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Abstract

Early detection is vital to successfully treating breast cancer, and mam-
mography screening is the most efficient and wide-spread method to reach this
goal. Imaging low-contrast targets, while minimizing the radiation exposure
to a large population is, however, a major challenge. Optimizing the image
quality per unit radiation dose is therefore essential. In this thesis, two opti-
mization schemes with respect to x-ray photon energy have been investigated:
filtering the incident spectrum with refractive x-ray optics (spectral shaping),
and utilizing the transmitted spectrum with energy-resolved photon-counting
detectors (spectral imaging).

Two types of x-ray lenses were experimentally characterized, and modeled
using ray tracing, field propagation, and geometrical optics. Spectral shaping
reduced dose approximately 20% compared to an absorption-filtered reference
system with the same signal-to-noise ratio, scan time, and spatial resolution.
In addition, a focusing pre-object collimator based on the same type of op-
tics reduced divergence of the radiation and improved photon economy by
about 50%.

A photon-counting silicon detector was investigated in terms of energy
resolution and its feasibility for spectral imaging. Contrast-enhanced tumor
imaging with a system based on the detector was characterized and optimized
with a model that took anatomical noise into account. Improvement in an
ideal-observer detectability index by a factor of 2 to 8 over that obtained by
conventional absorption imaging was found for different levels of anatomical
noise and breast density. Increased conspicuity was confirmed by experiment.
Further, the model was extended to include imaging of unenhanced lesions.
Detectability of microcalcifications increased no more than a few percent,
whereas the ability to detect large tumors might improve on the order of
50% despite the low attenuation difference between glandular and cancerous
tissue. It is clear that inclusion of anatomical noise and imaging task in
spectral optimization may yield completely different results than an analysis
based solely on quantum noise.

Key words: mammography; x-ray optics; photon counting; spectral shaping;
spectral imaging; collimation; radiation dose; signal-to-noise ratio; quantum noise;
anatomical noise; spatial resolution; x-ray flux;
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Chapter 1

Introduction

1.1 Breast Cancer and Mammography Screening

Breast cancer is by far the most common form of cancer among women, and the
second most common cause of cancer death in Sweden, the European Union, and
the United States [1–3]. The lifetime risk of being diagnosed with breast cancer is
approximately 10%, and 3% of all women die from the disease.

Preventing breast cancer is difficult because the causes of the disease are largely
unknown. Detecting the cancer early, while it is still local and has not metastasized
is essential for successful treatment [4]. The only way to achieve early detection in
a large population today is with screening mammography. Survival rates among
breast cancer patients in western Europe, Australia, and the Americas have been
increasing since the beginning of the 1990s, at least in part as the result of wide-
spread screening programs. Positive effects of breast cancer screening were reported
already in the early 1970s [5], and have been reaffirmed by several studies since.
For instance, a randomized controlled trial measured a 50% reduction in mortality
among women participating in a Swedish mammography program [6].

Several difficulties are associated with imaging the breast, making mammogra-
phy one of the most technically demanding radiographic techniques [7]. Imaging of
relatively large, low-contrast tumors requires a high contrast-to-noise ratio, which
translates into a need for efficient scatter rejection, and low-noise image receptors.
Further, the variability of the anatomical background acts as nearly random noise,
which reduces detectability [8, 9]. On the other extreme is imaging small high-
contrast microcalcifications, one of the early signs of breast cancer, which puts
high demands on spatial resolution.

In addition, the radiation dose used in screening mammography must be tightly
constrained because of the large number of women exposed. No direct evidence
has established the oncogenicity of low-level ionizing radiation from medical x-
ray imaging, but a linear, non-threshold extrapolation from higher doses is widely
accepted [10, 11], i.e. cancer risk is proportional to radiation dose. For example, it
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2 CHAPTER 1. INTRODUCTION

has been estimated for the UK breast screening program that 1 case of breast cancer
is inducted for each 24 to 27 cases detected among women aged 44 to 49 years [12].
The ratio increases with age, and the benefit of mammography, at least for older
women, is unquestionable. Nevertheless, minimizing the dose is still essential.

Ultrasonography and magnetic resonance imaging (MRI) are superior to x-ray
mammography in some cases, e.g. to detect certain lobular invasive carcinomas and
to distinguish between solid and cystic lesions [4]. Ultrasonography is, however,
time-consuming and highly operator-dependent, whereas MRI is costly and usually
requires contrast-enhancement. Therefore, these techniques may be used mainly
for diagnostic mammography and as an adjunct to x-ray imaging for young women
at high risk of hereditary breast cancer and for women with dense breast tissue. X-
ray mammography is expected to continue to be the dominating screening modality
because of its relatively low complexity and high spatial resolution [13].

1.2 Digital Mammography

1.2.1 From film, over energy integration, to photon counting

Traditional screen-film mammography has superior spatial resolution, and, although
digital technology potentially performs better in terms of dose, contrast resolution,
and dynamic range, it was not until a large trial in 2005 had shown equal or better
clinical performance that digital mammography became widely accepted [14]. The
proportion of digital mammography units has since increased, and at the time of
this writing was 58% in the United States [15] and almost 90% in Scandinavia.

Digital radiography was initiated with computed radiography systems [7, 13, 16].
These systems are based on a cassette of storage phosphor instead of film, and
the recorded x-rays are readout post-exposure by a laser. Computed radiography
systems were investigated in the 1980s for mammography, but the spatial resolution
was not sufficient for routine clinical use, and not until flat-panel detectors were
introduced did digital mammography become feasible. Indirect flat panels have
an array of photodiodes that record the light from a cesium-iodide scintillator.
Although cesium iodide can be manufactured with a columnar structure to guide
the light, some spreading still remains and degrades resolution. Instead, direct flat
panel detectors have a photoconductor of amorphous selenium deposited on top of
an array of thin-film transistors, which record the charge that is released in the
selenium layer upon photon interaction. The diffusion of charge is less than the
spreading of light, so direct detectors provide higher resolution.

