interaction point.
This greatly increases the maximum e-beam power density compared
to fixed anodes. However, the anode cooling is limited so all the heat
can’t be dissipated completely during a single rotation, making the
whole anode heat up over time. Since the same material is used over
and over again the anode is very sensitive to damage and the maximum
working temperature of the anode is therefore set significantly lower
than its melting temperature. For these reasons it is predicted that the
rotating anode design can only be improved up to 6× in the future [34].
Another downside to this design is that the minimum source spot size
is limited to ∼100 µm [21] which is not small enough for some very
high-spatial-resolution applications.
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Figure 3.4: Source comparison. a, E-beam power density. The liquid-metal-jet
source has a clear advantage compared to other electron-impact sources due to the re-
generative anode. b, E-beam power. The liquid-metal-jet source is clearly best for spot
sizes between 5 µm and 40 µm and the rotating anode best for larger spots. Figures
adapted from [35].

Liquid-metal-jet anode
A new type of non-stationary microfocus source, the liquid-metal-jet
x-ray source (Fig. 3.3b), was invented at KTH in 2003 [36] and is
now manufactured and sold by Excillum AB [35]. This source uses a
regenerative high-velocity jet (∼80 m/s) of liquid metal as anode. Since
the jet has a circular cross-section it is possible to use a line focus like
with the tilted anode design. The anode material is Galinstan, an alloy
of Ga, In and Sn, which is liquid at room temperature. In addition to
the continuous Bremsstrahlung background it gives characteristic line
emission at 9.25 keV (Ga Kα), 24.2 keV (In Kα) and 25.2 keV (Sn Kα).

This design has several advantages which allows the maximum e-beam
power density to be further increased by 10-100× compared to the rotating-
anode design [36]:

1. The jet speed, v, is larger than the rotation speed of the rotating anode
so new material is supplied faster.

2. The specific heat capacity, cp, of a liquid is larger than for a solid so
more energy is required to heat up the anode.

3. The jet supplies newmaterial from a reservoir rather than reusing the
same material so the process can be destructive (i.e., the jet may be
partly vaporized). Therefore, the anode can be loaded with an addi-
tional energy ΔHvap (the heat of evaporation) before failure.
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4. The maximum power density for the liquid-metal jet is directly pro-
portional to v(ΔTcp +ΔHvap) compared to √(vcp) for a rotating anode
which improves the scalability [37].

Furthermore, theminimum source spot size is 5 µmwhichmakes it suitable
for high-resolution imaging.

Figure 3.4 shows a comparison of different types of x-ray sources in
terms of maximum e-beam power and e-beam power density. The liquid-
metal-jet source is clearly best for source spot sizes in the range of 5-30 µm
which is the range required for the focusing optics in the KTH XRF to-
mography setup (cf. Section 3.3). However, the liquid-metal-jet source is
limited to a maximum spot size of ∼40 µm since the diameter of the jet is
∼200 µm. This makes the rotating anode a better choice for low-resolution
applications since the maximum power can be considerably larger.

3.2 X-ray detectors

An x-ray detector is a necessary part in any x-ray imaging system and has a
significant impact on the imaging performance. There are many different
detector designs and which is the best choice is highly dependent on the
application. X-ray detectors can typically be divided into four categories
depending on the method of detection (direct or indirect) and how it an-

a

Scintillator Fiber optic plate

Sensor

X-ray

Visible light

b
Conduction
band

Valence
band

Evis

iii

Activator
bands

Figure 3.5: Indirect x-ray detector. a, Basic design. The three main components
of an indirect x-ray detector are the scintillator, fiber-optic plate and sensor. The scin-
tillator converts x-ray photons into visible light which is transferred through the fiber
optics down to the sensor. b, X-ray photon to visible light conversion. An absorbed
x-ray photon generates electrons that excite charge carriers from the valence band to
the conduction band in the scintillator. The charge carriers can either return directly to
the valence band without any emission (i) or through the activator energy bands with
visible light emission (ii).
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alyzes the signal (energy integrating or photon counting). Furthermore, a
detector that mainly gives two-dimensional spatial information is typically
called a ’camera’ while a detector mainly giving spectral information is typ-
ically called a ’spectrometer’. This section will give brief introduction to the
detectors used in this Thesis but a complete description can be found in the
literature, e.g., Refs. [21, 38]. Papers E & F investigated the imaging per-
formance and artifact reduction in indirect energy-integrating cameras and
Papers A-D used direct photon-counting semiconductor spectrometers for
the KTH XRF tomography setup.

3.2.1 Indirect energy-integrating cameras

Basic principle

Figure 3.5a shows a schematic of a typical indirect x-ray camera. It has
three main components; a scintillator which converts the x-ray photons
into visible light, a pixelated sensor which detects and integrates the visible
light, and a fiber optic plate (FOP) which protects the sensor and transfers
the visible light from the scintillator to the sensor.

The scintillator consist of a high-Z crystalline material with an activator
(dopant) that gives it emission in the visible light range, e.g., Gd2O2S:Tb or
CsI:Tl. An x-ray photon is absorbed in the high-Zmaterial through the pho-
toelectric effect and its energy is transferred to a photoelectron and prefer-
ably Auger electrons (an XRF event is not desired since some of the energy
might escape the scintillator in form of a photon). These electrons travel
through the scintillator and excite charge carriers from the valence band
into the conduction band (Fig. 3.5b). Some of the charge carriers will return
to the valence band through a local state created by the activator and emit
visible light but they might also return directly without giving off any radi-
ant energy. The fraction of the charge carriers that decay through the acti-
vator is material dependent (14% for Gd2O2S:Tb and 13% for CsI:Tl [38]).
The visible light travels through the scintillator, via the FOP, down to the
sensor. For high-resolution detectors the sensor is typically either a CCD
(charged-coupled device) or a CMOS (complimentarymetal oxide semicon-
ductor) which converts the visible light into electrons and stores it in a pixel
which can then be read out. A CCD has the advantage of low noise while a
CMOS tends to have much faster read-out times.

Resolution vs noise trade-off

Indirect detectors have an intrinsic trade-off between high efficiency and
high spatial resolution. The visible light generated inside the scintillator is
emitted isotropically and is scattered on its way to the sensor. This makes
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Figure 3.6: Scintillator types. a, Powder scintillator. The scintillator is made from
small particles which scatter the visible light down to the sensor. b, Needle CsI. The
scintillator crystal is cracked to create vertical structures that guide the light towards
the sensor. c, Structured CsI. Vertical wells are etched into a Si substrate and filled with
scintillating material. The visible light is guided down to the sensor and stray light is
absorbed in the walls. Adapted from Paper E.

the signal spread out over several pixels, limiting the resolution (Fig. 3.5b).
The spread is proportional to the thickness of the scintillator, so a thinner
scintillator will have a higher resolution than a thicker one. However, a
thinner scintillator will absorb less of the incident radiation (cf. Eq. 2.7)
and therefore give a higher relative noise level.

To limit the spread of visible light, scintillators are typically not trans-
parent but instead made as a powder with small individual particles. The
particles are bound togetherwith a transparent binderwhichmakes the vis-
ible light scattermultiple times on its way to the sensor (Fig. 3.6a). Another
way to reduce the trade-off is to use a structured scintillator which has some
internal structures that guide the light in the right direction (Fig. 3.6a-b).
This can be made either by growing a scintillator crystal with needle-like
structures [39], or by creating supportive structures and filling it with scin-
tillator material [40].

A reflective or absorptive layer at the back of the scintillator can also be
used to either reduce the noise or increase resolution, respectively. A reflec-
tive layer will reflect the backscattered light towards the sensor, increasing
the number of detected visible light photons and therefore reduce the noise.
However, this will also cause the light to spread out over a larger area which
degrades the resolution. On the contrary, an absorptive layer absorbs the
backscattered light which increases the resolution but increases the noise.
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Performance metrics

The detector performance can be measured by the modulation transfer
function (MTF), the noise power spectrum (NPS) and the detective
quantum efficiency (DQE).
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Figure 3.7: Scintillator perfor-
mance. The performance of dif-
ferent scintillator types at 25 keV.
Adapted from Paper E.

TheMTF is ameasure of the spatial res-
olution of the imaging system. It describes
how well the modulation at each spatial
frequency in an object is reproduced when
imaged. A perfect detector would have an
MTF equal to one for all frequencies, thus
perfectly reproducing themodulation in an
image. In a real detector a lot of different
factors such as scattering inside the scin-
tillator and the pixel size of the sensor will
degrade the resolution, causing theMTF to
drop towards zero at high spatial frequen-
cies.

There are three major scintillator pa-
rameters that influence the MTF. Firstly,
the scintillator thickness. As discussed
above, a thinner scintillator gives higher
resolution. Secondly, the range of the pho-
toelectrons. The range is dependent on the
material and x-ray energy but is typically
1-3 µm at 10-30 keV and 10-30 µm at 50-
100 keV. Finally, x-ray fluorescence. This
occurs when the initial photoelectric event
results in XRF rather than Auger emission.
The XRF photonmight either escape out of
the scintillator resulting in less visible light
being generated, or reabsorbed at a differ-
ent positionwhichdegrades the resolution.

TheNPS is ameasure of the noise in the
imaging system and describes the variance of the signal at each spatial fre-
quency. It typically consists of two parts, one frequency-independent part
that arise from the visible light and one frequency-dependent part that arise
from the x-ray photons. The latter is alsomodulated by theMTF so theNPS
drops to a constant value proportional to the number of detected visible
light photons at higher frequencies. It is often convenient to normalize the
NPS to that of an ideal detector, i.e., a detector which absorbs all incident
radiation and is only limited by photon noise. This normalized NPS, NNPS,
will have a value of one for an ideal detector but a larger value for a real de-
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tector. At high exposures, where the system is limited by photon noise, it is
possible to measure both the number of detected visible light photons and
the x-ray absorption efficiency directly from the NNPS (cf. Paper E).

The DQE combines the MTF and NNPS and is a measure of how much
of the information in the object at a certain frequency that can be used to
form an image. It is defined as

DQE(f ) = (
SNRout(f )
SNRin(f ) )

2

=
MTF2(f )
NNPS(f )

. (3.4)

Although both the signal and noise are modulated by the MTF, the DQE
will drop towards zero at higher frequencies due to the Lubberts effect [41].
The integrated DQE, i.e., the area under the DQE curve, can be used as an
overall performance measure.

Figure 3.7 shows the MTF, NNPS and DQE (measured at 25 keV) for
one 10 μm thick powder scintillator (Gd2O2S) and two 200 μm thick needle
and structured CsI scintillators. The powder scintillator is very thin and
therefore has highest MTF but also the worst (highest) NNPS. The two CsI
have the same thicknesses but the structured one has higher MTF since
stray light is absorbed in the structure walls. However, the absorption in
the walls (of both visible light and x-ray photons) gives it a worse NNPS.
As for the DQE, the needle and structured scintillators are best at lower
frequencies (mainly due to the lower NNPS) and the powder scintillator is
best at very high frequencies (although the DQE is very low, ∼2%).

