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Abstract

X-ray computed tomography (CT) is a common medical imaging device
for acquiring high-resolution 3D images of the interior of the human body.
The images are formed by mathematical reconstruction from hundreds of
planar x-ray images that have been acquired during less then a second.

Photon-counting spectral detectors are seen by many as the next big step
in the development of medical CT. The potential benefits include: quantita-
tive CT, ultra-low dose imaging and optimal contrast-to-noise performance.
The current aim for the research pursued by the Physics of Medical Imaging
Group at KTH is to develop, and commercialize, a photon-counting spectral
detector using silicon wafers in edge-on geometry. With the introduction of
a new detector comes many challenges, some of which this Thesis aims to
address.

Efficient calibration schemes will be an essential part of the realization
of photon-counting spectral detectors in clinical CT. In the first part of the
Thesis, three calibration methods are presented: two methods for calibration
of the energy thresholds on multi-bin spectral detectors and one method for
geometric calibration of edge-on detectors that are mounted in a CT gantry.

The CT image acquisition produces large amounts of data that have to be
transported out of the system, preferably in real-time. Already today, fewer
samples are acquired when operating at very high rotation speeds due to
bandwidth limitations. For photon-counting spectral detectors, the amount
of data will be even larger due to the additional energy information and the
generally smaller pixels, and it is therefore desirable to minimize the number
of angular samples acquired per revolution. In the second part of the Thesis,
two methods for relaxing the angular sampling requirement are presented.
The first method uses the built-in redundancy of multi-layer detectors to
increase the angular sampling rate via a temporal offset between the detector
layers. The second method uses decimation in the view (angular) direction
as a means for compression of CT sinogram data. The compression can be
performed on the CT gantry and thus lower the required bandwidth of the
data transfer.

Although the overall aim of this work has been to develop methods that
facilitate the introduction of photon-counting spectral detectors for medical
CT, the presented methods are also applicable in the broader context of cal-
ibration of x-ray detectors and CT image acquisition.

Keywords: computed tomography, spectral, photon-counting, calibration,
sampling, data compression
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Sammanfattning

Datortomografi (CT) är en vanligt förekommande medicinsk avbildnings-
teknik som används för att ta högupplösta 3D bilder av människans inre.
Bilderna rekonstrueras matematiskt från hundratals 2D röntgenbilder som
har tagits under mindre än en sekund.

Introduktionen av spektrala fotonräknande röntgendetektorer anses va-
ra nästa stora steg i utvecklingen av medicinsk CT. De potentiella förde-
larna innefattar: kvantitativ CT, avbildning vid ultra-låg dos och optimalt
kontrast-brus förhållande. Målet för det arbete som utförs av gruppen för
Medicinsk Bildfysik på KTH är att utveckla och kommersialisera en spektral
fotonräknande detektor baserad på kiselskivor som är monterade ”edge-on”
(med kanten pekandes mot röntgenkällan). Den här avhandlingen adresserar
några utav de utmaningar som följer införandet av denna nya typ av detektor.

Tillgången till effektiva kalibreringstekniker kommer att vara nödvändig
för realisationen av spektrala fotonräknande detektorer i medicinsk CT. I den
första delen av avhandlingen presenteras tre kalibreringsmetoder, varav två
relaterar till kalibrering av energitrösklarna på spektrala röntgendetektorer
och en relaterar till geometrisk kalibrering av ”edge-on” detektorer monterade
i en CT scanner.

Bildtagningen i CT producerar stora mängder data som måste transpor-
teras ut ur systemet, gärna i realtid. Redan idag tvingas man ofta ha färre
mätpunkter när man använder höga rotationshastigheter på grund av be-
gränsningar i utläsningens bandbredd eller mätelektronikens hastighet. För
spektrala fotonräknande detektorer kommer mängden data att öka på grund
av den extra energiinformationen och de generellt mindre pixlarna. Därför
är det önskvärt att minimera antalet mätpunkter i vinkelled per varv. I den
andra delen av avhandlingen presenteras två metoder som minskar kravet på
antalet mätpunkter per varv. Den första metoden använder den inbyggda re-
dundansen hos detektorer med flera lager för att ökan antalet mätpunkter
i vinkelled genom att förskjuta mätpunkterna för dom olika lagerna i tiden.
Den andra metoden använder decimering i vinkelled för att komprimera CT
data. Kompressionen kan utföras på CT scannern och kan användas för att
minska kravet på datautläsningens bandbredd.

Det övergripande målet för arbetet som utgör avhandling har varit att
utveckla metoder som möjliggör introduktionen av spektrala fotonräknande
detektorer för medicinsk CT. De presenterade metoderna är emellertid även
användbara i den mer generella kontexten av kalibrering av röntgendetektorer
och bildtagning i CT.

Nyckelord: datortomografi, spektral, fotonräknande, kalibrering, sampling,
datakompression
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Chapter 1

Introduction

Since they were first discovered by Wilhelm Roentgen in 1895, x-rays have been
used to image the interior of the human body for medical purposes. The first images
were taken using ordinary photographic film and the image acquisition lasted more
than an hour. Today, 3D full-body images with sub-millimeter spatial resolution
are acquired within seconds, and the progress is still ongoing.

X-ray computed tomography (CT) is a common medical imaging device for
acquiring high-resolution 3D images of the interior of the human body. Due to its
speed and versatility, CT is frequently used with over 85 million CT examinations
performed in the USA in 2011 [1]. However, CT is considered to be a high-dose
examination with an abdominal examination giving approximately 10 mSv of x-ray
dose, which is equivalent to 3 years of background radiation. The ionizing x-rays
can damage the DNA and even though most damage is rapidly repaired, mis-repair
can lead to cancer induction [2]. The risk of cancer induction is generally thought
of as a stochastic process with the probability increasing with the radiation dose.
Therefore, it is important that the development towards more dose efficient x-
ray detectors and image acquisition/processing techniques is continued, especially
considering the large number of patients that undergo the procedure.

Following the invention of CT by Sir. Godfrey Hounsfield and Allan Cormack
(who were both awarded the Nobel Prize in medicine in 1979), there has been a
rapid development in the field of digital x-ray detectors for medical applications
[3]. Today, we find digital x-ray detectors in almost all x-ray imaging modalities,
including radiography and mammography. The focus of the research performed by
the Physics of Medical Imaging Group at KTH is to further develop digital x-ray
detectors aiming for higher image quality at a lower patient dose. More specifically,
the current aim is to develop a photon-counting spectral detector for computed
tomography. This is thought of as the next big step in the development of x-ray
detectors for medical CT.

The work presented in this Thesis is focused on two major topics: the calibration
of spectral photon-counting detectors for CT and temporal sampling in continuous

1



2 CHAPTER 1. INTRODUCTION

rotation CT. The background and fundamental theory on which the research is
based is presented in two introductory chapters and the resulting research articles
are appended at the end.