In the technologies mentioned above, the charge released at each photon con-
version is summed over the exposure time. Flat-panel detectors, for instance, have
storage capacitors at each pixel that accumulate the charge. Because the released
charge at photo absorption is proportional to photon energy, these detectors are
referred to as “energy integrating.” Obviously, high-energy photons are assigned a
higher weight, which is arbitrary, and any electronic noise present in the pixels is
integrated with the signal, which adds uncertainty. Photon-counting detectors, on
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the other hand, have electronics that are fast enough to count individual photons
as they are converted in the detector material. All photons are hence assigned
the same weight, and electronic noise can be eliminated by setting a threshold.
Moreover, by implementing several thresholds, the detectors can be made energy
sensitive.

Photon-counting detectors have been employed in nuclear medicine for decades,
but their introduction in x-ray imaging was delayed, mainly as a result of the higher
flux encountered. In fact, because of the relatively low count rates per pixel, the
first commercial photon-counting application was a mammography system, which
was introduced by Sectra Mamea AB in 2003. This system is based on silicon strip
detectors that are similar to those used for high-energy physics experiments [17–20]
and is described in some detail in the next section. Other photon-counting mam-
mography detectors with linear or area configurations and based on gas, silicon,
cadmium-zinc telluride (CZT), or gallium arsenide are being developed or inves-
tigated by commercial companies and research groups [21–27]. The advantages
of silicon include a high charge-collection efficiency and virtually no fluorescence
compared to high-Z solid-state detectors, as well as a high efficiency relative to gas
detectors. In addition, the ready availability of high-quality silicon crystals, and the
established methods for test and assembly should not be underestimated. The low
absorption efficiency of silicon is usually compensated for by arranging the silicon
wafers edge on [17, 22].

1.2.2 Photon-counting detectors in a multi-slit geometry

Much of the work in this thesis is based on the Sectra MicroDose Mammography
system. Briefly, the system consists of a tungsten-target x-ray tube with aluminum
filtration, a pre-collimator, and an image receptor, all mounted on a common arm
(Fig. 1.1, Left). The image receptor consists of several modules of silicon strip
detectors with corresponding slits in the pre-collimator (Fig. 1.1, Right), and the
Sectra system will henceforth be referred to as a multi-slit system. To acquire an
image, the arm is rotated around the center of the source so that the detector
modules and pre-collimator are scanned across the object. A detailed description
of the detector and readout electronics is found in Chapter 3.

1.2.3 Beam focusing with x-ray optics

Multi-slit systems have the advantage of efficient intrinsic scatter rejection [19,
28], but a relatively large amount of radiation is blocked before the object by
the pre-collimator. High tube loadings or longer acquisition times might follow,
and the available photons need to be used more efficiently. X-ray optics have
been suggested as one option to improve photon economy. As an alternative to
conventional grids or air gaps, capillary optics can be placed in bundles after the
object to reduce scattered radiation and to improve resolution [29]. The size of the
field is, however, limited by manufacturing constraints, and primary quanta are still
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Figure 1.1: Left: Photograph and schematic of the Sectra MicroDose Mammogra-
phy system [image courtesy Sectra Mamea AB]. Right: The image receptor and
electronics.

absorbed. Capillaries can also be used to gather radiation before the object [30],
but divergence of the radiation at the exit side distorts the resolution so that the
capillaries need to be combined with a diffracting crystal; the capillaries increase
the flux to the crystal and the limited acceptance angle of the crystal reduces the
divergence of the beam.

Another approach is to use an array of refractive x-ray lenses as a focusing pre-
object collimator that reduces the divergence of the beam [Paper II]. This technique
is referred to as beam focusing, and it is investigated in some detail in Chapter 2.
Refractive lenses can be expected to have a less-negative effect on the resolution
than capillary optics, and are convenient from a manufacturing point of view.

1.3 The X-Ray Energy Spectrum

Mammography generally refers to imaging in the lower part of the hard x-ray re-
gion. Figure 1.2 (Left) shows a typical incident spectrum (30 kVp tungsten anode
and 0.5 mm aluminum filtration [31, 32]). Here, x-ray interaction with matter is
dominated by the photoelectric effect and Compton scattering, as is illustrated in
Fig. 1.2 (Right) for adipose and glandular tissue [32, 33]. Absorption increases
rapidly at lower energies because of the photoelectric effect, which results in a
higher radiation dose to the patient and fewer photons that reach the detector.
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Figure 1.2: Left: Typical mammography spectra that are incident on, or have
passed (exiting) averaged-sized breasts of two different compositions. The exiting
spectra are normalized and do not show the attenuation relative the incident spec-
trum. Right: The photoelectric and Compton cross-sections for adipose (gray)
and glandular (black) tissue. The Compton cross-sections almost coincide.

Nevertheless, the photons that actually do get through the object have more con-
trast information as a result of larger attenuation differences and a relatively small
scattering component. Accordingly, for a certain object, there is an optimum in
incident photon energy to maximize contrast and to minimize quantum noise and
dose [34].

For a given incident x-ray spectrum, however, photons that hit the detector can
be wisely used by assigning a greater weight to the information-dense, low-energy
photons [35, 36]. Moreover, the two tissue types in Fig. 1.2 (Right) have different
proportions of photoelectric and Compton components (the photo-electric cross-
sections differ while the Compton cross-sections almost coincide), and it is evident
that the energy dependence of x-ray attenuation is material-specific [37, 38]. This
fact is also illustrated in Fig. 1.2 (Left) where the spectra through different breast
compositions differ, not only in intensity, but also in shape. Hence, the detected
energy spectrum can be used to extract information about the object composition.

We conclude that there are two components of spectral mammography as defined
here; (1) optimizing the incident energy spectrum, which is referred to as spectral
shaping, and (2) utilizing the information in photons that have already passed
through the object by energy-resolved detection, which is referred to as spectral
imaging.

1.3.1 Spectral shaping with x-ray optics

Spectral shaping is also known as energy filtering, and its positive effects were
observed already at the advent of medical x-ray imaging. It was noted that putting
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a thin material, such as a piece of leather, between the patient and the x-ray tube
reduced irritation of the patient’s skin [39]. Energy filtering has subsequently been
refined for mammography [40–42], but the technology has not changed greatly over
the years; absorption filtering is still the dominant method to filter out low-energy
photons, often in combination with a limited x-ray tube acceleration voltage to cut
off higher-energy photons. In some cases the material of the absorption filter is
chosen so as to have an absorption edge above the optimal energy to further reduce
the high-energy part of the spectrum. In principle, the spectrum can be made
arbitrarily narrow by heavy filtration, but only at the cost of a severe reduction in
flux.