3.2.2 Photon-counting semiconductor spectrometers

Basic principle

Figure 3.8 shows the basic design of a typical photon-counting semiconduc-
tor spectrometer. The sensor consists of a semiconductor material placed
between two electrodes (Fig. 3.8a). An incident x-ray photon is absorbed in
the sensor material through the photoelectric effect, transferring its energy
to a photoelectron and preferably Auger electrons. These electrons excite
a number of electron-hole pairs into the conduction band proportional to
the energy of the initial electrons. The charge carriers move through the
electric field to the electrodes where they generate a pulse that is read out
by the detector electronics. Since the energy required to create an electron-
hole pair is known the pulse height can be directly correlated to the energy
of the incident x-ray photon.

The pulse generated at the electrodes is then amplified, converted to
a voltage step and digitalized before it can be analyzed by a digital pulse
processor (DPP) (Fig. 3.8b-d). Each absorbed x-ray photon generate a new
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Figure 3.8: Photon-counting semiconductor detector. a, Sensor. The sensor
material is placed between two electrodes. An x-ray photon is absorbed in the detector
material and generates electron-hole pairs that travel to the electrodes where they gen-
erate a pulse that can be read out. b, Charge sensitive preamplifier. The signal from
the detector is amplified and converted into a voltage step with amplitude proportional
to the x-ray energy. c, Analog-to-digital converter. The analog signal is digitalized for
analysis. d, Digital pulse processor. The digital signal is analyzed to extract the en-
ergy of the x-ray photon. As many x-ray photons are collected a histogram of the x-ray
energies can be created, giving the x-ray spectrum.

voltage step with an amplitude proportional to its energy. As multiple x-
ray photons are detected a histogram of the pulse heights can be generated,
giving the measured x-ray spectrum.

The sensor is typically made by doping Si, Ge or CdTe to turn it into a
diode. The diode is then reverse biased in order towiden the depletion layer
which then acts as the active detection media.

Performance metrics

The performance of a photon-counting semiconductor detector is primar-
ily measured by its collection efficiency, energy resolution and maximum
throughput.

The collection efficiency is influenced by the area and absorption effi-
ciency of the sensor. A larger area collects more signal but also increases
the noise (cf. below). The absorption efficiency is given directly by Beer-
Lambert’s law (cf. Eq. 2.7) so increasing the sensor thickness and density
results in a higher absorption efficiency.
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Figure 3.9: Performance metrics. a, Energy resolution. The detector energy res-
olution is determined by the noise in the detector. The noise consist of two parts, the
intrinsic Fano noise and reducible detector noise that arise due to, e.g., sensor capaci-
tance. b,DPP processing time. The time the DPP spends to analyze each pulse, i.e., the
processing time affects both the energy resolution and throughput. A higher processing
time reduces the noise and increases the energy resolution but also increases the dead
time which reduces the throughput.

The energy resolution describes how well the energy of a detected x-
ray photon can be measured. It is generally desired to have as high energy
resolution as possible since thatmakes it possible to distinguish the charac-
teristic energies from different elements and increases the signal-to-noise
ratio (cf. Paper A). The energy resolution is mainly limited by two factors,
intrinsic Fano noise [42] and detector-dependent noise from the read-out
electronics and DPP (Fig. 3.9a). Fano noise arise from fluctuations in the
number of created electron-hole pairs in the semiconductor. It is charac-
terized by the material dependent Fano factor, F , which is ∼0.1 for Si [43].
Due to interactions in the crystal lattice, the Fano noise is a factor of √F
smaller than Poisson noise. The Fano noise sets an intrinsic limit to the en-
ergy resolution. Assuming a Gaussian peak shape, the FWHM (full width
at half maximum) energy resolution due to the Fano noise becomes [44]

FWHMFano = 2√2 log(2)σFano = 2√2 log(2)√EFε, (3.5)

where E is the x-ray energy and ε is the energy required to create an
electron-hole pair (∼3.6 eV for Si [43]).

The detector noise mainly consists of voltage noise and leakage current.
Voltage noise arise from capacitances in the sensor circuit and can be re-
duced by increasing the processing time of the DPP. The anode’s capaci-
tance is proportional to its area and is a major contribution to the noise.
Leakage current is caused by charge carriers being thermally excited into
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Figure 3.10: Dead time and throughput. The dead time is the short time after
an event during which the DPP can’t process a new event. Any new events during the
dead time is either discarded (non-paralyzable) or discarded and reset the dead time
(paralyzable). The throughput is the difference between the number of absorbed x-ray
photons (input rate) and the number of photons recorded in the spectrum (output rate).

the conduction band and is proportional to the sensor volume and temper-
ature. It creates a slope in the voltage ramp which degrades the resolution
for long processing times but can be reduced by cooling the sensor.

The detector throughput is the difference between the number of ab-
sorbed x-ray photons (input rate) and the number of photons recorded in
the spectrum (output rate). This difference ismainly due to the dead time in
the DPP which is the short time after each measurement that it’s unable to
record another event. The total dead time is often a combination of several
effects in the sensor (e.g., charge carrier travel times), detector electronics
(e.g., conversion time of the analog-to-digital converter) and the process-
ing time in the DPP. A detector can be characterized by a paralyzable or
non-paralyzable behavior (Fig. 3.10). In a non-paralyzable detector, any
input event during the dead time is lost, so when the input rate increases
the output rate saturates at a value equal to the inverse of the dead time. In
a paralyzable detector, any input event during the dead time is not only lost
but also resets the dead time, so when the input rate increases the output
rate goes towards zero. There are many techniques to restore the original
spectrum, e.g., using a live time clock that is paused during the dead time
or using two separate channels for analysis, one with a long processing time
that measure the energy and one with a short that just measures the input
rate [45].

The dead time increases drastically with the processing time so reducing
the processing time increases the throughput. However, this also increases
the noise which reduces the energy resolution (Fig. 3.9b).
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Artifacts

There are several effects that might distort the final energy spectrum, e.g.,
pulse pile-up and energy loss due to Compton scattering or XRF escape
peaks.

Pulse pile-up occurs when two ormore photons are detected at the same
time. Since theDPP can’t tell the photons apart they are recorded as a single
event with an energy equal to the sum of their respective energies.

Compton scattering is a problem since only part of the x-ray photon’s
energy is transferred to the electron, resulting in a too low energy being
reported. Similarly, XRF escape peaks occurs when an initial photoelectric
event results in the emission of an XRF photon rather than Auger electrons.
If the XRF photon escape out of the sensor the reported energy will be cor-
respondingly lower. One way to avoid this is to use low-Z semiconductors
since they both have a lower Compton probability and a significantly higher
Auger yield (cf. Chapter 2.2.3). However, low-Z materials have the down-
side of low absorption efficiency. Another way to avoid XRF escape peaks is
to make sure that the x-ray energy is below the sensor’s K absorption edge
since the L shell have much higher Auger yield than the K shell.

Silicon-drift detectors

The silicon-drift detector (SDD) was first presented in 1996 [46] and is de-
signed to minimize some of the problems in regular semiconductor detec-
tors. The main improvement is the very low sensor capacitance which is
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Figure 3.11: Silicon-drift detector. a, Basic design. The silicon-drift detector con-
sist of multiple concentric rings with radially increasing negative potential. The anode
and read-out electronics are located in the center. b, Potential field. The potential over
the detector as function of radius and depth. An electron generated anywhere in the
detector falls through the potential field down to the anode located at r=0, t=0.
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achieved by using a very small anode and an integrated FET (field-effect
transistor) preamplifier. The low capacitance greatly reduces the voltage
noise which makes it possible for the DPP to use much shorter processing
time and therefore achieve high energy resolution even at high count rates.
The short processing time also makes it acceptable with larger leakage cur-
rents, i.e., higher temperatures, so Peltier cooling is sufficient (compared
to, e.g., Si(Li) detectors which require liquid nitrogen). Finally, the anode
size is independent of the sensor area so the energy resolution and maxi-
mum count rate are also more or less independent of the sensor size.

Figure 3.11a shows the basic design of an SDD. The sensor bulk is made
of high purity n-type Si which is fully depleted by applying a negative volt-
age to the p+ back contact and the p+ ring electrodes on the front. Themulti-
ple ring electrodes are arranged as concentric rings with radially increasing
negative potential (relative to the anode). This sensor configuration creates
a potential field within the sensor (Fig. 3.11b) that makes electrons drift to-
wards the anode in the center. The anode is directly connected to the gate
(G) of an integrated n-JFET (junction gate field-effect transistor) preampli-
fier. When electrons reach the anode they cause a voltage drop at the JFET
gate which reverse bias the JFET, reducing the current between the source
(S) and drain (D). This change in current can accurately be measured and
is later digitalized and analyzed by the DPP.

3.3 X-ray focusing optics

TheKTHXRF tomography systemuses a scanning x-ray imaging technique
and therefore require the x-rays to be focused into a pencil beam. X-ray

a

b

c

Figure 3.12: X-ray optics. a, Reflective optics. The x-rays can be focused by total
external reflection from elliptical or parabolic mirrors. The image shows a pair of KB
mirrors. b, Refractive optics. X-rays have a refractive index close to one so multiple
lenses have to be stacked together in order to reduce the focus distance. The image
shows a compound refractive lens. c,Diffractive optics. Diffractive optics uses different
apertures or gratings to focus the x-rays by diffraction. The image shows a zone plate.
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radiation is difficult to focus since it has a very short wavelength and a re-
fractive index close to one in most materials. Nonetheless, a number of
different reflective, refractive and diffractive x-ray optics are available for
use in different x-ray imaging applications, each with its own advantages
and disadvantages.

Reflective optics, e.g., Kirkpatrick-Baez (KB) mirrors [47] (Fig. 3.12a)
andMontelmirrors [48], rely on total external reflection to focus the x-rays.
The optics can be made either from a single material or use a multilayer
structure and satisfy the Bragg condition. Themain advantages of reflective
optics are the high efficiency (up to 90% [49]) and achromatic focusing. The
downsides are the large size (tens of cm) and difficult manufacturing.

Refractive optics, or lenses, are impractical to use for x-rays since the
low refractive index leads to very long focusing distances. Nonetheless,
compound refractive lenses [50] (Fig. 3.12b) uses multiple lenses stuck to-
gether to reduce the focus distance. These works well at higher energies
(>15 keV) but have very poor efficiency at lower energies due to absorption
in the optics. The absorption in the optics also limits the minimum focus
size to a few hundred nm [50].

Diffractive optics, e.g., multilayer Laue lenses [51] and zone plates [52]
(Fig. 3.12c), uses diffraction gratings to focus the x-ray beam. They have po-
tential for very high resolution and high efficiency but are difficult to man-
ufacture and are highly chromatic. They are most suitable for applications
that use low energies and short focus distances.

3.3.1 Montel mirrors

TheKTHXRF tomography systemuses aMontelmirror, or nestled KBmir-
rors, which is a type of multilayer reflective optics that was invented by
Montel in 1954 [48]. It has the advantage of high efficiency and very com-
pact design which makes it suitable for a laboratory setup. Furthermore,
its multilayer structure and off-axis focusing creates a monochromatic fo-
cus beam which greatly reduces the background in XRF tomography (cf.
Paper A).