1.1 The author’s contribution

The mathematical description of the alignment problem in Paper 3 was formulated
together with Fredrik Grönberg and the spectral response model of the silicon
detector used in Paper 1 was provided by Xuejin Liu. Apart from these exceptions,
the author has invented and developed the methods presented in the Thesis. The
author is also the main contributing author of the included articles. All the work
was performed under the supervision of Mats Danielsson.



Chapter 2

Computed tomography

2.1 X-ray imaging in 3D

In x-ray transmission radiography, an image of the interior of an object is taken by
illuminating the object with x-rays and measuring the fraction of x-rays that reach
the other side. The number of x-rays that pass through a particular part of the
object is given by the Lambert-Beer law [4]:

N(E) = N0(E) exp
[
−
∫
l

µ(s, E)ds
]
,

where N0 is the number of x-rays before the object, µ(s, E) is the space and energy
dependent linear attenuation coefficient, E is the energy of the x-rays and l is the
line from the source to the detector. The sum of the linear attenuation coefficient
along the line l can be estimated by computing the projection value:

p = − ln
[
N(E)
N0(E)

]
=
∫
l

µ(s, E)ds (2.1)

In planar x-ray imaging, projection values are what you see in the image and a
projection with high attenuation (e.g. bone) is represented with lighter color, and
a point of low attenuation (e.g. air) is represented with a darker color.

Since each point in a planar x-ray image represents the sum of the attenuation
on the line between the source and the detector, the image will consist of the su-
perposition of all the internal structures in the object. In many medical situations,
specifically when imaging small and low contrast objects, planar x-ray images are
not sufficient to make a diagnosis. The solution comes with x-ray computed to-
mography, or more commonly, CT. The basic idea of CT is to acquire images of
the patient from many different angles and then mathematically reconstruct the
interior composition of the object. The result is that the x-ray attenuation can be
estimated for each separate point in the patient. The 3-dimensional image data

3



4 CHAPTER 2. COMPUTED TOMOGRAPHY

is generally visualized by presenting different slices through the object. Each in-
dividual slice will not contain any overlaying structures, making also small and
low-contrast objects detectable.

Mathematically, computed tomography is based on the Radon transform, which
was introduced by Johann Radon in 1917. The 2D Radon transform is an integral
transform that can be expressed

R[f(x, y)](r, θ) =
∫
l(x,y;r,θ)

f(x, y)dxdy , (2.2)

where l(x, y; r, θ) = {x, y|x cos θ + y sin θ = r} [5]. The left side of Figure 2.2a shows
how r and θ define a projection line. An image of the 2D Radon transform of an
object is referred to as a sinogram since points in the object are represented by
sinusodial waves in the 2D Radon transform. Comparing equations 2.1 and 2.2,
we see that the Radon transform of the 2D distribution of the linear attenuation,
µ(x, y, E), is equal to the projection values p for all r and θ (i.e. all lines that pass
through a slice of the object).

Assuming that we have acquired measurements of the projection values for all
r and θ, how do we go about reconstructing a map over the distribution of the
attenuation coefficient in the interior of the object? To understand this, we call
upon the projection-slice theorem [6], which states that:

Fr [R[f(x, y)](r, θ)] (ρ) = Fx,y [f(x, y)] (ρ cos θ, ρ sin θ) , (2.3)

where Fr[:] is the 1D Fourier transform along r and Fx,y[:] is the 2D Fourier
transform along x and y. The Fourier transform will here be defined:

Fx,y[f(x, y)](u, v) =
∫ ∞
−∞

f(x, y)e−j2π(ux+vy)dxdy , (2.4)

where u and v are spatial frequencies.
In words, Eq. 2.3 says that the Fourier transform along the radial direction

of the projections for a fixed angle θ is equal to the 2D Fourier transform of the
object evaluated along the line (u, v) = (ρ cos θ, ρ sin θ). The theorem is illustrated
in Figure 2.1.

In practice, this implies that if we acquire the projections on a Cartesian grid
in θ and r, then we have sampled the 2D Fourier transform of the object on a polar
grid in u and v. The original object can therefore be retrieved by performing an
inverse 2D Fourier transform in polar coordinates:

f(x, y) = F−1
r,θ [Fx,y [f(x, y)] (ρ cos θ, ρ sin θ)] =

=
∫ 2π

0

∫ ∞
0

Fx,y [f(x, y)] (ρ cos θ, ρ sin θ)ej2πρ(x cos θ+y sin θ)ρdρdθ
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r
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v

θ

Figure 2.1: An illustration of the projection-slice theorem (Eq.2.3). To the left is
the original object and to the right is the 2D Fourier transform of the object. By
acquiring projection measurements R[f(x, y)](r, θ) at many angles one can build up
the 2D Fourier transform of the object Fx,y[f(x, y)](u, v). The original object can
then be retrieved by an inverse Fourier transform.

To simplify the expression, we use the symmetry of the projections acquired after
180◦, namely that∫ 2π

π

∫ ∞
0

Fx,y [f(x, y)] (ρ cos θ, ρ sin θ)ej2πρ(x cos θ+y sin θ)ρdρdθ =

=
∫ π

0

∫ 0

−∞
Fx,y [f(x, y)] (ρ cos θ, ρ sin θ)ej2πρ(x cos θ+y sin θ)|ρ|dρdθ ,

which implies that

f(x, y) =
∫ π

0

∫ ∞
−∞

Fx,y [f(x, y)] (ρ cos θ, ρ sin θ)e2πjρ(x cos θ+y sin θ)|ρ|dρdθ .

Recalling the projection-slice theorem (Eq.2.3), we have that

f(x, y) =
∫ π

0

[∫ ∞
−∞

Fr [R[f(x, y)](r, θ)] (ρ)e2πjρ(x cos θ+y sin θ)|ρ|dρ
]
dθ (2.5)

Equation 2.5 is referred to as filtered backprojection (FBP) and it is the most
commonly used method for CT image reconstruction. The square brackets in Eq.2.5
emphasize the steps of the algorithm: first, the 1D Fourier transform of the pro-
jections for a fixed angle, Fr [R[f(x, y)](r, θ)] (ρ), are filtered by a ramp filter, |ρ|,
then the filtered signal is 1D inverse Fourier transformed with respect to ρ, and
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finally the signal is backprojected (values are assigned to the points (x, y) on the
lines x cos θ + y sin θ = constant) and summed for all angles. It is worth noticing
that it is only necessary to acquire data for θ ∈ [0, 180◦).

2.2 Image acquisition

We have seen that if we can estimate the 2D Radon transform of an object, then
we can estimate inner structures of the object using filtered backprojection. To
obtain the 2D Radon transform of the object, it is necessary to measure the x-ray
transmission through the object for a large number of angles, and preferably very
fast.