To optimize the spectrum beyond the practical limit of absorption filtering,
several options have been proposed. Synchrotrons [43–45], and some other exotic x-
ray sources [46–49] are capable of producing nearly monochromatic beams. Authors
have reported promising results on dose efficiency, but the high complexity and cost
of such sources limit the feasibility for routine clinical x-ray imaging.

Instead, filtering applied to conventional x-ray tubes is desirable, but the rela-
tively low photon yield becomes a problem if a large part of the spectrum is removed.
Mosaic crystals with small imperfections in the structure have a higher reflectivity
than perfect crystals and yield a narrower spectrum than absorption filters, which
may be a suitable compromise for mammography [50, 51]. Spatial resolution in the
plane of diffraction is decreased, however, and the available flux is still lower than it
is in conventional mammography. The lower flux can be mitigated to some extent
by using polycapillary optics to gather the radiation into a quasi-parallel beam [30].
A second option along the same avenue is to use curved crystals, which are claimed
to have a larger acceptance angle, better energy resolution, and less effect on the
spatial resolution than mosaic crystals [52].

A different approach is to use refractive, chromatic x-ray lenses [53, Papers I,
III, IV]. These lenses are inserted inline and therefore do not change the imaging
geometry to the same extent as crystals do, and the line foci of the lenses are ideal
for coupling to the strip detectors of the multi-slit system. Results for spectral
shaping with x-ray lenses are summarized in Chapter 2.

1.3.2 Spectral imaging with a photon-counting detector

Spectral imaging in mammography has at least three potential benefits:

1. Energy weighting refers to optimizing the signal-to-quantum-noise ratio with
respect to its energy dependence; photons at energies with larger agent-to-
background contrast can be assigned a greater weight [35, 36].

2. Dual-energy subtraction refers to optimizing the signal-to-anatomical-noise
ratio by minimizing the background clutter contrast. The contrast between
any two materials (adipose and glandular tissue) can be eliminated in a
weighted subtraction of different-energy acquisitions, whereas all other mate-
rials (lesions) to some degree remain visible as a result of the different energy
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dependencies of the attenuation. This technique has been investigated for
imaging tumors [54–56] and microcalcifications [57–64]. In the case of tumors,
contrast agents can be used for enhancement because angiogenesis leads to in-
creased permeability [65]. If the agent material has an absorption edge in the
energy interval, the contrast in a subtracted image can be greatly improved
by the steep energy dependence of the attenuation [24, 66–69]. Compared
to temporal subtraction [67, 70, 71], dual-energy subtraction may yield lower
contrast and less-efficient background subtraction, but it is not as prone to
motion artifacts.

3. Energy weighting and dual-energy subtraction both aim to increase the ability
to detect lesions. A third possible benefit of spectral imaging, which is the
focus of much investigation in energy-resolved CT, is the ability to extract
information about the target material, e.g. differentiation or quantification
[37, 72, 73]. An example in mammography is to evaluate microcalcification
thickness [63].

One way of obtaining spectral information about the object is to use two or
more input spectra. For imaging with clinical x-ray sources, this approach often
translates into several exposures with different beam qualities (different acceleration
voltages, filtering, and anode materials) [58, 66, 67]. Results of the dual-spectra
approach are promising, but the examination may be lengthy, which leads to an
increased risk of motion blur and discomfort for the patient. This problem can be
solved by a simultaneous exposure with different beam qualities [69], or by using
an energy-sensitive sandwich detector [60, 61]. For all of the above approaches,
however, the effectiveness may be impaired by overlap in the spectra and by a
limited flexibility in choice of spectra and energy levels.

In recent years, photon-counting silicon detectors with high intrinsic energy reso-
lution, and, in principle, an unlimited number of energy levels (electronic spectrum-
splitting) have been introduced as another option [24, 68, Papers V, VI]. This
approach is discussed further in Chapter 3.

1.4 Outline of the Thesis and Connection to Previous Work

The original purpose of this thesis was to study spectral shaping in mammogra-
phy with two types of refractive x-ray lenses that were originally developed by
Björn Cederström [74]. Results from simulations of the lenses, and measurements
with x-ray tubes and synchrotron radiation are presented in Papers I and III and
are summarized in Chapter 2. Paper IV ties these two studies together with an
investigation of the potential dose-reduction for spectral shaping.

The idea was to couple the line foci of the one-dimensional x-ray lenses to
line-shaped silicon strip detectors, and, subsequently, the scope of the thesis was
extended to incorporate more of the detector part in the analysis. Much of the work
in this latter part of the thesis was done in collaboration with Sectra Mamea AB
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and the HighReX EU-project [75]. The photon-counting detectors were originally
developed by Mats Lundqvist [76], and were characterized in terms of implementa-
tion in a multi-slit geometry for full-field digital mammography by Magnus Åslund
[77].

A study of using x-ray lenses to improve photon economy in the multi-slit geom-
etry (beam focusing) is presented in Paper II and summarized in Chapter 2. Lens
simulations are compared to measurements. The last part of the thesis, Chapter 3,
presents a study of the photon-counting detectors for spectral imaging, which builds
on earlier work by Hans Bornefalk [78]. In Paper V, a detector model is developed
and benchmarked to measurements. Paper VI employs the model to investigate
the feasibility of contrast-enhanced spectral imaging with the system. Chapter 3
additionally presents a study on spectral imaging without contrast agent. These
results have not yet been published, and are indicated by an asterisk in the section
titles. A few smaller complements to the results in the papers have been added
throughout the thesis and are not indicated.

1.5 Author’s Contribution

The author is the primary and most often the sole contributor to the research results
presented in this thesis. It should, however, be recognized that the measurements
and simulations at several instances have depended on specific contributions by
others. The lenses used in Paper I were supplied by Carolina Ribbing and Björn
Cederström. In Paper II, Staffan Karlsson coordinated lens fabrication, and Peter
Nillius developed some of the ray-tracing algorithms. The synchrotron measure-
ments in Paper III were carried out by Björn Cederström, Peter Nillius, Staffan
Karlsson, and the Author. Mats Lundqvist contributed the simulated data for
charge sharing in Paper V. The silicon strip detector unit that was used in Pa-
per II, and for some of the measurements in Paper V was set up by Alexander
Chuntonov. Magnus Hemmendorff assisted with data readout from the detector
array in Papers V and VI. General contributions by several other people are listed
in the Acknowledgements.