Figure 3.13a shows a drawing of a typical Montel mirror. It consists of
two elliptical mirrors placed perpendicular to each other, each focusing the
x-rays in one direction. The incoming x-ray beam bounces once on each
mirror, creating a small circular focus spot. Figure 3.13b shows the operat-
ing principle of a singlemirror. Themirror is elliptical with the x-ray source
placed in one of the foci and the object in the other. The geometrical mag-
nification varies along the mirror, with larger magnification closer to the
source. The acceptance angle, Δα, determines the collection efficiency of
the mirror and the beam divergence, Δβ, determines how fast the beam is
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Figure 3.13: Montel mirror. a, The Montel mirror consist of two perpendicular
elliptical mirrors which each focus the x-rays in the horizontal and vertical direction,
respectively. b, Focusing principle. Each mirror has an elliptical shape with the x-ray
source placed in one of the foci and the object in the other. The multilayer coating
monochromizes the focus beam and since the beam is off-axis the direct beam from the
source can be blocked. c, Themultilayer is laterally graded and consist of twomaterials,
one high-Z material (reflective layer) and one low-Z material (spacer layer).

focused/defocused.
Themirror is typically made out of a Si substrate with a multilayer coat-

ing on top (Fig. 3.13c). Themain purpose of themultilayer is to increase the
reflectance and acceptance angle (since Bragg reflections occurs at much
higher angles than total external reflection) but it also acts as a monochro-
mator. The multilayer is made up of alternating layers of a low-Z and a
high-Zmaterial called the ”spacer layer” and ”reflective layer”, respectively.
Typical materials in the hard x-ray regime areW for the reflective layer and
C for the spacer layer. Since the Bragg angle changes for different parts of
the mirror the multilayer must be laterally graded, i.e., the spacing of the
layers, d, must increase with increasing distance from the source.

The mirror performance is very sensitive to errors in the mirror curva-
ture and multilayer structure. Any defects in the substrate also propagate
into the multilayer so the manufacturing process is very important.
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Chapter 4

Nanoparticles in bioimaging

This Chapter gives an overviewof the use of nanoparticles (NPs) in bioimag-
ing and discusses several important properties and methods to make the
NPs target a specific region such as a tumor.

4.1 Introduction

NPs are defined as particles with a diameter in the range of 1-100 nm
(Fig. 4.1) [53]. They can be made from a range of different materials
and are used in many fields ranging from cosmetics to medicine and
bioimaging. In medicine, NPs are investigated as carriers for targeted drug
delivery and therapy [54, 55]. The NPs are filled with a drug and injected
into the body where they accumulate in a selected region by either passive
or active targeting (cf. below). For the same reason, NPs have potential to
be used as a functional/molecular imaging agent in bioimaging [56].

0.1 nm 1 nm 10 nm 100 nm 1 µm 10 µm 100 µm 1 mm

Human
cell

Atom Nanoparticles Strand
of hair

Figure 4.1: NP size. NPs have a diameter in the range of 1-100 nm which is some-
where between the size of an atom and a human cell.
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NPs are currently used in many bioimaging applications, e.g., gold NPs
in electron microscopy [57] and quantum dots in visible fluorescence mi-
croscopy [58], but also clinically where magnetic NPs can be used to en-
hance the contrast in MRI [59]. For small-animal imaging, gold and other
high-Z NPs have been used to enhance the absorption contrast in CT [60].
Active targeting schemes in CT have also been used to target, e.g., lymph
nodes [61] and breast tumors [62]. The KTH XRF tomography setup uses
targeted molybdenum NPs as the main source of signal [Papers A-D].

4.2 Requirements for bioimaging

One of the main advantages of using NPs for molecular bioimaging is that
the material, size, shape and surface characteristics of the NPs can be op-
timized for each imaging application [54, 55]. There are two critical prop-
erties that have to be fulfilled in order to use the NPs for bioimaging, long
circulation time and low toxicity. In order for the NPs to find and accumu-
late inside a tumor they need to circulate in the blood for a long time. To do
this they have to avoid the body’s immune system, i.e., avoid capture by the
macrophages in the mononuclear phagocyte system (MPS) which includes
organs such as the liver, kidneys and spleen (Fig. 4.2). Figure 4.3 shows an
example of how some NP properties influence the uptake in different or-
gans (smaller uptake is better). Larger NPs tend to accumulate in the lungs,
liver and spleen while very small NPs are caught by the kidneys. Further-
more, spherical and slightly negatively charged NPs are best for avoiding
uptake by theMPS [55]. The circulation time can also be increased by coat-
ing the NPs with, e.g., polyethylene glycol (PEG) or polyvinylpyrrolidone
(PVP) [63,64]. The second critical property is toxicity. The NPs have to be

SpleenLiver

Lungs

Kidney

Figure 4.2: NP uptake in organs. Organs of the MPS. The NPs should be designed
to maximize the circulation time in the blood and to minimize uptake in the major or-
gans. Larger nanoparticles (>150 nm) are captured by themacrophages in the liver and
spleen while smaller nanoparticles are cleared out by the kidneys.
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Figure 4.3: NP properties influence on uptake. The size, shape and surface
charge of theNPs affect their uptake inmajor organs. Tomaximize the circulation time,
the NPs should be 20-150 nm in diameter, have a spherical shape and have a slightly
negative surface charge. Adapted from [55].

able to circulate in the blood, enter the tumor and then be excreted without
causing any harm to the body. Here, both the material and the amount of
NPs injected, i.e. the NP dose, are important. All materials are associated
with a certain lethal dose. Some materials, e.g. gold, tend to not interact
much inside the body and can be injected in large quantities without harm-
ful effects [62]while othermaterials can be lethal already at extremely small
doses. In order to reduce the toxicity of the NPs they can be coated with a
protective layer which then acts as a shield towards the rest of the body.

4.3 Targeted nanoparticles

Given that the NPs have a long circulation time and are non-toxic they can
be further tuned to target a specific area or tumor in the body. There are
both passive and active targetingmechanisms that can be utilized to achieve
this.

4.3.1 Passive targeting

The injected NPs can passively gather up in the tumor by the enhanced per-
meability and retention effect (EPR) [65] (Fig. 4.4). A tumor needs oxygen
and nutrients in order to grow. When the tumor is small (<100-500 μm)
these can be supplied through diffusion from nearby blood capillaries but
as the tumor grows larger it is not enough to support the increasing needs.
Therefore, the tumor releases growth factors and other regulators to re-
cruit new vessels (neovascularization) and re-route nearby vessels in order
to increase the supply of oxygen and nutrients. The resulting imbalance of
regulators causes the tumors vessels to become highly disorganized with
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Figure 4.4: Passive targeting. Nanoparticles can passively gather in the tumor
by the enhanced permeability and retention effect (EPR). The tumor grows fast and
recruits nearby vessels in order to increase the supply of oxygen and nutrients. The
fast growth results in a highly disordered structure with enlarged gap junctions in the
endothelial cell walls and reduced lymphatic drainage. The NPs diffuse into the tumor
through the gaps and stay there due to the limited drainage. Adapted from [54].

reduced lymphatic drainage and enlarged gap junctions in the endothelial
cell walls. The NPs can enter the tumor through these gaps and stay there
due to the limited drainage.

One of the limitations to this passive targeting is its poor specificity. Al-
though the NPs gather up in the tumor they might also gather up in other
undesired regions. Also, some studies indicate that not all tumors exhibit
the EPR effect [66].

4.3.2 Active targeting

In order to further increase the effectiveness and specificity of the targeting
more advanced methods can be used in addition to the EPR effect. These
methods typically involve attaching a specific anti-body or other ligand to
the NP surface which then binds to the receptors on the target cell [54,55].
To maximize the specificity, the surface ligand should be overexpressed on
the target cell compared to regular cells.

One of the limitations of active targeting is that a protein corona will
form around the NPs when entering the blood which canmask the attached
ligands and prevent them from binding to the target receptors [67].
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Chapter 5

X-ray fluorescence tomography

X-ray fluorescence (XRF) tomography is an emerging bio-imaging modal-
itywith potential for high-resolutionmolecular imaging in 3D. This Chapter
gives an introduction to XRF tomography and compares it to some estab-
lished molecular imaging techniques such as MRI, PET and SPECT.

5.1 XRF imaging

XRF imaging makes use of stimulated XRF to identify and localize certain
materials inside an object. The object is irradiated with x-ray radiation and
XRF is generated through the photoelectric effect. Since each element has
its own characteristic XRF energies the material composition can be deter-
mined by using an energy-resolving detector. By combining the measure-
ments with tomography (cf. below) a map of the elements can be recon-
structed in 3D. The attenuation of the x-ray beam can also be measured
simultaneously with the XRF signal, making it possible to do dual XRF and
CT imaging.

XRF tomography has been used at synchrotron facilities since the late
1980’s [12]. These facilities’ high flux, high temporal coherence and ability
to easily adjust the x-ray energy makes them ideal for probing the material
composition of a sample. For small-animal imaging, XRF tomography can
also be combined with bioprobes, e.g., targeted NPs, for early tumor detec-
tion and high-resolutionmolecular imaging (Fig. 5.1). The targetedNPs are
injected into the blood and slowly gather up in the tumor. Both the location
and concentration of the NPs can then be probed with an x-ray beam. Since
the task is to find a single element (the bioprobes) there’s no need to adjust
the x-ray energywhichmakes it suitable for laboratory systems. Laboratory
systems also have the advantage of high accessibility and much lower cost
compared to synchrotron facilities. The downside is that the only a small
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part of the polychromatic emission spectrum can be used to generate XRF
which leads to long scan times and high radiation dose.

5.2 XRF tomography with laboratory systems

Recent advances in x-ray instrumentation and targeted NPs has lead to
an increasing interest in laboratory XRF tomography for early tumor de-
tection and high-resolution molecular imaging in small animals. Several
studies using gold NPs have been made with both phantoms [15–17] and
mice [19]. The system presented in this Thesis uses molybdenum NPs and
have been used to image both phantoms [Papers A-B] and mice [Paper C].
In general, the imaging procedure is done in three steps. Firstly, the NPs
are optimized for the current system, both from a biological and imaging
perspective. They are then injected into the blood and accumulate in the
target area. Secondly, the NPs are located by irradiating the object with
x-ray radiation and detecting the generated XRF signal. Finally, a tomog-
raphy is made and the distribution of the NPs can be reconstructed in 3D.
This Section will discuss the advantages and disadvantages of different NP
and system designs and give a brief introduction to some reconstruction
methods.

5.2.1 Designing the NPs

The NPs must be designed to be suitable from both a biological and imag-
ing perspective. The biological perspective includes everything related to

Mouse with
tumor

Injection of
NPs

Imaging

Tumor

NPs

X-rays

XRF

Figure 5.1: Nanoparticle XRF tomography. XRF imaging can be combined with
bioprobes, e.g., targeted NPs, for early tumor detection or molecular imaging. The NPs
are injected into the blood and slowly gather up in the tumor. Some time after the
injection the animal is scanned with an XRF tomography system to find the location
and concentration of the NPs in 3D.
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how the NPs interact inside the body, including circulation time, passive or
active targeting and toxicity. This has been discussed in Section 4.2.