In the first CT systems, the image was acquired using a pencil beam that was
stepped and rotated. This image acquisition geometry is referred to as parallel
beam, and is illustrated in Figure 2.2a.

In modern medical CT systems, the images are acquired using a point source
(x-ray tube) and a large opposing detector that measures the transmitted x-rays.
This geometry is referred to as fan-beam CT. The projections in fan-beam CT are
generally described by the coordinates β and γ, where β is the angular position of
a projection in the fan (β = 0 applies to the beam that passes through the center
of rotation) and γ is the angular position of the source. The definitions of β and γ
are shown in Figure 2.2b.

γ

x

y

projection line
β

detector

source

r
θ x

y

projection line

detector

source

a) b)

Figure 2.2: The definitions of a) r and θ describing the projection lines in parallel-
beam geometry and b) γ and β describing the projections in fan-beam geometry.

Both the detector and the source are mounted on a gantry that rotates contin-
uously around the patient. The detector is digital (meaning that, in the end, the
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output value is ones and zeros) and the detector elements are referred to as pixels
(not to be confused with the pixels of the reconstructed image). If the detector
is extended also along the axis of rotation (also known as the axial direction) the
geometry is referred to as cone beam CT. And if the patient table is moved continu-
ously in the axial direction during the image acquisition, the geometry is referred to
as helical, or spiral CT. Some more relevant nomenclature: the center of rotation is
commonly referred to as the isocenter, the set of projections measured at a certain
angle is often referred to as a view and the time during which a single measurement
is acquired is referred to as the frame time.





Chapter 3

Calibration of spectral
photon-counting detectors for CT

3.1 Spectral x-ray imaging

In CT, the detector measures the x-ray transmission through the object in order
to estimate the linear attenuation coefficient µ(r, E), where r ∈ R3 and E is the
energy of the x-rays. In all medical transmission imaging modalities, the x-rays
are generated by an x-ray tube and the spectra are inherently polychromatic. In
conventional CT detectors, the energy deposited by the x-rays is summed during
the measurement period, and the detectors are therefore referred to as energy in-
tegrating. The measured energy sum can be expressed

I =
∫ ∞

0
ES(E)D(E) exp

[
−
∫
l

µ(x,E)dx
]
dE ,

where S(E) is the non-attenuated x-ray spectrum (number of photons per en-
ergy) and D(E) is the detection efficiency of the detector. The projection value
p = − ln[I/I0] will be therefore represent an energy average of the integral of the
linear attenuation coefficient.

The energy integrating approach has several drawbacks: the energy averaging
creates so-called beam hardening artifacts (dark areas behind highly attenuating
objects); photons with higher energy (which generally carry less contrast infor-
mation) are weighted up; the values in the reconstructed images will be system
dependent (making inter system comparisons difficult, even after normalization to
water); and the system performs poorly at ultra-low dose (due to noise integration).
All of these issues are mitigated by switching to photon-counting spectral detectors.

9
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3.2 Imaging with photon-counting spectral detectors

Photon-counting spectral detectors register every photon separately and assign an
energy (or an energy interval) to each photon. The measured number of photons
in the i:th energy bin can be expressed

Ni =
∫ Ei,max

Ei,min

S(E)D(E) exp
[
−
∫
l

µ(x,E)dx
]
dE ,

where Ei,min and Ei,max are the boundaries of the i:th energy bin. As we can see,
the detected spectrum is no longer weighted by the photon energy (E), i.e. the
photons are equally worth independent of their energy. Also, the counting of pho-
tons implies that the electronic noise, that otherwise would have been integrated,
is eliminated.

There are several ways to use spectral data to form an image: the energy bins
can be used independently to create different bin images, which then represent the
average linear attenuation coefficient for each energy interval; the bin images can
be weighted together to create energy weighted images (where optimal contrast be-
tween materials can be obtained); or the entire energy dependent linear attenuation
coefficient, µ(r, E), can be estimated using e.g. a maximum likelihood approach [7].
The last method is the most sophisticated and is generally referred to as material
basis decomposition. The method uses that the linear attenuation coefficient can
be expressed as a linear sum of a set of basis functions, i.e.:

µ(r, E) =
∑
i

ai(r)fi(E) ,

where fi(E) are basis functions and ai(r) are basis coefficients. To find µ(r, E)
it is only necessary to estimate the spatial distribution of the basis coefficients
ai(r), rather than the entire energy dependent function µ(r, E). This implies that
we only need to have as many independent measurements (different energies) as
the number of basis functions. It is generally not necessary to have more than
two basis functions to express the linear attenuation coefficient of most materials
occurring naturally in the human body [8]. The reason for the low dimensionality
of the linear attenuation coefficient is that there are only two (significant) types
of interactions in the energy range of diagnostic x-rays: photo-electric absorption
and Compton scattering (Rayleigh scattering is much weaker than the other two).
Therefore, we can divide the linear attenuation into two parts: that caused by
photo-electric absorption and that caused by Compton scattering. If a material
with a k-edge1 is present, e.g. iodine, then a third basis function is needed. Since
the presence of k-edge materials are common in many medical applications (e.g. CT
angiography), it is likely that three bases will be required in order to fully utilize

1The k-edge is a drastic increase in photo-electric absorption when the energy becomes high
enough to eject K-shell electrons.
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the spectral capability for diagnostic purposes. The most used sets of bases are:
interaction bases (photo-electric effect and Compton scattering), material bases
(water, iodine, bone, etc.), and mathematical bases with optimal performance (e.g.
minimal variance).

If material basis decomposition is used, one can choose between several ways to
form the final image: display the basis coefficients; combine the basis coefficients to
form other bases; and display the linear attenuation coefficient for a mono-energy
(since we know the linear attenuation coefficient for all energies, we simply select
one). The best way to present that data depends on the imaging task.

3.3 Dual-energy techniques

There are already several spectral (but not photon-counting) techniques available
for CT today. Most CT vendors have so-called dual-energy techniques where two
polychromatic spectra with different mean energies are detected approximately si-
multaneously. This can be done in several ways: fast switching of the tube voltage
of the x-ray tube (kVp-switching); using two sources and two detectors simultane-
ously (dual-source); or having two layers in the detector (dual-layer)2. Dual-energy
is currently the state-of-the-art for spectral imaging in CT. The techniques can sep-
arate several materials based on their energy dependent linear attenuation and most
CT vendors have a CT scanner model that applies the technique. However, dual-
energy techniques have some complications which limit the performance. Apart
from having the general flaws of energy integrating detectors, most dual energy
methods have non-optimal energy separation between the two different spectra.
The consequence is a larger variance in the estimated basis coefficients. Also, dual-
energy techniques can not separate three or more materials without making a priori
assumptions regarding the material composition in the sample (such the total mate-
rial density), and this can introduce a bias in the estimations if the assumptions are
erroneous. Photon-counting spectral detectors can therefore (ideally) outperform
dual-energy techniques, thus the large interest in their development.