Chapter 2

X-Ray Optics

2.1 Materials and Methods

2.1.1 Background

Refractive focusing of x rays is difficult because the refractive index is very close
to unity; a lens would need a cumbrously small radius of curvature, and diffractive
and grazing incidence optics were for long the sole alternatives [79, 80]. If the weak
refractive effect is divided over a large number of surfaces, however, refractive lenses
can be manufactured with reasonable curvatures even for hard x-rays. This was
first realized with the compound refractive lens (CRL), where the series of surfaces
ideally are parabolic [81, 82].

A modification of the CRL is the multi-prism lens (MPL), which consists of
two rows of prisms put on an angle in relation to the optical axis [74, 83, 84].
Hence, the MPL is built up of only flat surfaces, which simplifies manufacturing,
and in addition, the focal length is tunable by changing the angle between the
lens halves. Figure 2.1 illustrates that the projection of the two prism rows of the
MPL approximates a parabola with straight line segments. It is a planar lens and
therefore focuses radiation into a line focus.

The parabolic profiles of CRLs and MPLs lead to rapidly increasing absorption
towards the periphery of the lens, which limits the usable aperture, and hence the
efficiency. One way to increase lens transmission is to use Fresnel representations
with lens material corresponding to a phase shift of integer steps of 2π removed.
This strategy was first proposed and realized for parabolic lenses and CRLs [85–87].
These lenses do, however, suffer from a rapid decrease in feature size towards the
periphery, which sets a practical limit for the aperture, similar as for zone plates
at hard x-ray energies

A Fresnel version of the MPL avoids high aspect ratios and provides uniform
features throughout the lens, which simplifies manufacturing [88, 89]. In the prism-
array lens (PAL), each prism in the MPL is exchanged for a column of smaller prisms
as is illustrated in Fig. 2.1. The focal lengths are the same if the prism angle (θ) and

9
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Figure 2.1: The transition from MPL to PAL. Left: The MPL approximates a
parabolic profile by straight line segments. Right: In a PAL, each prism in the
MPL is exchanged for a column of smaller prisms, resulting in a shorter lens with
lower absorption.

the columnar displacement (d) of the two lenses are equal, and the base (b) of each
small prism corresponds to an integer number of 2π phase shifts. The projection of
the PAL approximates a Fresnel lens, superimposed on a linear profile, where the
latter constitutes a cost in absorption compared to an ideal Fresnel lens.

Considerations in choice of lens material are similar for MPLs and PALs. Some-
what simplified, low-Z materials, such as beryllium and lithium, are advantageous
from an absorption point of view [90, 91], silicon provides manufacturing conve-
nience [92, 93], and diamond is ideal for high-brilliance synchrotron applications
[92, 94]. For small-scale applications, which are considered in this work, polymers
constitute a suitable compromise between atomic number (Z ≈ 6), and availability
and handling convenience. Epoxy MPLs can be manufactured by molding or UV
embossing on silicon masters, which are in turn produced by anisotropic etching
so that the < 111 > lattice planes define the prism sides [90, 92, Paper II]. Fine
machining of PMMA and vinyl has also been pursued, but with a slightly poorer
result [53, 83].

The type of PAL considered in this thesis has only been manufactured by etch-
ing in silicon [88, Paper III]. Similar lenses have, however, been fabricated with
encouraging results in PMMA and SU-8 using deep x-ray lithography according
to the LIGA process (Lithographie, Galvanoformung, Abformtechnik) [95, 96]. In
summary, an intermediate mask is created by UV photolithography and electro-
plated with a metal. The intermediate mask is then, in a similar manner, used to
create a thicker working mask with soft x-ray lithography. The working mask is
finally employed for lithography in relatively thick substrates of PMMA or SU-8.
Aspect ratios in the order of 1:25 – 1:50 have been obtained with depths of several
hundreds of micrometers and surface roughness less than 50 nm in both materials.
SU-8, however, exhibits slightly better fabrication results and radiation resistance,
and is likely the preferable candidate for x-ray lenses.
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There are at least two different ways that an MPL or PAL can be employed
in the multi-slit geometry: (1) as an energy filter to optimize the x-ray spectrum,
and (2) as a focusing pre-object collimator that reduces the divergence of the beam
and increases utilization of the available x-rays compared to a slit collimator. A
decisive advantage of using planar refractive lenses in the multi-slit geometry is
that the one-dimensional focus matches the shape of the silicon strip detectors in
the multi-slit geometry.

2.1.2 Spectral shaping

MPL versus PAL

Lens properties with respect to spectral shaping with MPLs and PALs are discussed
in Papers I and III, respectively. The focal lengths of the lenses are

FMPL =
dgdt

δL
=

d tan θ

2δ
, (2.1)

F ref
PAL =

dh

δb
=

d tan θ

2δ
, and F diff

PAL =
dh

λ
, (2.2)

where dt, dg, and L are the tooth height, gap at the rear end, and length of
the MPL; h and b are the prism height and base of the PAL; d and θ are the
successive columnar displacement and prism angle for each lens; δ is the deviation
of the refractive index from unity and λ is the x-ray wave length. FMPL and F ref

PAL

were found by assuming parabolic projections of lens material [84, 88], and written
this way we see that they are equal if the two lenses have the same prism angles
and successive displacements. F ref

PAL has restricted validity, however, as diffractive
effects are not considered, and F diff

PAL was derived by assuming a series of blazed
phase gratings [Paper III]. At the design energy of the PAL, b corresponds to an
integer phase shift of 2π, and F diff = F ref , i.e. the blazing condition is fulfilled.
Away from the design energy, however, it is shown in Paper III that F diff dominates.
Because δ ∝ E−2 in the hard x-ray region, and λ ∝ E−1, both lenses are chromatic
with approximate focal lengths

FMPL ∝ E2 and FPAL ∝ E, (2.3)

where E is the photon energy. Hence, a slit placed in the image plane of a par-
ticular x-ray energy will transmit radiation of that energy, whereas other parts of
a polychromatic incident beam are out of focus and preferentially blocked. This
setup is outlined in Fig. 2.2 (Center), and we refer to it as a filter. Similar filters
have been investigated in the soft x-ray region with Fresnel zone plates [97, 98],
and in the hard x-ray region with MPLs [53].