From an imaging perspective the only important parameter is the NP
material since it decides several important properties such as the XRF en-
ergy and the XRF yield. For small-animal imaging, the XRF energy should
be at least ∼15 keV to ensure sufficient transmission out of the body, which
corresponds to elements with an atomic number >38. A high atomic num-
ber is also desired since it increases the XRF yield (Fig. 2.4) and NP x-ray
absorption. The material should preferably also be chosen so that the K
absorption edge of the NPs matches the energy of the x-ray source.

The most commonly used NP material is gold (Z=79). Gold NPs are
highly biocompatible but their high XRF excitation and emission energies
(81 and 68 keV, respectively) are more suitable for humans than small ani-
mals. The high energies alsomakes it difficult to use x-ray optics whichmay
limit the spatial resolution and increase noise (cf. below). The KTH XRF
tomography setup usesmolybdenumNPs (Z=42)which haveXRF emission
at 17 keVbut other alternativeswith a similar atomic number have also been
investigated [68].

5.2.2 Locating the NPs

The NPs are located by irradiating the object with x-rays and detecting the
XRF from the NPs. Since the XRF has a lower energy than the initial x-ray
photons it can be distinguished from the main beam and scattering back-
ground by an energy-resolving detector. In order to reduce the count rate
andminimize the interference from the x-ray beam the XRF detector is typ-

a X-ray beamX-ray beam

CT detector

XRF 
detector

CT detector

b

XRF 
detector

Figure 5.2: Locating the NPs. a, Collimate x-ray beam. The NPs can be located by
collimating the x-ray beam and scan it over the sample. The XRF detector should then
be as large as possible in order to maximize the solid angle to the object. The spatial
resolution is set by the width of the x-ray beam. b, Collimate XRF detector. Another
option is to irradiate the whole object and scan it with a collimated XRF detector. The
spatial resolution is set by the width of the collimator.
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ically placed on the side of the object. However, Compton scattered photons
are still able to enter the detector which might overlap with the XRF signal
and reduce the sensitivity. One way to reduce the scattering background is
to use an anti-scatter grid [Paper D].

There are two ways to obtain spatial information, either by collimating
the x-ray beam (Fig. 5.2a) or the XRF detector (Fig. 5.2b). In the first case,
a small pinhole or x-ray optics is used to create a thin x-ray beam that is
used to scan the object. Since the spatial information comes from the x-ray
beam the detector should capture as large solid angle as possible. The spa-
tial resolution is decided by the width of the x-ray beam. In the latter case,
the full object is irradiated and the spatial information comes from colli-
mating the detector. Here, the spatial resolution is decided by the width of
the collimator. A smaller collimator gives higher resolution but also limits
the number of photons reaching the detector which increases the noise and
limits the sensitivity. Since the whole object is irradiated in each step this
method is generally worse in terms of radiation dose.

5.2.3 Tomography

Each step in the XRF tomography scan gives the total XRF signal along a
line through the object. This information alone is not enough to uniquely
locate the NPs, so information from other projection angles is also needed
to get the NP distribution in 3D. This procedure of collecting many projec-
tions from different angles in order to get a 3D representation of the object
is called tomography [21] and was first presented for human CT in the early
1970’s [69]. Tomography is based on the Fourier slice theorem [70] which
states that the 1D Fourier transform of a projection is equal to a slice of the
2D Fourier transform of the object. Given enough projection data it is then
possible to recreate the original object by performing a 2D inverse Fourier
transform.

Figure 5.3 shows the tomographic imaging procedure in practice. In
the first step (a), multiple projections of the object are collected at differ-
ent angles, typically over 180∘ or 360∘. In CT, each pixel in the projection
corresponds to the attenuation of the x-ray beam through the object and
in XRF tomography it corresponds to the total XRF signal. Next (b), the
acquired projections are collected into a sinogram where each row corre-
sponds to one projection. The sinogram is then Fourier transformed (c).
The Fourier transform of a projection acquired at angle θ corresponds to
a line in Fourier space with the same angle, so by transforming the whole
sinogram the 2D Fourier space of the object is filled. In the final step (d),
an image of the original object is retrieved by taking the inverse 2D Fourier
transform.
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Figure 5.3: Tomography. a, Projection. A projection at angle θ is recorded. In CT,
each projection represents the attenuation of the x-rays through the object (as shown in
the image). In XRF tomography, each pixel in the projection gives the total XRF signal
along a line though the object. b, Sinogram. All the projections are collected into a
sinogram where each row represents one projection. c, Object Fourier space. The 1D
Fourier transform of each projection corresponds to a line in Fourier space with the
same angle. By transforming the whole sinogram, the whole Fourier space of the object
can be sampled. d, Filtered back projection. The original object is retrieved by doing a
2D inverse Fourier transform.

The reconstructed image will have a lot of artifacts due to the
non-uniform and incomplete sampling of the Fourier space. As can be seen
in Fig. 5.3c, the radial sampling makes the lower frequencies more densely
sampled than the higher ones. One way to reduce the problem is to use
filtered backprojection (FBP) which introduces a filter in the Fourier space
that evens out the sampling density before the inverse transform. The
FBP can be made very computationally efficient and works very well for
absorption CT but not so well for XRF tomography due to self-absorption
of both the x-ray beam and XRF signal in the object. Instead, an iterative
reconstruction technique can be used. Figure 5.4 shows the reconstruction
principle for an Algebraic Reconstruction Technique (ART) [71] and
Simultaneous Iterative Reconstruction Technique (SIRT) [72]. Both
methods work by making a start guess of the object and then simulate
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Figure 5.4: Iterative reconstruction. a, ART. A start guess of the object is made
and in each iteration a single projection is simulated. The difference between the sim-
ulated andmeasured projections is used to update the object. One reconstruction cycle
is complete when all the projections have been simulated. b, SIRT. A start guess is
made of the object and the complete sinogram is simulated. The difference between
the simulated and measured sinograms is used to update the object. Each iteration is
one complete reconstruction cycle.

either a projection (ART) or a sinogram (SIRT) from that object. By
comparing the simulated data with the measured, the object can be
updated and a new projection/sinogram can be simulated. The update is
made by either adding or multiplying the backprojected changes to the
previous object. The number of reconstruction cycles can either be set to
a fixed number or be set dynamically based on the difference between the
simulated and measured data. In ART, the number of iterations for one
reconstruction cycle is equal to the number of measured projections. In
SIRT, each iteration is one reconstruction cycle.

5.3 Other molecular imaging modalities

The XRF tomography system presented in this Thesis aims to achieve
high-resolution small-animal molecular imaging for preclinical ap-
plications. There are several other methods that share the same goal
but uses radiowaves (MRI), radiactive substances (PET & SPECT) or
visible light rather than XRF. This Section will give a brief introduction
to these imaging modalities and discuss some of their advantages and
disadvantages.
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5.3.1 MRI

Magnetic resonance imaging (MRI) is one of themost commonly usedmed-
ical imaging modalities today. It uses strong magnetic fields and radio
waves to image hydrogen-rich regions in the body (i.e., regions with plenty
of fat or water) such as muscles and the brain.

The basic principle of MRI is shown in Fig. 5.5 (top). The hydrogen nu-
clei are associated with a magnetic moment and align under the influence
of an external magnetic field, B0. A radio-frequency (RF) wave is then ap-
plied to excite the aligned atoms, causing the net magnetization vector to
tilt either 90 or 180 degrees. When the external RF wave is turned off the
atoms relax (realign to themagnetic field) and emit an RF signal that can be
measured with antennas. Each type of tissue has different relaxation times
so the contrast arises from measuring the relaxation rate. Spatial resolu-
tion is achieved by superimposing an additional magnetic field gradient,
Gz = dBz/dz, over the sample. Since the hydrogens’ excitation frequency is
dependent on the total magnetic field strength (B0 +Gzz), different regions
can be chosen by adjusting the frequency of the excitation RF wave. The
slice thickness is inversely proportional to Gz.

The signal strength is directly proportional to B0 so this should bemade
as large as possible to maximize the SNR [7]. Clinical systems typically use
1-1.5 T but preclinical systems can go up to 15 T [73] (for comparison, a
refrigerator magnet is about 5 mT). Gz is typically in the order of mT/m.
The spatial resolution is 2-3mm [7] and <100 μm in clinical and preclinical
systems, respectively.

One of the major advantages of MRI compared to similar imaging
modalities is that it doesn’t use ionizing radiation. It also gives much
higher contrast in soft tissue compared to, e.g., CT. The downsides are the
limited spatial resolution and long scan times which can be 15-60 minutes
depending on the type of study being performed.

5.3.2 SPECT

Single photon emission computed tomography (SPECT) is a nuclear imag-
ing modality that uses a radioactive substance as biomarker (Fig. 5.5, mid).
The substance (typically 99mTc) is attached to a targeted biomarker and in-
jected into the blood. As the substance decays it emits high-energy photons
(140 keV for 99mTc) which are detected and located by multiple collimated
detectors. The collimators ensures that each detector only sees a small re-
gion of the object so that each detected photon can be traced back to a line
through the object. By acquiring multiple events and rotating the detec-
tor around the patient, a 3D image of the location and concentration of the
radioactive substance can be reconstructed.
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Figure 5.5: Imaging modalities. Many different imaging modalities can be used
for molecular imaging. MRI uses strong magnetic fields and radio waves to image
hydrogen-rich regions in the body, such as muscles and the brain. PET and SPECT
use radioactive substances as biomarkers. The substance is introduced into the body
and emits photons as it decays. In PET, a positron is emitted from the radioactive
substance which emits two high-energy photons when colliding with an electron. In
SPECT, the radioactive substance directly emits high-energy photons. BLT uses bio-
luminescent biomarkers. Target is genetically modified to express a certain enzyme. It
reacts with the biomarker and emits visible light that can be detected.
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The spatial resolution is set by the dimensions of the collimator. A
smaller collimator gives higher resolution but also limits the number of
photons reaching the detector. Therefore, there will always be a trade-off
between high spatial resolution and good signal-to-noise ratio. Clinical
and preclinical systems have a spatial resolution of ∼10 mm [7] and
<1 mm [74], respectively.

5.3.3 PET

Positron emission tomography (PET) is another nuclear imaging modality
(Fig. 5.5, mid). Its basic principle is very similar to SPECT in the sense
that both methods detect radiation from a radioactive substance inside the
patient. The difference lies in the way the radiation is generated: in PET,
a positron is emitted from the radioactive substance. When the positron
collides with an electron they are annihilated and two high-energy photons
(511 keV) are emitted in opposite directions, 180∘ relative each other. The
two photons are detected by a ring detector and the original position of the
annihilation event can be calculated to a line between the two detection
points. As more events are detected from multiple different angles, an im-
age of the position and concentration of the substance is formed.