3.4 A silicon photon-counting spectral detector

Two of the most promising detector materials for photon-counting spectral CT
are the semiconductors silicon and cadmium-zinc-telluride (CZT) [9, 10], and both
materials have pros and cons. The main challenge for silicon is that it is x-ray
soft, which has lead many to disqualify silicon for CT applications due to the high
energy x-rays. Also, silicon suffers from a high fraction of Compton scattering
in the detector. A Compton scattered photon will register at the wrong energy
and possibly lead to a double count in an adjacent location, which can reduce
the spatial resolution and increase the noise. However, silicon has the benefit of

2The top layer will detect a softer x-ray spectrum (lower mean energy) than the bottom layer
due to the energy dependence of the attenuation in the detector material.
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x-rays enter from the top

front segment

pixel

back segment

ASICs

Figure 3.1: A silicon edge-on detector comprising 50 pixels with 9 depth segments.
Three ASICs (integrated electronics) are used to handle the data from the 450
channels.

high charge carrier mobility (making it capable of coping with very high count
rates) [11], excellent energy resolution (detected energy versus energy deposited in
photon interaction) [12] and a mature production process. CZT, on the other hand,
is very x-ray hard making it ideal for stopping x-rays, but has its own problems
in the form of lower charge carrier mobility (leading to pile-up in the electronics),
x-ray fluorescence emission (which distorts the detected spectrum) and a difficult
production process.

The Physics of Medical Imaging Group at KTH is currently developing a sil-
icon edge-on detector and the idea is to assemble a detector array consisting of
a multitude of silicon wafers that are aligned with their edges pointing towards
the x-ray source. The edge-on mounting allows the otherwise x-ray soft silicon to
have considerable depth along the direction of the x-ray beam and, with that, a
competitive x-ray attenuation, also in the high-energy range [9, 13, 14]. The silicon
wafers have charge-collecting electrodes on a 2D grid and subsequent channels in an
application specific integrated circuit (ASIC) that registers the detected photons in
the appropriate energy bins. An example of the silicon edge-on detector developed
at KTH is shown in Figure 3.1. The wafer has 50 pixels and 9 depth segments.
The depth segments divide the count rate, which implies that the detector can cope
with higher photon fluxes without pileup3. The exponentially increasing segment
length was selected to give approximately the same count-rate in each channel.

3Pileup occurs when the electric pulses from two photon interactions overlap. The result is
that only one photon is registered, and that at the wrong energy.
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Figure 3.2: An example of an energy discrimination logic in a photon-counting
spectral detector.

3.5 Energy calibration of spectral x-ray detectors

When an x-ray photon interacts in a semiconductor material, a large number of
charge carriers are released. The charge carriers are collected by an electrode and
a pulse with height proportional to the energy deposited by the photon interaction
is produced by means of analog processing. The energy of the photon interaction is
estimated by comparing the height of the pulse to a set of adjustable comparators,
or energy thresholds. A threshold “triggers” if the pulse is higher than a refer-
ence voltage. For every input pulse, a digital counter associated with the highest
triggered threshold is incremented. The reference voltage associated to a specific
threshold can be adjusted via a digital-to-analog converter (DAC) setting. Fig-
ure 3.2 shows a schematic illustration of the energy discrimination logic. Ideally,
the translation between DAC setting and photon energy would be the same for all
channels and comparators on the detector. However, this is generally not the case
since the comparators have different physical environments. Unless corrected for,
the comparator variations result in ring artifacts in the reconstructed image and
risk for bias when performing material basis decomposition [15].

The relation between the digital setting D and the photon energy E can be
expressed:

E = gD +m ,

where g and m are referred to as the gain and offset respectively. A multitude
of methods for estimating the gain and offset of the energy thresholds in spectral
detectors are currently available. If a monochromatic source is at hand (e.g. a
synchrotron or a radioactive source), the most straightforward method is to find the
DAC value corresponding to two or more x-ray energies by sweeping the thresholds
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over the photo-electric peaks [12, 16, 17]. Other methods use a polychromatic
spectrum that has been filtered by either a set of k-edge materials (e.g. iodine) or a
set of x-ray fluorescent materials (e.g. gold), introducing distinguishable features in
the detected spectrum [18, 19]. The above mentioned methods are not particularly
suited for use in a clinical environment since they require that additional filters or
sources are placed in the x-ray machine. An alternative method utilizes the kVp of
a clinical x-ray tube by searching for the DAC setting at which the counts drop to
(approximately) zero for different kVp settings4 [20]. The accuracy of this method
is however limited since the maximum detected energy is not necessarily equal to
the maximum input energy due to the finite energy resolution of the x-ray detector.
Yet another method, proposed by Liu et al. [21], utilizes a single threshold scan
(s-curve5) of a polychromatic spectrum (without any particular features) to find
the translation from DAC setting to photon energy by means of non-linear fitting
of the measured threshold scan to Monte Carlo simulated data.

In Paper 1, the work of Liu et al. is further developed by using several threshold
scans acquired at different kVp and simultaneously fitting the measured s-curves
to data from a Monte Carlo simulation. It is shown that using several s-curves at
different kVp results in better estimations of the calibrated parameters. The method
is applicable for any photon-counting spectral x-ray detector for which there exists
an accurate model of the spectral response function and it can be readily used in a
clinical environment.

In Paper 2, a method is presented for obtaining the relative linear relations
between all energy thresholds in a channel by scanning the thresholds with respect
to each other during x-ray illumination. The method does not rely on a model of
the detector’s response function and does not require any identifiable features in
the x-ray spectrum. Also, the method can be used to determine the offset between
the thresholds without external stimuli by utilizing the electronic noise as a source.
The simplicity and accuracy of the method makes it suitable for implementation in
clinical multi-bin spectral CT systems.

The two methods above are complementary and it can be possible to use them
together to perform accurate energy calibration of spectral detectors in clinical CT
systems.

3.6 Geometric calibration of edge-on detectors in a CT
gantry

Geometrical calibration of CT systems is a well-explored topic in which free param-
eters describing the geometrical properties of the imaging system are determined.
Relevant parameters include: the direction of motion of the patient table; the axis of
the gantry rotation; the orientation and position of the detector; and position of the

4The maximum photon energy in the input spectrum is determined by the kV peak (kVp) of
the x-ray tube

5The name s-curve comes from the shape of the cumulative integral of a spectrum.
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x-ray source [22–24]. Through the years, many different approaches for complete
geometric calibration of CT systems have been explored [25–30].