Efficiency, and resolution properties of the filter depend on the transmission and
aperture of the lens. The transmission function (η) is a Gaussian for an MPL [84],
and exponentially decreasing towards the periphery for a PAL [88]. If rewritten
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Figure 2.2: Schematics of the filtering (Center) and the collimator (Right) geome-
tries for x-ray lenses. To the left is the standard slit geometry that is similar to the
one in Fig. 1.1. Note that none of the distances are to scale.

from the previous reports to facilitate comparison,

ηMPL(y) = exp
(
−y2 µ

2δF

)
and ηPAL(y) = exp

(
−|y|h

4
µ

2δF

)
, (2.4)

where µ is the linear attenuation coefficient of the lens material. We see that
ηPAL > ηMPL for |y| > h/4, which is always the case in practice. In fact, for
|y| < h, ηPAL = ηMPL, which is not seen in Eq. (2.4) because of the approximations
involved. The effective aperture (De) is the transmission function integrated over
the physical aperture, and can be interpreted as the width of a slit with the same
transmission as the lens. Hence, for infinitely large lenses, which is often a good
approximation,

[De]MPL =

√
π

2δF

µ
and [De]PAL =

4
h

2δF

µ
. (2.5)
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The transmission of lens is t = De/Dp. Together with the image distance, the
effective aperture determines the numerical aperture, which in turn determines the
wave-length-dependent diffraction-limited resolution of the lens. For all cases in
this thesis, however, we are source limited rather than diffraction limited, and this
issue is not considered further.

Assuming a Gaussian source, an infinitely large lens, and a slit width equal to
the image size, the gain as a function of energy for the MPL [84] and PAL [Paper III]
are

GMPL =
De

F

so

do
= 2.5× so

do

√
1
F

δ

µ
and

GPAL =
De

F

so

do
× 0.76 = 3.0× so

do

1
h

δ

µ
, (2.6)

where so is the source-to-lens distance and do is the source size. Hence,

GPAL

GMPL
= 0.86×

√
δ

µ

1
λ

1
γ

= 1.7×
√

δ3

µ

1
λ2

F

tan2 θ
, (2.7)

where γ = h/d ≥ 1. Since θ is likely limited by physical constraints, the most
realistic approach to optimize lens performance is to keep F and θ fixed, which
corresponds to the second expression in Eq. (2.7) and implies that d varies. We
recall that δ ∝ E−2ρ away from any absorption edges, µ ∝ E−3Z3.2ρ at low ener-
gies and negligible Compton scattering, and µ ∝ ρ at high energies and negligible
photo absorption [84]. Hence, GPAL/GMPL ∝ E−0.5Z−1.6ρ at low energies, and
GPAL/GMPL ∝ E−2ρ at high energies. The benefit of the PAL decreases monoton-
ically with energy. At low energies, the benefit is largest for light materials, but
at higher energies, the PAL is more advantageous for dense lens materials because
of the higher refractive index. These observations are confirmed by Fig. 2.3, which
plots GPAL/GMPL for some potential lens materials at mammography energies. In
this case, F = 200 and tan θ = 0.1, and the data range is for γ ≥ 1. For plastics, us-
ing a PAL is clearly worthwhile at mammography energies, whereas for lighter and
heavier materials, the extra effort compared to the MPL may be questioned. Mate-
rial and energy dependence of the gain (Eq. (2.6)) has been investigated previously
for MPLs [84] and PALs [88]. In general, it was found that low-Z materials are more
beneficial at low energies, in particular for the PAL. At higher energies the mater-
ial dependence vanishes for the MPL, and is reversed for the PAL. Also note that
other lens and material properties may need to be considered in an optimization,
for example, the lens length is minimized for dense materials, light materials may
be difficult to machine and handle, and radiation hardness is material dependent.

Under the same assumptions as the gain in Eq. (2.6), the energy resolution was
derived for the PAL filter in Paper III, and, with slight modifications, for the MPL
filter in a previous study [74];

[
∆E

E

]

MPL

=
1.7

GMPL
,

[
∆E

E

]

PAL

=
2.6

GPAL
⇒ ∆EMPL

∆EPAL
= 0.65× GPAL

GMPL
, (2.8)
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Figure 2.3: The benefit of the PAL in terms of gain for lithium, PMMA, and silicon
lenses in the mammography energy range for a fixed focal length and prism angle
(θ), which implies that the columnar displacement (d) varies.

where ∆E is the FWHM of the gain peak. Hence, we see that the MPL filter can
be expected to be superior to the PAL filter in terms of energy resolution at equal
gain because of the higher energy dependence of the focal length, but, again, the
asset of the PAL filter is the potentially higher gain according to Eq. (2.7) and
Fig. 2.3.

It should also be noted that the transmitted energy of the MPL filter is tunable
by changing the angle between the lens halves. This flexibility is sacrificed in the
PAL filter, which is designed for a particular x-ray energy. On the other hand,
the PAL is shorter, which may be advantageous in small-scale applications because
of the shorter setups involved. The length of the MPL can be reduced somewhat
by a successively decreasing prism height instead of tilted lens-halves [Paper II],
which is illustrated in Fig. 2.1. This modified lens is referred to as a compact MPL
(C-MPL), and is only slightly tunable. The lengths of the MPL, C-MPL, PAL, and
for comparison a parabolic lens, are

LMPL =
D2

p

Fδ
, LC-MPL ≈

D2
p

2Fδ
, LPAL =

Dph

Fδ
, and Lpara =

D2
p

2Fδ
, (2.9)

where Dp is the physical aperture. We note that the length of the MPL is twice
that of the C-MPL and the parabolic lens, and that the PAL is shorter than any
of the other lenses for all practical apertures.
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Figure 2.4: Left: The experimental setup that was used for lens measurements.
The lens is either an MPL or a PAL, and the detector is a 128-channel silicon strip
detector or a CZT spectrometer. The source size could be tuned with the angle of
the setup. Right: SEM image of the experimental PAL.