The resolution in PET is intrinsically limited by two factors, the
positron travel distance and the deviation in emission angle. The distance
the positron travels before it’s annihilated is independent of object size
and imaging geometry and is typically ∼0.2-2 mm depending on the
radioactive substance [7]. The deviation in emission angle of the two
photons is ∼0.3∘ which corresponds to an error of ∼2.6 mm for a human
or ∼150 μm for a mouse.

5.3.4 Optical imaging techniques

Fluorescence molecular tomography (FMT) uses fluorescent dyes or fluo-
rescent protein as biomarkers [75]. A visible light source is used to excite
the fluorescent biomarker which emits visible light with a different wave-
length. By using filters the fluorescence signal can be separated from the
source and detected by a pixelated camera.

Bioluminescence tomography (BLT) uses bioluminescent biomarkers
(Fig. 5.5, bot) [76]. It is similar to the nuclear imaging modalities in the
sense that it doesn’t need an external excitation source. The imaging pro-
cedure is done in three steps. Firstly, viruses, bacteria or cells are genet-
ically engineered to express a certain enzyme and are transferred into the
animal. Secondly, a matching bioluminecent substrate is injected into the
animal. When the substrate comes in contact with the enzyme visible light
is emitted. Finally, the visible light is detected by a pixelated camera.
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In both techniques, the internal distribution of the biomarker can be
reconstructed in 3D by doing tomography. However, due to the excessive
scattering of the visible light inside the body the reconstruction algorithms
require that the internal structure is known, so the object has to be pre-
scanned with CT or MRI [76]. Due to the limited transmission of visible
light only objects with a thickness of up to a few cm can be scanned. The
spatial resolution is limited by the scattering of the visible light and is typ-
ically in the millimeter range [75,76].
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Chapter 6

KTH XRF tomography system

This Chapter gives a description of the KTH XRF system, including the ex-
perimental arrangement, data acquisition and reconstruction techniques.

The experimental arrangement has changed significantly between Pa-
pers A & B and Papers C & D. The first proof-of-principle setup used a low-
power source, sub-optimal optics and only one detector. In Paper C, all
hardware were upgraded and great improvements were made to the data
acquisition and image reconstruction. Here, only the upgraded arrange-
ment will be discussed.

6.1 Experimental arrangement

Laboratory XRF systems typically suffer from very long scan times, high
radiation dose and low resolution, even at very high nanoparticle doses
[15–19]. This is mainly because of the low effective flux from the x-ray
source and the high Compton scattering background. Only a small part of
the polychromatic emission spectrum can be used to generate x-ray fluo-
rescence while the rest only increases the radiation dose and background
noise.

Figure 6.1 shows an overview of the KTH XRF tomography setup. It
combines a high-brightness liquid-metal-jet x-ray source, Montel focusing
optics and spectrally matchedmolybdenum (Mo) NPs to greatly reduce the
Compton background. The low background and high flux from the source
makes it possible to do high-resolution imaging of mice at scan times and
radiation doses compatible with in vivo imaging. Each measurement pro-
vides information about the spatial distribution and concentration of the
Mo NPs, as well as the absorption of the object. An iterative reconstruction
method is used to produce the final XRF image. The reconstructed absorp-
tion and XRF images are combined into a single 3D overlay image.
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Figure 6.1: Experimental setup. X-rays are generated by a liquid-metal-jet source
and focused into a pencil beam by a multilayer Montel mirror. The mouse is injected
with Mo NPs, placed on the stage and scanned with the pencil beam. Both the CT and
XRF signals are acquired simultaneously. Adapted from Paper C.

6.1.1 XRF generation / Energy matching

One of themain improvements that greatly increases the efficiency and sen-
sitivity of the KTH system is the energy matching of the x-ray source, fo-
cusing optics and NPs (Fig 6.2). The reflectivity of the focusing optics is
optimized for the 24 keV line emission of the source which nicely matches
the 20 keV K absorption edge of the Mo NPs. The Mo NPs generate XRF
at 17 keV which is well separated from the main pencil beam, giving a very
high SNR.
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Figure 6.2: Energy matching. a, Source spectrum. The emission spectrum of the
x-ray source. It has strong line emission at the In Kα line at 24.14 keV. b,Mirror reflec-
tivity. The reflectivity for two bounces on the Montel mirror. The mirror’s multilayer
coating is optimized for the In Kα line. c, Mo absorption. The attenuation coefficient
for molybdenum. Mo has its K absorption edge at 20.0 keV which nicely matches the
energy of the pencil beam and gives Kα fluorescence at 17.4 keV.
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X-ray source

The x-ray source is a liquid-metal-jet microfocus source (cf. Chapter 3.1.2).
By using liquid metal as target material it is possible to increase the elec-
tron beam power density ∼10× compared to conventional rotating anode
sources. The target material is Galinstan, an alloy of gallium, indium and
tin that is liquid at room temperature. Figure 6.2a shows the source emis-
sion spectrum with the continuous Bremsstrahlung background and char-
acteristic In Kα line emission at 24.14 keV.

The source uses a 40×10 μm line focus and is operated at
170 W/120 kVp, giving it a flux of 6×1011 ph/s/sr in the In Kα line.

Focusing optics

Aperture

Housing

Mirrors

Figure 6.3: Montel mirror.
Image of the mirror used in the
KTH XRF setup.

Figure 6.3 shows an image of the focusing op-
tics. It is amultilayerMontelmirror (cf. Chap-
ter 3.3.1) with a W-C multilayer coating that
is optimized for the In Kα emission peak at
24.1 keV. Figure 6.2b shows the reflectivity for
two reflections as function of energy. The mir-
ror forms a semi-monochromatic pencil beam
that is focused into a 100×100 μm2 spot 56 cm
from the source (Fig. 6.4). The beam diver-
gence is 1.8 mrad so the pencil beam diameter
is <130 μm over the full mouse. The flux in the
focus was measured to be 3×107 ph/s.

The pencil beam energy is in the lower end of themedical imaging range
but is well suited for small-animal imaging with a transmission of∼30% for
a mouse-sized object.
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Figure 6.4: Pencil beam profile. a, Image of focus. The scale bar is 100 μm. b,
Integrated line profiles. The crosses show the FWHM. Adapted from Paper C.
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Targeted NPs

Figure 6.5: MoNPs. TEM im-
age of the Mo NPs.

The NPs are made of MoO2 and coated with
PVP in order to improve their biocompatibil-
ity (Fig. 6.5). The individual NPs are typically
5-15 nm in diameter but they form larger ag-
glomerates of 40-60 nm when injected into
the blood. This size range is well suited for
long circulation time and passive targeting (cf.
Chapter 4). MoNPs are also well suited for our
system from an imaging perspective. Firstly,
Mo has its K absorption edge at 20.0 keV which nicely matches the pencil
beamenergy of 24.1 keV (Fig. 6.2c). This increases the probability for a pho-
toelectric interaction to occur (cf. Chapter 2). Secondly, Mo has an atomic
number of 42which gives a high fluorescence yield of 78% (cf. Fig. 2.6a). Fi-
nally, theMoKα emission line, i.e. themain signal of interest, is at 17.4 keV
which is well separated from the pencil beamenergy. The background noise
is therefore mainly caused by multiple Compton scattering which is orders
of magnitude lower than the main Compton peak.

Figure 6.6 shows the Mo NP uptake and clearance in mice. The CT im-
age is in black/white and theXRF signal is in color. After 15min theNPs are
spread out to all major organs, including the brain, lungs, liver and spleen.
As times passes the NPs are slowly excreted, and after 14 weeks only ∼2%
of the injected NPs are still left in the body.
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Figure6.6: NPuptakeandclearance. XRFandCToverlay projection images from
the front and side at different times after the NP injection. The integrated fluorescence
signal is closely related to the total amount of Mo NPs in the body, so the relative num-
ber gives an indication of the NP clearance with time. Adapted from Paper C.
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Figure 6.7: XRF detection. a, Signal generation. As the x-ray pencil beam trav-
els through the object it generates Compton scattering but also XRF from areas with
Mo NPs. b, Measured spectrum. A measured spectrum from the XRF detector with
the different signals marked. The primary Compton scattering is well separated from
the XRF signal at 17.4 keV but multiply scattered photons might overlap with the XRF
energy and degrade the signal.

Signal generation

Figure 6.7a shows how both XRF signal and Compton scattering are gen-
erated as the pencil beam travels through the object. Compton scatter-
ing is generated throughout the whole object while XRF is only generated
from the Mo NPs. Both the scattering and XRF are detected by the energy-
resolving XRF detector which stores the data in a spectrum. Figure 6.7b
shows a measured spectrum from the XRF detector with the different sig-
nals marked. The energy of the primary Compton scattering is dependent
on the scattering angle but is centered around 23 keV when the detector is
placed at 90∘ (cf. Chapter 2.2.2). The primary Compton scattering is well
separated from the XRF signal at 17.4 keV but multiple scattered photons
might overlap with the XRF energy and degrade the signal.

6.1.2 Object

Papers A, B & D used a mouse-equivalent phantom made out of PET/My-
lar. The phantom is 20mm in diameter with several holes ranging between
0.15 mm and 2 mm in diameter that can be filled with NPs.

Paper C performed measurements on mice, both with and without tu-
mors. The mice were typically ∼70 mm long, ∼30 mm thick and weighed
about 25 g. The NPs were intravenously injected in the tail vein some time
before the measurement (1 min-14 weeks) and the mouse was then sacri-
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ficed and scanned. Due to the toxicity of the NPs the highest amount that
could be injected was 0.1 ml of 1.5 wt% NP solution.

6.1.3 Detectors

The experimental arrangement uses two detectors, one to detect the main
XRF signal and one tomeasure the absorption through the object. Since the
arrangement uses a collimated x-ray beam, the XRF detector should have
as large area as possible while still being able to handle high input rates at
good energy resolution (cf. Chapter 5.2.2). SDDs are well suited for this
due to their high energy resolution and high throughput (cf. Section 3.2.2).
Our detector is a 17mm2 SDDwith a built-in DPP (X123-SDD, Amptek Inc.,
US). It has an energy resolution of ∼230 eV at 17.4 keV, maximum input
rate of >100 kcps and allows for acquisition times down to 10 ms. In order
to maximize the solid angle to the detector it is mounted on the horizontal
stage at 90∘ relative the pencil beam. Since the detector moves with the ob-
ject during the scan the solid angle from the pencil beam to the detector will
vary in each step, but this is accounted for in the iterative reconstruction.

The absorption detector does not have as strict requirements. Since the
pencil beam is semi-monochromatic and focused any detector with suffi-
ciently high read-out speed can be used. The KTH setup uses a photon-
counting detector from the same company as theXRFdetector (X123-CdTe,
Amptek Inc., US) since this makes it easier to write the scan software and
synchronize the read-outs. Like the XRF detector, it has a maximum count
rate of >100 kcps and minimum acquisition time of 10 ms. However, since
the pencil beam flux is very high a 10 mm aluminum filter is inserted in
front of the detector to reduce the count rate.