The majority of the geometrical calibration methods developed for CT systems
with flat-panel detectors can be readily applied also to edge-on detector systems.
However, the edge-on detectors have an extra dimension of detector elements along
the direction of the x-ray beam, and can therefore be sensitive to misalignment
with respect to the x-ray beam in terms of energy response, detection efficiency
and spatial resolution. Ideally, all the detector elements in a pixel (see Figure 3.1)
line up and measure the same x-ray beam (unless the detector elements are delib-
erately shifted to obtain spatial oversampling). However, unless the mounting of
the detector and the source is perfect, the detectors will always be slightly mis-
aligned with respect to the direction of the x-rays and physical adjustments of the
source/detector might be necessary. Also, in order to perform material basis de-
composition and/or iterative reconstruction, it is necessary to provide an accurate
forward model describing the imaging system, which should include the alignment
of the detectors.

In Paper 3, a method for estimating the alignment of an edge-on detector
mounted in a CT gantry is presented. The method uses a set of projection im-
ages of a simple phantom (e.g. a single ball bearing) together with geometrical
arguments to estimate three different angles that describe the alignment of a single
detector wafer with respect to the direction of the x-rays. The method is helpful
for evaluating the mounting of each individual detector wafer with respect to the
source and for calculating corrections of the position of the source or the detector.
Schemes similar to that described in the paper have been used for calibration of a
bench-top CT imaging setup in the x-ray lab at KTH. It can be kept in mind that
for imaging purposes, it might not be necessary to estimate the alignment angles
per se, but instead estimate the position (β and γ for fan-beam geometry) at which
each detector element samples the Radon transform. Although this is not done in
the article, the same method can be used also for that purpose. It can also be noted
that the sensitivity to misalignment is very dependent on the surrounding material
(neighboring detectors, anti-scatter grids, etc.) and that the consequences of mis-
alignment can, at least in part, be mitigated by intelligent design of the detector
array.





Chapter 4

Temporal sampling in continuous
rotation CT

4.1 Sampling of the 2D Radon transform

Effective sampling of the imaged object is essential to the image quality in all x-
ray imaging modalities, and insufficient sampling can lead to aliasing and impaired
spatial resolution in the reconstructed image. In continuous rotation computed
tomography (CT), the angular sampling rate is determined by the frame rate (the
number of samples per second) and the rotation speed of the gantry. If the system
could operate at any frame rate, the number of angular samples would be unlimited.
However, the frame rate is generally limited by the speed of the sampling electronics
and/or the bandwidth of the data readout from the gantry. As a result, the angular
sampling rate is limited and even more so for high rotation speeds of the gantry.
On many of today’s CT scanners, the number of angular samples have to reduced
when operating at the highest rotation speeds. Meanwhile, it is becoming more and
more common to operate at high rotation speeds in order to fulfill the requirements
of dynamic acquisition (e.g. perfusion and cardiac imaging) and to reduce motion
artifacts [31]. Also, if photon-counting spectral detectors are to be used for CT, the
amount of produced data per second will increase due to the smaller pixels and the
energy bins, which will further limit the angular sampling rate and/or the rotation
speed of the gantry.

Limited angular sampling can also occur when sparse image acquisition is ap-
plied. For example, there are many situations when a patient is imaged repetitively
at the same position in the body, for example during lung cancer treatment or
image guided surgery. In such cases, it is possible to acquire a full data set for the
first image and sparse data sets (e.g. angularly undersampled) for the subsequent
images. The images from the sparse data can then be reconstructed using the first
image as a prior [32]. However, if angular aliasing occurs in the images based on
the sparse data, the aliasing patterns will propagate to the final image since they

17
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are not present in the prior image. It is therefore desirable to minimize the aliasing
in the sparse data images as much as possible.

In this part of the Thesis, the temporal sampling for CT systems in continuous
rotation is explored. The fact that the CT gantry rotates during the image acquisi-
tion makes it fundamentally different from the stationary alternative, the so-called
“step-and-shoot” CT. However, much of the theory on CT image acquisition and
data processing is based on stationary CT. Traditionally, the sampling of the sino-
gram has been viewed as a process with one variable (r) and one parameter (θ). The
projection-slice theorem, for example, uses the Fourier transform of the projections
acquired at a fixed θ to explain how the Fourier domain of the object is sampled.
This simplification hides important insights into properties of the sampling process
that become apparent when viewing the image acquisition as a multi-dimensional
sampling process.

Our analysis of temporal sampling is based on a set of fundamental concepts
from linear systems theory and signal analysis, some of which are covered in the
following sections.

4.2 The modulation transfer function

In linear systems theory, a common way to express the quality of an imaging system
is the modulation transfer function (MTF). The modulation of a sinusoidal signal
is defined as

m = fmax − fmin
fmax + fmin

, (4.1)

where fmax is the maximum value and fmin is the minimum value of a sinusoidal
signal. In other words, the modulation is equal to the signal’s amplitude divided
by its mean value1.

The modulation transfer function (MTF) of a system is the frequency dependent
ratio of the modulation of a signal before and after passing through the imaging
system, i.e. MTF (u) = mout(u)/min(u), where u is the spatial frequency. The
MTF of an imaging system can be determined from the system’s response to a
discrete impulse, also known as the pre-sample point spread function, PSF (x).
The discrete impulse carries all spatial frequencies at equal amplitude before being
processed by the imaging system. For such an impulse, the MTF can therefore
be estimated by the ratio of the output amplitude spectrum (absolute value of the
Fourier transform) and the mean value (zeroth frequency component):

MTF (u) = |H(u)|/H(0) , (4.2)

where H(u) = Fx[PSF (x)]. The 2D equivalent is naturally

MTF (u, v) = |H(u, v)|/H(0, 0) ,

where H(u, v) = Fx,y[PSF (x, y)].
1This can be seen by dividing both the nominator and the denominator in Eq.4.1 by 2
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The MTF in continuous rotation CT
In continuous rotation CT, the gantry (on which the detector and the source are
mounted) is in continuous motion during the image acquisition. Motion of the
gantry during the measurement increases the area in which a single pixel samples
the object, as illustrated by Figure 4.1 and 4.2. In this section, we will study the
effect of the gantry motion on the MTF in the sinogram. The shape of the MTF
for continuous rotation CT is briefly discussed in Paper 5. Here, a more detailed
description is presented.

focal spot

pixelΔθ

Figure 4.1: The area in the object in
which a single pixels measures in sta-
tionary CT. The dashed lines indicate
the next sample.

ωΔt

ω

focal spot

pixel

Figure 4.2: The area in the object in
which a single pixels measures in con-
tinuous rotation CT, where ∆t is the
frame time and ω is the angular ve-
locity of the gantry.