Focusing and filtering

A test bench for lenses according to Fig. 2.4 (Left) was assembled and used for
some of the measurements. The source was a tungsten-target x-ray tube with 10 –
60 kV acceleration voltage. A large range of horizontal source sizes were available,
and the size could be additionally tuned with the angle of the setup. The detector
was either a 128-channel silicon strip detector, which is described in some detail in
Chapter 3, or a CZT compound solid-state detector connected to a multi-channel
analyzer.

Paper I describes a geometrical model under the thin-lens approximation, and
a ray-tracing framework for the MPL. Further, an epoxy lens-half with an aperture
of 100 µm [92] was evaluated experimentally on the test bench with a 24 µm source.
Energy-resolved beam profiles were recorded with a scanned edge device and the
CZT detector. More details on the lens and setup are given in Table 2.1.

A preliminary study suggested that ray-tracing of a PAL filter differs substan-
tially from measurements and physical-optics calculations [99], and it seemed that
geometrical optics cannot be directly applied to find the energy resolution because
the focal length is not predicted correctly. Nevertheless, a geometrical model based
on the approximate expression for the focal length in Eq. (2.3) was developed in
Paper III and compared to a thorough field-propagation model. In addition, a
200-µm-aperture silicon PAL with a design energy of 23 keV was manufactured
and evaluated experimentally on the test bench with a similar procedure as for the
MPL. An image of the experimental PAL is shown in Fig. 2.4 (Right).

The PAL was manufactured with relatively steep prism angles, and the gain may
be reduced by phase errors caused by roughness on the large number of traversed
surfaces. Surface roughness has not yet been implemented in the field-propagation
model, but assuming uncorrelated Gaussian phase errors, an approximate expres-
sion for the reduction in peak intensity for the PAL can be derived in accordance
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with previous studies [100];

ηr(y) = exp

[
−

(
2π

δ

λ

)2∑
σ2

x

∣∣∣
y

]
, where

∑
σ2

x

∣∣∣
y
=

σ2
t

d

( y

tan2θ
+ Dp

)
. (2.10)

σx and σt are the roughness standard deviations of the individual surfaces in the
directions of the wave and tangential to the surface, respectively, and Dp is included
because it determines the number of support structures.

Implementation in a clinical setup

Paper I presents a model to compare an MPL-filtered system with an absorption
filtered reference system in terms of dose and signal-to-noise ratio, and with spatial
resolution, exposure time, and imaging geometry as constraints. In Paper IV, the
model is substantially improved, and extended to include also the PAL filter.

The geometries for comparison of lens- and absorption-filtering are outlined in
Fig. 2.2, and are referred to as the lens and reference geometries. A full system
consists of an array of either of these in a multi-slit assembly. Equal dimensions
were chosen for the two setups with a source-to-image distance (SID) of 750 mm.
A mammographic tungsten spectrum was assumed, and the reference system was
filtered with 0.5 mm aluminum. Transmitted spectra of epoxy MPL and PAL filters
were calculated using the geometrical models in Papers I and III. The prism angles
were kept fixed and equal to the experimental lenses in order to ensure manufac-
turing feasibility. A maximum lens length of 40 mm constrained the aperture for a
certain focal length.

A 50% glandularity breast with an embedded 300 µm calcification was assumed.
The optimal spectrum is fairly independent of lesion type, and the results should
be similar for masses [76, 101]. The spectral quantum efficiency (SQE) was used as
a figure of merit for the benefit of energy filtering [42];

SQE =
SDNR2

AGD
· AGDmono

SDNR2
mono

, (2.11)

where SDNR is the signal-difference-to-noise ratio, AGD is the average glandular
dose, and subscript mono indicates the ideal monochromatic case.

The resolution in the detector-strip direction is unaffected by the lens. In the
scan direction, however, the lens-filtered system has a modulation transfer function
(MTF) that is given by

T = Taperture × Timage × Tscan × Tadd. (2.12)

In this cascade, Taperture is the contribution by the lens aperture, which is the
Fourier transform of the lens transmission function, scaled by a factor COD/si,
where COD is the collimator-to-object distance, and si is the lens-to-collimator
distance. Timage is the MTF contribution from the image of the source, which
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is a sinc function if we assume a rectangular source, scaled by a factor si/so ×
(COD + si)/si, where so is the source-to-lens distance. Tscan and Tadd are the
contributions from the scan step, and from misaligned detector units, which are
both sinc functions, scaled by a factor (SCD + COD)/SID to compensate for the
fact that the detector is rotating around the source and not linearly scanned. The
resolution of the reference system is determined correspondingly by the source, the
slit, the scan step, and misaligned detector units [76].

2.1.3 Beam focusing

The second perceivable lens geometry is to replace the pre-object multi-slit colli-
mator with an array of lenses that reduces the divergence of the beam and hence
increases utilization of the available x-rays (Fig. 2.2). Beam focusing was evaluated
in Paper II with an epoxy C-MPL, consisting of two lens halves glued together for
a 140 µm aperture with optical fibers as spacers. 606 prisms with θ = 54.7◦ yielded
F = 180 mm at 18 keV. The test bench with a source size of 425 µm and the sil-
icon strip detector was used for experimental evaluation, and comparison to a slit
geometry with equal beam quality. Source-to-lens and source-to-image distances
were 507 and 640 mm, which is feasible for a clinical setup. Ray-tracing simulations
were compared to measurements and used to predict performance.

Flux and spatial resolution are coupled in a collimator geometry, and both
these parameters were measured in the comparison between lens and slit systems.
In addition, phantom images were acquired with the setup.

2.2 Results and Discussion

2.2.1 Spectral shaping

Focusing and filtering

Figure 2.5 (Left) shows the MPL-filtered spectrum at a peak energy of 20 keV along
with the unfiltered tungsten spectrum. These curves yield the intensity gain by
division, with the result shown in Fig. 2.5 (Right) together with model predictions.
Tunability was verified by altering the angle between the lens-halves to achieve
peak energies of 17, 20, and 23 keV. The measured gain over a 10 µm slit of 5.9 –
6.6 was in good agreement with the ray-tracing and geometrical models. Table 2.1
summarizes some of the parameters from the measurements and simulations for the
23 keV peak. The transmission of the lens was more than 50%, but the aperture
was fairly small, and the transmission would decrease for a larger-aperture lens.
The measured energy resolution was found to be approximately constant for the
three peaks.