Figure 6.8: Detectors. Image of the detectors. The XRF detector is on the left and
the CT detector on the right.
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Figure 6.9: Data acquisition. a, Scan principle. The tomography is performed by
scanning themouse with the x-ray pencil beam at several rotation angles over 360∘. For
each rotation, only the half of the mouse that is closest to the XRF detector is scanned.
b, Sinogram reshape. After the scan is finished the measured data is reshaped into a
sinogram that covers the full mouse over 180∘.

6.2 Data acquisition

Data is acquired using an in-house-developed ’fly-scan’ software. The ob-
ject is scanned continuously in the horizontal direction with an effective
step size of 200μm. The vertical and angular step sizes are typically 400μm
and 3.6∘, respectively. In each step, the full spectra from both the absorp-
tion and fluorescence detectors were read out and stored. In order to in-
crease the solid angle and minimize self-absorption of the XRF signal, only
the half of the object closest to the fluorescence detector is scanned, but as
a 360∘ tomography instead of the typical 180∘ in order to get data from the
whole object (Fig. 6.9a).

Three different scan modes were used: ”low dose”, ”normal dose” and
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”high dose”, corresponding to an average of 50mGy, 100mGyand200mGy
per reconstructed slice, or 25 ms, 50 ms and 100 ms per step, respectively.
For a typical scan with 160 horizontal steps and 100 projection angles, the
total exposure time (incl. overhead) per slice is 4:00 min, 7:30 min and
14:30 min for each scan mode, respectively.

6.3 Data processing and reconstruction

Figure 6.10 shows an overview of the data processing and reconstruction.
The reconstruction works in several steps. Firstly, the stored spectra are
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Figure 6.10: Image reconstruction. Both the absorption and XRF detectors store
the full spectra in each step. The absorption, XRF and Compton signals are extracted
from the spectra and stored as sinograms. The absorption (CT) image is reconstructed
first. This image is used to create attenuation maps to compensate for self-absorption
in the XRF reconstruction. Next, the XRF image is reconstructed using an iterative
reconstruction algorithm. Finally, the two reconstructed images are combined into an
overlay image.
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Figure 6.11: Correction for self-absorption. a,CT image. The CT image is recon-
structedwith a FBPalgorithm. b,Reconstruction geometry. Due to the data acquisition
where only half of the object is scanned at a time, the correction maps will be mirrored.
c, Pencil beam intensity map. A map of the pencil beam intensity in each pixel is cre-
ated from the CT image. d, XRF absorption map. A map of the XRF self-absorption to
the detector is created from the CT image.

corrected for dead time and errors in acquisition time. The absorption, XRF
and Compton signals are then extracted and stored as sinograms which are
in turn corrected for errors in stage position, tilt of the rotation axis and
object movement. Since only half of the object is scanned, the sinograms
are reshaped to be suitable for reconstruction (Fig. 6.9b). Secondly, the
absorption image is reconstructed using a regular filtered backprojection
algorithm (cf. Chapter 5.2.3). This image is also used to create a map of
the pencil beam attenuation and the self-absorption of the XRF signal to
the detector which are used for the XRF reconstruction (Fig. 6.11). Next,
the XRF image is reconstructed using a SIRT algorithm (cf. Chapter 5.2.3),
taking the XRF signal, the attenuationmaps and some a priori information
about the setup as input. The XRF signal from the detector contains both
the fluorescence signal and themultiple Compton scattering background so
the background has to be removed before the reconstruction. This is done
by assuming that the multiple Compton scattering is directly proportional
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to the direct Compton scattering peak and then subtracting the XRF and
Compton sinograms. Finally, the reconstructed absorption and XRF im-
ages are then combined and displayed as an overlay image.

6.3.1 Segmentation and dual CT & XRF rendering
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Figure 6.12: NP distribu-
tion. A manual segmentation
was done to get the NP distribu-
tion. Adapted from Paper C.

The output from the CT and XRF reconstruc-
tions are two stacks of horizontal slices. These
are imported into the software Amira where
they are combined into a single 3D volume
rendering. Figures 6.13a & 6.14 show two ex-
amples of volume renderings from a full-body
scan and localized tumors scans of amouse, re-
spectively [Paper C].

Amira is also used for manual segmenta-
tion of the different organs. This can be used
to show individual organs with higher contrast
(Fig. 6.13b) but also for quantitative analysis
of the NP distribution. This analysis is done by exporting the segmenta-
tion from Amira and importing it into MATLAB where a numerical analy-
sis can be performed. Figure 6.12 shows the resulting biodistribution from
Fig. 6.13a. The results show excellent agreement with ICP-MS (inductively
coupled plasmamass spectroscopy) analysis of extracted organs which ver-
ifies the validity of our reconstruction and data analysis.
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Figure 6.13: Volume rendering. a, Full body scan. A combined volume rendering
from a full body dual CT and XRF tomography scan. b, Enhanced contrast of selected
organs. The organs were manually segmented and the contrast adjusted for improved
visibility. Adapted from Paper C.
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Figure 6.14: Localized tumors scans in two mice. In both cases the tumor was
located next to the right back leg of the mouse. A localized tomography scan was made
over the tumor, as indicated by the red lines in projection image to the left. The four
images to the right show the combined volume rendering of the dual CT and XRF to-
mography scan in two different orientations. The scale bars are 5 mm. a, A 22 mm3

tumor (1) and the urinary bladder (2). b, A 151 mm3 tumor (3). Adapted from Paper C.
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Chapter 7

Conclusions and outlook

This Thesis presents a high resolution laboratory XRF tomography system
for early tumor detection and potentialmolecular imaging in small animals.
The main improvements compared to other laboratory systems include the
high brightness x-ray source and the energy matching of the source, focus-
ing optics and targeted NPs that greatly increases the SNR and sensitivity.
Dual CT and XRF tomography images of both tumors and full-body mice
have been acquired at radiation doses compatible with in vivo imaging.

In order to achieve high spatial resolution the system uses a Montel
mirror to focus the x-ray emission into a 100 μm wide pencil beam that
is used to scan the sample. Themirror also acts as a monochromator which
removes the Bremsstrahlung background from the source and greatly in-
creases the SNR in each measurement. The mirror needs a very small x-
ray source spot and is therefore coupled with a liquid-metal-jet microfocus
source that can increase the e-beam power density >10× compared to reg-
ular rotating anode sources. This greatly reduces the exposure times which
makes it possible to scan larger objects at high resolution. Finally, the en-
ergy of the pencil beam is perfectly matched with targeted Mo NPs which
separates the main Compton scattering peak from the XRF signal. This
greatly reduces the noise in the signal which increases the sensitivity.

Papers A & B showed the first proof-of-principle setup which used a sin-
gle XRF detector and simple reconstructionmethods to image plastic phan-
toms. In Paper C all the hardware was upgraded (x-ray source, focusing op-
tics, XRF detector), a second detector was added tomeasure the absorption
and more advanced scan and reconstruction methods were implemented.
This upgraded setup was used to image tumors in mice.

The next major goal is in vivo imaging. In order to achieve that, the ex-
posure time needs to be reduced. The radiation dose is already compatible
with small-animal imaging but should preferably be decreased further (cf.
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Chapter 2.3). If the sensitivity is kept constant, both can be reduced by col-
lecting more of the generated XRF signal (either by increasing the detector
area or using multiple detectors) and by increasing the local concentration
of the injected NPs. The latter can be achieved by either increasing the con-
centration of the injected NPs, or by using some active targeting scheme
that increases the specificity. The exposure time can be further reduced by
increasing the flux of the pencil beam, i.e., improving the source and/or
optics, but this will not reduce the radiation dose. It might also be possible
to improve the reconstruction algorithm in order to reduce the number of
projections in the tomography. This could reduce both the radiation dose
and exposure time.

With these improvements in mind, I think that the KTH XRF tomogra-
phy technique can become an important tool for both research and diagnos-
tics. The high spatial resolution would allow for increased detail when fol-
lowing molecular processes, and for finding smaller tumors. In vivo imag-
ing would make it possible to do longitudinal studies of, e.g., drug therapy,
NP biodistribution and NP clearance, within the same animal.
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Summary of Papers

This Thesis is based on the seven Papers listed below. Papers A-D are re-
lated to the development of the KTH XRF tomography setup and Papers E
and F related to indirect x-ray detectors. The author has been the main
responsible for Papers B-E, including building the setup, preparation and
execution of experiments, writing scan and reconstruction softwares, sim-
ulations, analysis of the results andwriting the Papers. Paper Dwaswritten
on the authors initiative, from idea to design and writing the Paper. In Pa-
per A the author wrote the stage scan software and participated in building
the setup, designing and performing the experiments, and analyzing the
data. In Paper F the author contributed to the modeling of light transfer
inside the scintillator.

TheNP synthesis and handling of live animals have been done by others.

Paper A: Laboratory x-ray fluorescence tomography for high-

resolution nanoparticle bio-imaging

This Paper shows the first proof-of-principle for laboratory XRF
tomography using a liquid-metal jet x-ray source and Mo NPs. A
semi-monochromatic x-ray pencil beam is used to scan the sample and
the signal is collected using an energy resolving detector. The setup
is optimized for high resolution and to reduce the Compton scattering
background, giving a very high sensitivity. Experiments and simulations
showed a spatial resolution of 150 μm in a mouse-equivalent phantom
containing cylinders filled with 2 wt% Mo NP solution.

Paper B: High-spatial-resolution nanoparticle X-ray fluorescence to-

mography

This Paper gives a more in-depth description of the XRF tomography sys-
tem used in Paper A. In particular, both the spatial and temporal properties
of the pencil beam are investigated in detail.
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Paper C: High-spatial-resolution x-ray fluorescence tomography with

spectrally matched nanoparticles

This Paper shows high-resolution dual XRF tomography and CT imaging
of tumors in mice and radiation doses and exposure times compatible with
in vivo imaging. A 0.15 wt% Mo NP solution was injected into the tail vein
of a tumor-bearing mouse. After some time (typically 24 hours) the mouse
was sacrificed and scanned, recording both the regular CT and XRF images
simultaneously. The final image is reconstructed using an iterative algo-
rithm that accounts for self-absorption both the pencil beam and the XRF
signal to the detector. A low dose full-body scan showed the biodistribution
of the NPs in the major organs, and high dose scans over smaller regions
successfully imaged several tumors 30-200 mm3.

Paper D: Focused anti-scatter grid for background reduction in x-ray

fluorescence tomography

This Paper introduces an anti-scatter grid for XRF tomography that effec-
tively reduces the scattering background. An anti-scatter grid was designed
andmanufactured, and its performance was evaluated both experimentally
and theoretically with Monte Carlo simulations.

Paper E: Characterization of scintillator-based detectors for few-ten-

keV high-spatial-resolution x-ray imaging

This Paper investigates howdifferent scintillator properties affect the imag-
ing performance in an indirect x-ray detector. The MTF, NPS and DQE are
measured for several different scintillators at different energies. The Paper
also introduces the effective absorption efficiency which accounts for vis-
ible light scattering as well as a simple method to estimate the number of
visible-light photons generated per x-ray photon.