We begin by considering a single detector pixel in a stationary CT system.
The pixel measures the x-ray transmission for, not only one projection line, but
a set of projection lines. If the source is infinitely small, and the pixel has a fi-
nite width, then the pixel measures a set of projections on a slanted line in the
sinogram. If we include the finite focal spot of the source, the pixel measures the
projections within a parallelogram in the sinogram (Figure 4.3). The projections
that a pixel measures is equivalent to a (simplified) pre-sample point spread func-
tion in the sinogram PSF (r, θ), with a corresponding modulation transfer function
MTF (ρ, τ) = |H(ρ, τ)|/H(0, 0), where H(ρ, τ) = Fr,θ[PSF (r, θ)](ρ, τ).

Now, if the CT system is in continuous rotation during the measurement period,
the parallelogram in which the pixel measures is swept in the angular direction with
angular velocity ω during the frame time ∆t (Figure 4.4). Sweeping the pixels in
the angular direction is equivalent to convolving the point spread function with a
rectangular function of width ω∆t, i.e.

PSF ′(r, θ) = PSF (r, θ) ∗ rect
(

θ

ω∆t

)
In the Fourier domain, the modulation transfer function becomes

MTF ′(ρ, τ) = H(ρ, τ) · sinc (τω∆t)
|H(0, 0) · sinc(0)| = MTF (ρ, τ) · sinc (τω∆t) (4.3)

The sinc factor will reduce the resolution of the CT image unless the factor ω∆t
is small enough. This can be achieved by either reducing the rotation speed of the
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r

θ
Δθ

Figure 4.3: Sampling area of the sino-
gram in stationary CT. The dashed
area represents the next sample in the
angular direction.

r

θ
ωΔt

Figure 4.4: Sampling area of the sino-
gram in continuous rotation CT. The
movement during the acquisition in-
creases the sampled area.

gantry, which increases the imaging time and the blur from patient motion, or by
reducing the frame time, which increases the number of samples per second and
with that the demands on the data acquisition electronics and the bandwidth of
the data transmission.

As a demonstration, the 2D pre-sample PSF for a system with 0.5mm pixel
pitch, 1mm focal spot width and 1040 mm source-to-detector distance was simulated
using Matlab (2015, The Mathworks Inc., Natick, MA). The results are seen in
Figure 4.5, were the angular distance that the gantry rotates during the frame
time was ∆θ = 0.4◦ (4.5a) and ∆θ = 0.2◦ (4.5b), which corresponds to 900 and
1800 frames per revolution respectively. The corresponding 2D MTFs are shown in
Figure 4.6 and display the predicted sinc shape in the angular direction. The MTFs
are plotted up to the radial sampling frequency, 4mm−1, in the radial frequency
direction and up to the angular sampling frequency at 1800 frames per revolution,
5 degrees−1, in the angular frequency direction. It can be kept in mind that the
MTF is also affected by other processes e.g. scatter in the detector, which will
lower the MTF further. What is plotted here can be seen as an upper limit of the
MTF.

The spatial resolution of the reconstructed images will depend on how much the
content of the sinogram is suppressed by the MTF. The effect of a change of the
MTF is therefore strongly dependent on the shape of the spectral support of the
sinogram data, which is discussed in the following section.
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Figure 4.5: The simulated 2D pre-sample point spread function in the sinogram
PSF (r, θ) for a) ∆θ = 0.4◦ and b) ∆θ = 0.2◦, where ∆θ is the angular distance
that the gantry has moved during the frame time.
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Figure 4.6: The simulated 2D MTF for a) ∆θ = 0.4◦ and b) ∆θ = 0.2◦, where
∆θ is the angular distance that the gantry has moved during the frame time. The
frame time affects the shape of the MTF in the angular direction via the sinc term
in Eq.4.3.

4.3 Spectral support of the sinogram data

The spectral support of a 2D function is the region in the 2D Fourier transform
of the function that has non-zero content. Since the sinogram consists of only
sinusoidal curves with different phases and amplitudes, but with the same frequency
(one period per revolution of the gantry), the spectral support of the sinogram has
a rather special shape. Here, we will derive the shape of the spectral support of the
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sinogram using some simple arguments.
If we start by considering a sinogram with infinite resolution. Any sinus in

the sinogram can be written on the form: f(θ) = R sin(θ + δθ) and the generic
sinogram is made up of all combinations of sinusoids for which R < Rmax, where
Rmax is the largest radius at which the object has content. The Fourier transform
of the sinogram, S(ρ, τ) = F [s(r, θ)](ρ, τ), will have content in all directions that
at some point are normal to any of the sinusoidals. The slope of the normal to a
function is given by the negative inverse of the derivative, which for the sinusoidals
is kn = −1/(Rmax cos(θ + δθ)). We can now see that the minimum absolute value
of the slope of the normal is: min |kn| = 1/Rmax, which implies that the 2D
Fourier transform of the sinogram will be essentially zero in the region for which
|ρ| < |τ |/Rmax (observe that τ is in radians−1). In other words, the spectral
support is an infinite bow tie extending in the radial frequency direction.

If we now consider a sinogram that has been convolved with a pre-sample point
spread function PSF (r, θ), then the infinite bow tie is multiplied with the modula-
tion transfer function MTF (ρ, τ) (Sec.4.2). The modulation transfer function will
at some point drop to essentially zero both in the radial frequency direction and in
the angular frequency direction, truncating the infinite bow tie. Figure 4.7 shows
the 2D MTFs from Figure 4.6 multiplied with an infinite bow tie corresponding to
an object with maximum radius Rmax =20 cm.

An example of the spectral support of an experimentally acquired sinogram for
two different lengths of the frame time is shown in Figure 4.8. The data comes
from a CT image of the high-resolution pattern on a CATPHAN 504 phantom.
The longer frame time is emulated by summing consecutive frames.
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Figure 4.7: The simulated 2D MTF in the sinogram for a) ∆θ = 0.4 degrees−1

and b) ∆θ = 0.2 degrees−1, with a mask indicating the region of essentially zero
content due to the spectral support of the sinogram data for an object with largest
radius 20 cm.
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Figure 4.8: An example of the bow tie-shaped spectral support of a measured
sinogram of the high-resolution pattern in a CATPHAN 504 phantom for a) short
frame time b) 10 times longer frame time emulated by summing consecutive frames
and c) a difference image emphasizing the sinc shape.

4.4 The Nyquist-Shannon sampling theorem

The Nyquist-Shannon sampling theorem describes the necessary sampling rate in
order to fully represent an analog signal with discrete samples [33]. The sampling
criteria says that sinusoidal signals must be sampled with a least two samples per
period, i.e. a signal with highest frequency fc must be sampled with a frequency
higher than 2fc.

If the sampling criteria is not fulfilled, the frequencies that cannot be resolved
will show up as other frequencies in the signal, so called aliasing. The frequency at
which a non-resolved signal with frequency f shows up is given by: fa = 2fN − f ,
where fa is the frequency alias and fN = fs/2 is referred to as the Nyquist frequency.
It is common to say that the frequency content above the Nyquist frequency folds
back into the spectrum below the Nyquist frequency. When analyzing the magni-
tude of the aliasing, one has to consider the ratio of the power (the square of the
amplitude) of the folded signal and the original signal2.