The measured PAL-filtered tungsten spectrum with a peak energy of 23 keV is
shown to the left in Fig. 2.6 compared to the unfiltered spectrum, and the gain is
shown to the right together with model predictions. Several parameters from these
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Figure 2.5: Left: Measured MPL-filtered and unfiltered spectra. Right: Intensity
gain over a 10 µm slit for peak energies 17, 20, and 23 keV; measured, and predicted
by the ray-tracing and geometrical models.

measurements and simulations are summarized in the middle part of Table 2.1. We
see that the simple geometrical model agreed reasonably well with field-propagation
and can be used for fast calculations. Experimental data showed almost perfect
agreement with the field-propagation model in energy resolution and peak energy.
The measured gain over a 14 µm slit, however, was 29% lower than predicted, which
is attributable to a two times broader image.
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Figure 2.6: Left: Measured PAL-filtered and unfiltered spectra. Right: Measured
intensity gain over a 14 µm slit compared to the field-propagation and geometrical
models.

Results from the synchrotron measurements are summarized in the bottom part
of Table 2.1. These measurements revealed that the broader image and reduced gain
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Table 2.1: Parameters of the experimental lenses in bremsstrahlung and syn-
chrotron setups at the peak energy (Ep). Simulations refer to ray tracing for
the MPL and field propagation for the PAL. The gain (G) was calculated over
10 an 14 µm slits for the MPL and PAL respectively. Values of the focal length
(F ), source-to-lens and lens-to-image distances (so and si), physical aperture and
transmission (Dp and t), source and image sizes (do and di), and energy resolution
(∆E/Ep) are given. The effective aperture is De = Dp × t.

F Ep so/si Dp t G do/di ∆E/
[mm] [keV] [mm] [µm] [µm] Ep

Epoxy MPL, bremsstrahlung source

measured - 23.0 755/314 - 0.50 6.2 24/11 0.15
simulated 219 23.0 755/314 53 0.57 6.0 24/9.3 0.17

Silicon PAL, bremsstrahlung source

measured - 23.0 585/296 194 - 4.6 25/18 0.29
simulated 178 23.5 585/296 0.35 6.5 25/8.9 0.29

Silicon PAL, synchrotron source

measured - 23.0 40×/225 194 - 2.1 270/14 -
simulated 178 23.0 103 185 0.33 2.6 6.8 -

was caused mainly by radiation from the peripheral part of the aperture (Fig. 2.7,
Right), which is expected for phase distortions due to surface roughness according
to Eq. (2.10). The deviation from model predictions of the measured peak intensity
in the focal spot was 40% (Fig. 2.7, Left), which would correspond to σt = 350 nm.
We did not measure the surface roughness of the lens, but this figure is almost a
factor of five higher than expected in the horizontal direction for an optimized etch
process according to the lens manufacturer. Vertical roughness caused by the cyclic
etch process can, however, be substantially larger, and even a very slight tilt of the
lens would add to the phase error. Systematic over or under etch is also likely to
have caused part of the deviation. A more thorough investigation of random and
systematic phase errors, which was not regarded necessary for this particular study,
would be to measure and include the deviations in the field-propagation model.

The experimental MPL and PAL cannot be directly compared because the PAL
was made from a heavier material, and the measurement setup was shorter, which
reduced the gain. Silicon was chosen as lens material because of readily avail-
able manufacturing methods and good-enough transmission for a proof-of-principle
study, but as was noted above, an optimized lens is preferably manufactured in a
polymer. On the other hand, the complexity of the PAL is higher than for the
MPL, and it is likely that it will suffer more from manufacturing imperfections also
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Figure 2.7: The synchrotron setup; measurements and simulations by the field-
propagation model. Left: The measured intensity distribution in the focal plane
is shown on top, with the focal line at the depth corresponding to the maximum
intensity below. Right: The focal line width and the peak intensity gain over
14 µm as a function of an increasing collimator slit.

in the practical case. We can conclude that there is room for much improvement of
the PAL by an optimized manufacturing process or a lens design with larger prism
angles, whereas the experimental MPL was close to optimal.

Implementation in a clinical setup

Figure 2.8 (Left) shows typical spectra for the lens and reference systems at match-
ing scan times. The SQE as a function of breast thickness is plotted in Fig. 2.8 and
summarized in Table 2.2 for the lens systems with 25 and 100 µm sources, and for
the reference system.

The MPL filter with focal length, peak energy, acceleration voltage, and aper-
ture tuned to maximize the SQE for each breast thickness and source size reduced
the dose compared to the reference system 13 – 16% at matching scan times and
an improved spatial resolution. Despite differences in the models, this result from
Paper IV is in good agreement with Paper I, where a dose reduction of 14% was
predicted. The improved spatial resolution of the MPL-filtered system is not nec-
essarily desirable because the reference system may already be good enough, but
it is not possible to trade resolution for SQE or flux because the aperture of the
MPL is limited, and the larger source size had almost no effect on resolution. The
PAL filter allows for larger apertures and both scan time and resolution could be
matched to the reference system, resulting in a dose reduction of 20 – 24%, which
was only ∼ 20% higher than for the monochromatic case.

Also shown in Fig. 2.8 (Right) is the SQE for a fixed filter that was optimized
at 50 mm breast thickness, and tuned only with the acceleration voltage. The
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Figure 2.8: Left: Typical lens- and absorption-filtered spectra at matching scan
times. Right: Spectral quantum efficiency (SQE) for the MPL (circles), PAL
(squares), and reference (solid line) geometries. The lens filters with all parameters
tuned in each point is shown for 25 and 100 µm sources (dashed line and no line),
and the fixed filters that were optimized at 50 mm are shown for the 25 µm source
(dotted line).

Table 2.2: Comparison of lens and reference systems in terms of spectral quantum
efficiency (SQE) for breast thicknesses 30 – 70 mm. Dose reduction and scan time
are relative the reference system. MTF0.5 is the spatial frequency at an MTF of
0.5.