Paper F: Removal of ring artifacts in microtomography by characteri-

zation of scintillator variations

This Paper presents a method to correct for ring artifacts that arise from
beam hardening and fluctuations in the scintillator thickness.



ACKNOWLEDGEMENTS | 59

Acknowledgements

This work would not have been possible without the contributions and sup-
port from many people. Here, I would like to express my gratitude to all of
them.

First and foremost I would like to thank my supervisor Hans Hertz. I
really appreciate the freedom and trust you’ve given me during my studies,
and your encouragement and advice have always helped when I needed it
the most. I also appreciate the way you lead BioX, this group would not be
the same without you. I would also like to thank my two co-supervisors,
Anna Burvall and Ulrich Vogt. Ulrich, for teaching me x-ray physics and
Anna for your advice and discussions both of work and life in general.

A special thanks to Ulf Lundström for guiding me through my first year
and teaching me everything that’s worth knowing in the lab. Your logical
thinking and excellent problem-solving skills are a constant inspiration to
me.

William Twengström has been a true companion both in the lab and
elsewhere. Thank you for spending countless of hours with me in the lab
and for always keeping your spirits high. Carmen Vogt, we have worked
together a lot during the last years. Thank you for teaching me everything
about mice, nanoparticles and biology in general. Kian Shaker, it’s been a
pleasure working with you for the last year. Your plans for the new in vivo
setup will surely take this project to the next level.

To all other members of the hard x-ray group that I’ve had the plea-
sure working with. Daniel Larsson & Tunhe Zhou, thank you for all your
guidance and help duringmy first years. Tunhe,当心刺客. Ilian Häggmark
& Jenny Romell, thanks for all the discussions and for making it a plea-
sure working in the lab. Muhammet Toprak & Yuyang Li, for your work on
developing both the current and new types of nanoparticles, and Nyosha
Alikhani for your help in designing the new in vivo setup.

Ulf, Daniel andRobert Rosén, I really appreciate all the timewe’ve spent
together, both at work and during our free time. I hope that we can keep up
the practice of travels and board game nights in the future as well. Karolis
Parfeniukas, we’ve had a lot of fun during the last five years, both at and



60 | ACKNOWLEDGEMENTS

after work. I hope you’ll be back soon for somemore innebandy and biking.
Emelie Fogelqvist, thank you for being an awesome colleague, office mate
and friend in general. We’ve done a lot of fun things during our time at KTH
and I hope we can keep it up in the future as well.

A big thanks to all the members of the BioX group, you truly make it a
pleasure to come to work every day. I have really enjoyed all discussions
during lunch and fika, but also the innebandy, movie & board game nights,
opera visits and other spontaneous after works.

Klaus Biedermann, I really enjoy all our discussions about cameras and
photography and I hope that we can keep it up in the future as well.

My collaborators at Karolinska Institutet, Marie Arsenian-Henriksson,
Johanna Dzieran and Kenth Andersson for our interesting work on mice
and tumors.

To Rolf Helg and Bosse Barksäter in the AlbaNova workshop for help
with both small and large projects. To Victoria Larsson in the AlbaNova
gym, thank you for all your encouragement and guidance, I would never
have reached my BP goal without you.

To all my friends at KTHwith whom I’ve spent countless hours studying
with. A special thanks to Lars Lowe Sjösund and Johan Laine, your passion
for knowledge and never-ending motivation have been a big inspiration to
me.

Finally, to all my friends and family that have supportedme throughout
my studies. Especially to my parents Elisabeth & Christer and my sister
Josefine for your love and everlasting support.



BIBLIOGRAPHY | 61

Bibliography

[1] W. C. Röntgen, “Über eine neue Art von Strahlen”, Sitzungsber. Phys.
Med. Gesell. (1895).

[2] G. N. Hounsfield, “Computerized Transverse Axial Scanning (Tomog-
raphy): Part 1. Description of System”, Br. J. Radiol. 46, 1016 (1973).

[3] P. C. Lauterbur, “Image Formation by Induced Local Interactions: Ex-
amples Employing Nuclear Magnetic Resonance”, Nature 242, 190
(1973).

[4] D. E. Kuhl and R. Q. Edwards, “Image Separation Radioisotope Scan-
ning”, Radiology 80, 653 (1963).

[5] M. E. Phelps, E. J. Hoffman, N. A. Mullani, and M. M. Ter-Pogossian,
“Application of Annihilation Coincidence Detection to Transaxial Re-
construction Tomography”, J. Nucl. Med. 16, 210 (1975).

[6] R. Weissleder and M. Nahrendorf, “Advancing biomedical imaging”,
Proc. Natl. Acad. Sci. 112, 14424 (2015).

[7] P. Suetens, Fundamentals ofMedical Imaging, CambridgeUniversity
Press, Cambridge, UK, 2 edition (2009).

[8] G. C. Kagadis, G. Loudos, K. Katsanos, S. G. Langer, and G. C. Niki-
foridis, “In vivo small animal imaging: Current status and future
prospects”,Med. Phys. 37, 6421 (2010).

[9] R. Weissleder, “Scaling down imaging: molecular mapping of cancer
in mice”, Nat. Rev. Cancer 2, 11 (2002).

[10] N. Beckmann, R. Kneuer, H.-U. Gremlich, H. Karmouty-Quintana, F.-
X. Blé, and M. Müller, “In vivo mouse imaging and spectroscopy in
drug discovery”, NMR Biomed. 20, 154 (2007).



62 | BIBLIOGRAPHY

[11] W. A. Weber, J. Czernin, M. E. Phelps, and H. R. Herschman, “Tech-
nology Insight: novel imaging ofmolecular targets is an emerging area
crucial to the development of targeted drugs”, Nat. Rev. Clin. Oncol.
5, 44 (2008).

[12] P. Boisseau and L. Grodzins, “Fluorescence tomography using syn-
chrotron radiation at the NSLS”,Hyperfine Interac. 33, 283 (1987).

[13] T. Paunesku, T. Rajh, G. Wiederrecht, J. Maser, S. Vogt, N. Stojićević,
M. Protić, B. Lai, J. Oryhon, M. Thurnauer, and G. Woloschak, “Bi-
ology of TiO 2–oligonucleotide nanocomposites”, Nat. Mater. 2, 343
(2003).

[14] M. D. de Jonge and S. Vogt, “Hard X-ray fluorescence tomog-
raphy—an emerging tool for structural visualization”, Curr. Opin.
Struct. Biol. 20, 606 (2010).

[15] S. K. Cheong, B. L. Jones, A. K. Siddiqi, F. Liu, N. Manohar, and S. H.
Cho, “X-ray fluorescence computed tomography (XFCT) imaging of
gold nanoparticle-loaded objects using 110 kVp x-rays”, Phys. Med.
Biol. 55, 647 (2010).

[16] B. L. Jones, N. Manohar, F. Reynoso, A. Karellas, and S. H. Cho, “Ex-
perimental demonstration of benchtop x-ray fluorescence computed
tomography (XFCT) of gold nanoparticle-loaded objects using lead-
and tin-filtered polychromatic cone-beams”, Phys. Med. Biol. 57,
N457 (2012).

[17] M. Bazalova, Y. Kuang, G. Pratx, and L. Xing, “Investigation of X-
ray fluorescence computed tomography (XFCT) andK-edge imaging”,
IEEE Trans. Med. Imaging 31, 1620 (2012).

[18] M. Ahmad, M. Bazalova-Carter, R. Fahrig, and L. Xing, “Optimized
detector angular configuration increases the sensitivity of x-ray fluo-
rescence computed tomography (XFCT)”, IEEE Trans. Med. Imaging
34, 1140 (2015).

[19] N. Manohar, F. J. Reynoso, P. Diagaradjane, S. Krishnan, and S. H.
Cho, “Quantitative imaging of gold nanoparticle distribution in a
tumor-bearing mouse using benchtop x-ray fluorescence computed
tomography”, Sci. Rep. 6, 22079 (2016).

[20] J.M. Boone, “X-ray production, interaction, and detection in diagnos-
tic imaging”, in “Handbook ofMedical Imaging, Volume 1. Physics and
Psychophysics”, chapter 1, SPIE Publications, Bellingham, DC, USA
(2000).



BIBLIOGRAPHY | 63

[21] J. T. Bushberg, J. A. Seibert, E. M. Leidholdt, and J. M. Boone, The
Essential Physics ofMedical Imaging, LippincottWilliams&Wilkins,
Philadelphia, PA, USA, second edition (2002).

[22] D. T. Attwood, Soft x-rays and extreme ultraviolet radiation: prin-
ciples and applications, Cambridge university press, Cambridge, UK
(2000).

[23] R. F. J. Cleveland and J. L. Ulcek, OET BULLETIN 56. Questions
and Answers about Biological Effects and Potential Hazards of Ra-
diofrequency Electromagnetic Fields, U.S. Federal Communications
Commission, Office of Engineering and Technology, Washington, DC,
USA, fourth edition (1999).

[24] O. Klein and Y. Nishina, “Über die Streuung von Strahlung durch
freie Elektronen nach der neuen relativistischen Quantendynamik
von Dirac”, Z. Phys. 52, 853 (1929).

[25] D. Brusa, G. Stutz, J. A. Riveros, J.M. Fernández-Varea, and F. Salvat,
“Fast sampling algorithm for the simulation of Compton scattering”,
Nucl. Instrum. Methods Phys. Res. A 379, 167 (1996).

[26] M. O. Krause, “Atomic Radiative and Radiationless Yields for K and L
Shells”, J. Phys. Chem. Ref. Data 8, 307 (1979).

[27] M. J. Berger, J. H. Hubbell, S. M. Seltzer, J. Chang, J. S. Coursey,
R. Sukumar, D. S. Zucker, and K. Olsen, “XCOM: Photon cross sec-
tions database (version 1.5)”, http://physics.nist.gov/xcom, ac-
cessed: 2017-07-10.

[28] D. J. Brenner and E. J. Hall, “Computed tomography: an increasing
source of radiation exposure”, N. Engl. J. Med. 357, 2277 (2007).

[29] Health Physics Society, “Radiation exposure from medical di-
agnostic imaging procedures”, http://hps.org/documents/
meddiagimaging.pdf, accessed: 2018-03-06.

[30] E. C. Lin, “Radiation Risk From Medical Imaging”,Mayo Clin. Proc.
85, 1142 (2010).

[31] M. P. Little, R. Wakeford, E. J. Tawn, S. D. Bouffler, and A. Berring-
ton de Gonzalez, “Risks associated with low doses and low dose rates
of ionizing radiation: why linearity may be (almost) the best we can
do”, Radiology 251, 6 (2009).

http://physics.nist.gov/xcom
http://hps.org/documents/meddiagimaging.pdf
http://hps.org/documents/meddiagimaging.pdf


64 | BIBLIOGRAPHY

[32] M. Tubiana, L. E. Feinendegen, C. Yang, and J. M. Kaminski, “The
linear no-threshold relationship is inconsistentwith radiation biologic
and experimental data”, Radiology 251, 13 (2009).