The Nyquist-Shannon sampling theorem only applies to functions that are zero
outside a certain cut-off frequency (fc), i.e. they are band-limited. In an x-ray
imaging situation, objects are not generally band-limited, but they can be effectively
so due to the blur of the detection process (finite focal spot size, object scatter,
detector scatter, etc.). Also, the signal generally contains statistical noise from
the Poisson distributed detection process of photons (white noise) and the cut-off
frequency can then be estimated by the highest frequency for which the amplitude
of the signal is larger than the amplitude of the noise.

There is often confusion regarding the nomenclature when it comes to sampling
and aliasing. Conventionally, the Nyquist frequency is defined as half the sampling
rate of a discrete signal processing system, and is also known as the folding fre-
quency. This is the frequency at which aliasing starts to occur for a given sampling

2It is in fact the complex Fourier coefficients that add, but the power captures the average
effect.
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frequency. This is not to be confused with the Nyquist rate, which generally is
defined as twice the band-width of a band-limited signal, i.e. the necessary sam-
pling rate not to get aliasing. To avoid confusion, we have only used the Nyquist
frequency throughout this work.

4.5 Oversampling in CT

In CT, there are two common oversampling techniques: quarter detector offset
(QDO) [34] and flying focal spot (FFS) [35]. The goal of oversampling is always to
increase the sampling rate, and with it, the Nyquist frequency, in order to reduce
the risk of aliasing.

In QDO, the detector array is offset with respect to the central ray by 1/4 of
a pixel width. As a result, the projections acquired after 180◦ are interleaved with
those acquired at 0◦ (for fanbeam geometry, the necessary rotation is 180◦ plus the
fan angle). For fan-beam geometry, the effect of QDO is somewhat limited since
the offset is not constant for all the pixels on the detector, but is slightly shifted
towards the edges. Also, for cone-beam and/or helical CT, the quarter detector
offset is not effective as an oversampling scheme since the projections measured
after 180◦ are no longer adjacent [36].

The flying focal spot (FFS) method is based on a shift of the focal spot with
respect to the source/detector system. In fan beam geometry, the shift of the focal
spot can be used to produce a shift of the acquired projections in the β direction by
∆β/2 (αFFS), where ∆β is the angular distance between the projections measured
by adjacent pixels. The method can also be used to obtain an oversampling in
the axial (z) direction (zFFS). Different from the QDO method, which relies on
oversampling after 180◦, the FFS method performs the oversampling locally, making
it suitable for both cone-beam and helical CT.

4.6 Angular oversampling with multi-layer detectors

Multi-layer x-ray detectors can be used to divide the count rate, obtain higher de-
tection efficiency and gain spectral capability [9, 14, 37]. One multi-layer technique
used in CT is the double-layer detector, in which two layers of scintillator mate-
rial are used to gain spectral information via the difference between the detected
x-ray spectra of the two layers (see Sec.3.3) [37]. Another proposed multi-layer
technique is the photon-counting edge-on detector, in which wafers of a low-Z de-
tector material, e.g. silicon, are arranged in an array with the edges of the wafers
pointing towards the source (see Sec.3.4) [9, 13]. The edge-on detectors generally
have read-out electrodes on a 2D grid, which function as layers when the detectors
are oriented with their edges pointing towards the source.

In Paper 4, a method for obtaining angular oversampling with multi-layer de-
tectors in continuous rotation CT is presented. By introducing temporal offsets
between the measurement periods of the different layers, the samples are shifted
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in the angular direction in the sinogram. The increased sampling rate moves up
the Nyquist frequency in the angular direction, thus lowering the risk of angular
aliasing. In the paper, the method is evaluated by simulation and shown to reduce
angular aliasing artifacts. Specifically, when imaging a single point blurred by a
2D Gaussian kernel, the method is shown to reduce the strength of the aliasing
artifacts by an order of magnitude.

The method is easy to implement in most multi-layer detectors since it is gener-
ally possible to read-out the detector elements in the different layers in parallel. If
the different layers are used to generate spectral separation (e.g. dual-layer) then
it is generally desirable to acquire the samples from the two different layers at the
same time so that the high- and low-energy measurements are from the same po-
sition. However, if the detector is used in a situation where angular aliasing can
occur, it might be preferable to remove the aliasing. For each image acquisition,
it is possible to choose whether to operate with, or without, the oversampling and
the operator could therefore choose to sacrifice some of the spectral capability to
obtain a higher sampling rate.

4.7 A note on sampling artifacts

Angular sampling artifacts stem from the imperfect overlapping of the strong pos-
itive parts of the convolved rays in the image reconstruction [38]. In other words,
angular sampling artifacts depend on the number of views used in the image re-
construction, whereas aliasing artifacts depend on the number of acquired views.
Angular sampling artifacts can be removed by, for example, interpolating the sino-
gram onto a finer grid prior to the image reconstruction [39]. View sampling arti-
facts have in some contexts been called “view aliasing artifacts”, which is erroneous
since interpolation cannot remove aliasing. In the appendix to Paper 4, there is a
demonstration showing how sampling artifacts look and that interpolation before
the reconstruction removes them.

4.8 Decimation of the sinogram in the view direction

In continuous rotation CT, the frame time determines the sampling frequency in
the angular direction and the MTF in the angular direction (via the sinc term in
Eq.4.3). It is therefore desirable to select the frame time such that the spatial
resolution is not limited and there is no aliasing. However, as mentioned earlier,
this is not always possible due to limitations on the speed of the electronics and/or
limits on the bandwidth of the data transfer.

Now, assume that we have a system for which there is a bottleneck in the data
readout chain. The system can, in other words, have a high sampling rate (short
frame time) at some inner location, but has to reduce the sampling rate before the
bottleneck. In signal analysis, this is referred to as a multi-rate system, and the
standard approach for performing the transition between the two sampling rates is



26 CHAPTER 4. TEMPORAL SAMPLING IN CONTINUOUS ROTATION CT

to first perform a low-pass filtration and then to downsample the signal; a process
referred to as decimation.

There are several benefits of performing a decimation step in the read-out chain
in a CT system: the high MTF related to the short internal frame time is main-
tained; aliasing can be prevented; and the data rate is reduced. In Paper 5, decima-
tion in the view (angular) direction is presented as a general scheme for compression
of sinogram data. It is shown that if the frame time is selected such that the spatial
resolution of the reconstructed image is not visibly compromised, it is possible to
perform a 2x decimation without loosing any of the signal.

If the frame time does not reduce the resolution of the image, then the cut-off
frequency in the angular direction (highest frequency of the input signal) must be
much lower than the Nyquist frequency, since the MTF at the Nyquist frequency
is only 0.63 due to the sinc term. At half the Nyquist frequency, the MTF is
0.9, which still reduces the resolution, but can be acceptable. Now, if the signal
only has content up to half the Nyquist frequency, then the number of samples are
twice as many as necessary to resolve the signal according to the Nyquist-Shannon
sampling criteria (Sec.4.4) and we should be able to remove every second sample
without introducing aliasing. Simply removing every second sample would increase
the noise, but by first performing a low-pass filtration (which prevents noise folding),
the downsampling can be performed without increasing the noise.

If the signal has content above half the Nyquist frequency, the decimation can
still be performed, but the filtration will now introduce an edge in the spectrum,
which will show up in the image as Gibbs ringing artifacts (over- and under-shooting
at sharp edges). This is known problem in magnetic resonance imaging (MRI) and
there are many methods for removing the ringing artifacts while maintaining as
much of the spatial resolution as possible.

The decimation step can be combined with other techniques, such as QDO and
FFS (see Sec. 4.5).

4.9 Decimation onto a hexagonal grid

A particularly interesting approach (which is not investigated in Paper 5) is to
first filter the signal and then downsample it onto a hexagonal grid. Sampling
on a hexagonal grid relaxes the angular sampling requirement with up to a factor
of two due to optimal tiling of replicated spectra in the 2D Fourier transform of
the sinogram [40]. The hexagonal sampling implies that the points from which
the spectra are folded also lie on a hexagonal grid, which interleaves the bow tie-
shaped spectral replicas, as demonstrated in Figure 4.9. Optimal sampling of the 2D
Radon transform was described already in 1981 by Rattey and Lindgren [40], and
was elaborated by Natterer et al. [41]. The benefit from hexagonal-like sampling
was later shown to apply also to fan-beam and helical CT [42].

If we take 2x decimation as an example, hexagonal sampling of the sinogram can
obtained by, for example, returning the odd angular samples for odd radial positions
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Figure 4.9: The nearest aliasing-free tiling of the bow tie shaped spectral support
corresponding to a) rectangular sampling and b) hexagonal sampling. On the axes,
we have the angular frequency (τ) and the radial frequency (ρ).

and the even angular samples for even radial positions. The obtained sample grid
(lattice) in the 2D Radon transform can be expressed by L = Whex k, k ∈ Z2 ,
where

Whex =
[
∆θ ∆θ/2
0 ∆r

]
,

∆r is the radial sampling interval and ∆θ is the angular sampling interval after the
downsampling. In the frequency domain, the spectra are replicated at positions
given by the reciprocal lattice

(
W−1

hex

)T
k, k ∈ Z2, where

(
W−1

hex

)T = 1
∆θ∆r

[
∆r −∆θ/2
0 ∆θ

]T
(4.4)

=
[
1/∆θ −1/2∆r

0 1/∆r

]T
=
[

1/∆θ 0
−1/2∆r 1/∆r

]
(4.5)

If the sampling is performed on a rectangular grid, the spectra are replicated at
positions given by

(
W−1

rect

)T
k, k ∈ Z2, where

(
W−1

rect

)T =
[
1/∆θ 0

0 1/∆r

]
(4.6)

Comparing Eq. 4.5 to 4.6, we see that the hexagonal sampling results in a shift
if the positions at which the spectra are replicated in the radial frequency direction
by 1/2∆r, which is exactly the optimal tiling shown in Figure 4.9.
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If the samples lie on a hexagonal grid, it is no longer necessary to place the cut-
off frequency of the low-pass filter at the Nyquist frequency of the down-sampled
signal (which otherwise is necessary for avoiding aliasing). This can be used when
the signal has content above the Nyquist frequency since the edge in the spectrum
(which causes the Gibbs ringing artifacts) can be avoided. It is however important
to understand that if the cut-off frequency of the filter is higher than the Nyquist
frequency of the downsamples signal, the noise will increase due to noise folding (the
noise does not have a bow tie shape and the folded noise will therefore overlap with
original signal). Increased noise is however preferred over aliasing artifacts in many
applications. A thorough analysis of the practical implementation of downsampling
onto a hexagonal grid is part of the future work on this topic.



Chapter 5

Conclusions and outlook

In this Thesis, a set of methods of image acquisition and calibration for x-ray
computed tomography are presented.

Papers 1 and 2 relate to the calibration of the energy thresholds on spectral
x-ray detectors. In Paper 1, the linear relations between the energy of the x-ray
photons and the settings of the energy thresholds are determined by simultaneous
fitting of simulated data to threshold scans acquired at multiple kVp settings. In
Paper 2, the relation between the thresholds on the same channel are determined by
sweeping the thresholds with respect to each other during x-ray illumination. Both
methods are applicable in a clinical imaging environment and can be performed
using the spectrum from a medical x-ray tube.

In Paper 3, a method for geometric calibration of edge-on detectors mounted in
a CT gantry is presented. The method determines the alignment of a single edge-
on detector wafer with respect to the direction of the x-rays and can be used to
evaluate the mounting of the detector and/or the position of the x-ray tube. The
output of the method can be used as input to a full geometric calibration using
techniques developed for flat-panel detectors.

The contributions in Papers 1-3 are a small part in the development of photon-
counting spectral x-ray detectors for medical CT. The introduction of the new
detector type will require much work in developing new methods for calibration,
data processing and image visualization. I believe that we have just begun to unfold
the potential of CT imaging with photon-counting spectral detectors.

The second topic of this work is “temporal sampling in continuous rotation
CT”, which has resulted in Papers 4 and 5. In Paper 4, a method for angular
oversampling by temporally offsetting the different layers on a multi-layer detector
is described. The temporal offsets reduce the risk for angular aliasing and can be
used whenever the number of acquired samples are insufficient for resolving the
object. In Paper 5, decimation in the view (angular) direction of the sinogram is
evaluated as a method for data compression. It is shown that if the frame time
is decreased until there is little improvement in the spatial resolution, then a 2x

29
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decimation can be performed without losing any of the signal.
Currently, we are investigating a third method related to temporal sampling in

continuous rotation CT. By introducing temporal offsets between adjacent pixels
in the detector array, a hexagonal sampling of the sinogram can be obtained. The
method is similar to decimation onto a hexagonal grid (see Sec. 4.9), but the
number of samples are not reduced in the process. Preliminary results say that a
relaxation of the angular sampling requirements by up to a factor of two are possible
with no extra effort than introducing a temporal shift of the acquired samples. The
results from this investigation will be presented at the 2017 SPIE Medical Imaging
conference.

The temporal sampling methods are tools for increasing the fidelity of the sam-
pled CT data and the areas of application are various. One topic of further research
is to identify concrete clinical imaging tasks that would benefit from relaxing the
angular sampling requirements, reducing the amount of produced data or reducing
the angular blur.
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