[33] H. A. Kramers, “XCIII. On the theory of X-ray absorption and of the
continuous X-ray spectrum”, Philos. Mag. 46, 836 (1923).

[34] J. Freudenberger, E. Hell, and W. Knüpfer, “Perspectives of medical
X-ray imaging”, Nucl. Instrum. Meth. Phys. Res. A 466, 9 (2001).

[35] “Excillum AB”, www.excillum.com.

[36] O. Hemberg, M. Otendal, and H. M. Hertz, “Liquid-metal-jet anode
electron-impact x-ray source”, Appl. Phys. Lett. 83, 1483 (2003).

[37] O. E. Hemberg, M. Otendal, andH.M. Hertz, “Liquid-metal-jet anode
x-ray tube”, Opt. Eng. 43, 1682 (2004).

[38] J. A. Rowlands and J. Yorkston, “Flat panel detectors for digital ra-
diography”, in “Handbook of Medical Imaging, Volume 1. Physics and
Psychophysics”, chapter 4, SPIE Publications, Bellingham, DC, USA
(2000).

[39] V. V. Nagarkar, T. K. Gupta, S. R. Miller, Y. Klugerman, M. R. Squil-
lante, and G. Entine, “Structured CsI(Tl) scintillators for X-ray imag-
ing applications”, IEEE Trans. Nucl. Sci. 45, 492 (1998).

[40] P. Kleimann, J. Linnros, C. Fröjdh, and C. S. Petersson, “An X-ray
Imaging Pixel Detector BasedOnA ScintillatingGuides Screen”, IEEE
Trans. Nucl. Sci. 47, 1483 (2000).

[41] G. Lubberts, “Random noise produced by x-ray fluorescent screens”,
J. Opt. Soc. Am. 58, 1475 (1968).

[42] U. Fano, “Ionization Yield of Radiations. II. The Fluctuations of the
Number of Ions”, Phys. Rev. 72, 26 (1947).

[43] R. C. Alig, S. Bloom, and C. W. Struck, “Scattering by ionization and
phonon emission in semiconductors”, Phys. Rev. B 22, 5565 (1980).

[44] W.R. Leo, Techniques forNuclear and Particle Physics Experiments:
An How-to Approach, Springer-Verlag (1994).

[45] R. H. Redus, A. C. Huber, and D. J. Sperry, “Dead time correction
in the DP5 digital pulse processor”, in “2008 IEEE Nuclear Science
Symposium Conference Record”, pages 3416–3420 (2008).



BIBLIOGRAPHY | 65

[46] P. Lechner, S. Eckbauer, R. Hartmann, S. Krisch, D. Hauff, R. Richter,
H. Soltau, L. Strüder, C. Fiorini, E. Gatti, A. Longoni, and M. Sampi-
etro, “Silicon drift detectors for high resolution room temperature X-
ray spectroscopy”, Nucl. Instr. Meth. Phys. Res. A 377, 346 (1996).

[47] P. Kirkpatrick and A. V. Baez, “Formation of Optical Images by X-
Rays”, J. Opt. Soc. Am. 38, 766 (1948).

[48] M.Montel, “Aberrations duPremierOrdre des SystèmesCatoptriques
Asymétriques Application au Microscope X à Réflexion Totale”, Opt.
Acta Int. J. Opt. 1, 117 (1954).

[49] H. Mimura, H. Yumoto, S. Matsuyama, Y. Sano, K. Yamamura,
Y. Mori, M. Yabashi, Y. Nishino, K. Tamasaku, T. Ishikawa, and K. Ya-
mauchi, “Efficient focusing of hard x rays to 25 nmby a total reflection
mirror”, Appl. Phys. Lett. 90, 051903 (2007).

[50] A. Snigirev, V. Kohn, I. Snigireva, and B. Lengeler, “A compound re-
fractive lens for focusing high-energyX-rays”,Nature 384, 49 (1996).

[51] K. Saitoh, K. Inagawa, K. Kohra, C. Hayashi, A. Iida, and N. Kato,
“Fabrication and Characterization of Multilayer Zone Plate for Hard
X-Rays”, Jpn. J. Appl. Phys. 27, L2131 (1988).

[52] A. V. Baez, “Fresnel Zone Plate for Optical Image Formation Using
Extreme Ultraviolet and Soft X Radiation”, J. Opt. Soc. Am. 51, 405
(1961).

[53] G. M. Whitesides, “The ’right’ size in nanobiotechnology”, Nat.
Biotech. 21, 1161 (2003).

[54] D. Peer, J. M. Karp, S. Hong, O. C. Farokhzad, R. Margalit, and
R. Langer, “Nanocarriers as an emerging platform for cancer therapy”,
Nat. Nanotechnol. 2, 751 (2007).

[55] E. Blanco, H. Shen, andM. Ferrari, “Principles of nanoparticle design
for overcoming biological barriers to drug delivery”, Nat. Biotechnol.
33, 941 (2015).

[56] Z. Cheng, A. Al Zaki, J. Z. Hui, V. R. Muzykantov, and A. Tsourkas,
“Multifunctional Nanoparticles: Cost Versus Benefit of Adding Tar-
geting and Imaging Capabilities”, Science 338, 903 (2012).

[57] M. Hu, L. Qian, R. P. Briñas, E. S. Lymar, L. Kuznetsova, and J. F.
Hainfeld, “Gold nanoparticle–protein arrays improve resolution for
cryo-electron microscopy”, J. Struct. Biol. 161, 83 (2008).



66 | BIBLIOGRAPHY

[58] U. Resch-Genger, M. Grabolle, S. Cavaliere-Jaricot, R. Nitschke, and
T. Nann, “Quantum dots versus organic dyes as fluorescent labels”,
Nat. Meth. 5, 763 (2008).

[59] J. Estelrich, M. J. Sánchez-Martín, and M. A. Busquets, “Nanopar-
ticles in magnetic resonance imaging: from simple to dual contrast
agents”, Int. J. Nanomed. 10, 1727 (2015).

[60] M. Shilo, T. Reuveni, M. Motiei, and R. Popovtzer, “Nanoparticles as
computed tomography contrast agents: current status and future per-
spectives”, Nanomedicine (Lond.) 7, 257 (2012).

[61] W. Eck, A. I. Nicholson, H. Zentgraf, W. Semmler, and S. Bartling,
“Anti-CD4-targeted gold nanoparticles induce specific contrast en-
hancement of peripheral lymph nodes inX-ray computed tomography
of live mice”, Nano Lett. 10, 2318 (2010).

[62] J. F. Hainfeld, M. J. O’Connor, F. A. Dilmanian, D. N. Slatkin, D. J.
Adams, and H. M. Smilowitz, “Micro-CT enables microlocalisation
and quantification ofHer2-targeted gold nanoparticles within tumour
regions”, Br. J. Radiol. 84, 526 (2011).

[63] V. P. Torchilin and V. S. Trubetskoy, “Which polymers can make
nanoparticulate drug carriers long-circulating?”, Adv. Drug Deliv.
Rev. 16, 141 (1995).

[64] A. Hamilton, L. Biganzoli, R. Coleman, L. Mauriac, P. Hennebert,
A. Awada, M. Nooij, L. Beex, M. Piccart, I. Van Hoorebeeck, P. Brun-
ing, and D. de Valeriola, “EORTC 10968: a phase I clinical and phar-
macokinetic study of polyethylene glycol liposomal doxorubicin (Cae-
lyx, Doxil) at a 6-week interval in patients with metastatic breast can-
cer”, Ann. Oncol. 13, 910 (2002).

[65] Y. Matsumura and H. Maeda, “A New Concept for Macromolecular
Therapeutics in Cancer Chemotherapy: Mechanism of Tumoritropic
Accumulation of Proteins and the Antitumor Agent Smancs”, Cancer
Res. 46, 6387 (1986).

[66] R. K. Jain, “Barriers to Drug Delivery in Solid Tumors”, Sci. Am. 271,
58 (1994).

[67] A. E. Nel, L. Mädler, D. Velegol, T. Xia, E. M. V. Hoek, P. Somasun-
daran, F. Klaessig, V. Castranova, andM. Thompson, “Understanding
biophysicochemical interactions at the nano–bio interface”,Nat.Mat.
8, 543 (2009).



BIBLIOGRAPHY | 67

[68] Y. Li, J. C. Larsson, K. Shaker, C. Vogt, H.M. Hertz, andM. S. Toprak,
“A novel library of potential contrast agents for x-ray fluorescence bio-
imaging”,Manuscript in preparation (2018).

[69] E. C. Beckmann, “CT scanning the early days”, Brit. J. Radiol. 79, 5
(2006).

[70] H. Barrett and K. Myers, Foundations of image science, John Wiley
& Sons, Hoboken, NJ, USA (2004).

[71] R. Gordon, R. Bender, and G. T. Herman, “Algebraic Reconstruction
Techniques (ART) for three-dimensional electron microscopy and X-
ray photography”, J. Theor. Biol. 29, 471 (1970).

[72] P. Gilbert, “Iterative methods for the three-dimensional reconstruc-
tion of an object from projections”, J. Theor. Biol. 36, 105 (1972).

[73] “Preclinical MRI, Bruker”, https://www.bruker.com/prod-
ucts/mr/preclinical-mri.html.

[74] B. L. Franc, P. D. Acton, C. Mari, and B. H. Hasegawa, “Small-Animal
SPECT and SPECT/CT: Important Tools for Preclinical Investiga-
tion”, J. Nucl. Med. 49, 1651 (2008).

[75] F. Stuker, J. Ripoll, and M. Rudin, “Fluorescence molecular tomogra-
phy: principles and potential for pharmaceutical research”, Pharma-
ceutics 3, 229 (2011).

[76] L. Mezzanotte, M. Root, H. Karatas, E. A. Goun, and C. W. G. M.
Löwik, “In vivo molecular bioluminescence imaging: new tools and
applications”, Trends Biotechnol. 35, 640 (2017).


	Abstract
	Sammanfattning
	List of Papers
	List of abbreviations
	Introduction
	X-ray interaction with matter
	Basic properties
	X-ray interaction with matter
	Elastic scattering
	Inelastic scattering
	The photoelectric effect
	Attenuation

	Radiation dose & health risks

	X-ray instrumentation
	X-ray sources
	Facilities
	Compact sources

	X-ray detectors
	Indirect energy-integrating cameras
	Photon-counting semiconductor spectrometers

	X-ray focusing optics
	Montel mirrors


	Nanoparticles in bioimaging
	Introduction
	Requirements for bioimaging
	Targeted nanoparticles
	Passive targeting
	Active targeting


	X-ray fluorescence tomography
	XRF imaging
	XRF tomography with laboratory systems
	Designing the NPs
	Locating the NPs
	Tomography

	Other molecular imaging modalities
	MRI
	SPECT
	PET
	Optical imaging techniques


	KTH XRF tomography system
	Experimental arrangement
	XRF generation / Energy matching
	Object
	Detectors

	Data acquisition
	Data processing and reconstruction
	Segmentation and dual CT & XRF rendering


	Conclusions and outlook
	Summary of Papers
	Acknowledgements
	Bibliography