SQE dose red. scan MTF0.5 source
[%] time [mm−1] [µm]

MPL: 0.79 – 0.74 13 – 16 matched 6.3 – 6.6 25
0.76 – 0.69 9 – 11 6.9 – 6.7 100

PAL: 0.86 – 0.82 20 – 24 matched matched 25
0.78 – 0.72 12 – 15 100

Abs.: 0.68 – 0.62 - - 5.5 450

performance is only slightly degraded away from the optimum if the filter cannot
be changed or tuned in practice. The benefit compared to the reference system
decreased markedly when going to a larger source size, and it is evident that a
thin line-shaped source is more or less required. It was concluded in Paper I, in
accordance with others [102], that bright-enough micro-focal sources may already
be feasible for medical imaging, and much development can be expected in this field
[103]. The issue does, however, need further attention.
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Figure 2.9: Images acquired with the MPL beam-focusing geometry (top), and
the slit setup (bottom). Left: A bar-pattern phantom in the focusing (vertical
lines), and nonfocusing direction (horizontal lines), at equal flux. Right: A 3 mm
diameter low-contrast tumor in a tissue-equivalent phantom. The signal-to-noise
ratios with the two setups are almost identical.

2.2.2 Beam focusing

The gain of flux of the MPL setup compared to a slit collimator at the same dose
and better or equal MTF was measured to 1.32. Note that this gain is integrated
over all energies and cannot be directly compared to the energy-dependent gain in
the filtering setup. The gain in resolution was measured to ∼ 1.4 at a similar flux.
The latter is illustrated in Fig. 2.9 (Left), which shows images of a bar-pattern
phantom acquired with the MPL and slit setups. The limiting resolution of the
MPL setup appears to be at least 3 mm−1 higher in the focusing direction, whereas
it is unaffected in the other direction. Figure 2.9 (Right) shows images of a 3 mm
diameter artificial tumor in a 45 mm thick breast phantom for the MPL and slit
setups at the same dose. The signal-to-noise ratios in these images are almost
identical, which shows that there is no reduction in low-contrast performance due
to e.g. scattering in the lens.

Figure 2.10 shows results from measurements and ray tracing, and summarizes
several of the main conclusions of Paper II. A gain of flux is represented by a
horizontal distance between the slit-collimator line and the MPL-collimator line. An
optimized lens with no gap between the lens halves (diamond at (0,0) in Fig. 2.10)
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Figure 2.10: Spatial frequency at an MTF of 0.5 (MTF0.5) versus flux. This figure
visualizes measurements (M) and ray-tracing (RT) results for the experimental
setup (ES). In addition, ray-tracing results for a clinical setup (CS) are shown for
adjustments in gap between the lens halves and focal length, and for a misaligned
lens. Refer to Paper II for more details about this figure.

would yield a gain of flux of 1.67, or a gain in resolution of ∼ 1.5 in a clinical
setup. A misaligned lens reduced the transmission approximately 10% at a 0.1◦
displacement (standing triangle at 0.10◦), which was not considered to be severe,
and, in addition, the MTF was slightly improved. The flux-resolution relationship
could be altered with the gap between the lens halves, but that reduced the overall
efficiency of the collimator (diamonds and lying triangles).





Chapter 3

Spectral Imaging

3.1 Materials and Methods

3.1.1 Background

Phantom studies [24, 67–69] and clinical trials [66] have proven contrast-enhanced
spectral imaging to be a promising approach for enhanced tumor detectability.
Papers V and VI advance the technique further for the photon-counting detector
in the multi-slit geometry.

Injection of contrast agent is probably not motivated for regular screening, and
contrast-enhanced spectral imaging is expected to be an alternative mainly for
diagnostic mammography at recalls. Enhancement of lesions without iodine uptake
would be useful, since, in the case of electronic spectrum splitting, it comes as a
bonus on top of the conventional image with no additional dose to the patient.
Spectral imaging could potentially increase detectability of obscured lesions, and
discriminate between solid and cystic lesions already in the screening image, for
instance. Therefore, the framework presented in Paper VI was extended to include
also imaging of tumors and microcalcifications without contrast agent, henceforth
referred to as unenhanced imaging. Previous studies in this field have focused
mainly on calcifications, predominantly with encouraging results [57–63], although
some are more moderate [64]. The main difficulty appears to be that amplified
quantum noise in the subtracted image may reduce detectability of small details.
For tumor imaging, a few clinical investigations have been presented [54, 55]. There
are also phantom studies that indicate feasibility for soft tissue imaging [24, 56], but
the minimal attenuation difference between glandular and tumorous tissue, which
is likely the main challenge [104], does not seem to be addressed.

3.1.2 Detector energy resolution

The detector that was used for measurements and simulations of spectral imaging
is a prototype photon-counting detector, developed within the HighReX project

25
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and mounted on a Sectra MicroDose Mammography unit. Paper V provides an
investigation of the detector energy response, which is a prerequisite to accurately
model spectral imaging.

Figure 1.1 (Right) shows a schematic of the detector. A bias voltage is applied
over the detector material, so that when a photon interacts, charge is released
and drifts as electron-hole pairs towards the anode and cathode respectively. Each
strip is wire bonded to a preamplifier and shaper, which are fast enough to allow
for single photon-counting. The preamplifier and shaper collect the charge and
convert it to a pulse with a height that is proportional to the charge and thus
to the energy of the impinging photon. Pulses below a few keV are regarded as
noise and are rejected by a low-energy threshold in a discriminator. All remaining
pulses are sorted into two energy bins by an additional high-energy threshold, and
registered by two counters. A preamplifier, shaper, and discriminator with counters
are referred to as a channel, and all channels are implemented in an application
specific integrated circuit (ASIC). Anti-coincidence (AC) logic in the ASIC detects
double counting from charge sharing by a simultaneous detection in two adjacent
channels, and the event is registered only once in the high-energy bin of the channel
with the largest signal. Spatial resolution and image noise is thus improved, but
all energy information of charge-shared photons is lost.

Measurements, simulations, and published data were used as input parameters
to a cascaded detector model, which was validated by comparison to threshold
scans (integral pulse-height spectra) over several input spectra. Using the model,
the energy response of the detector assembly could be assessed on a system level
without monochromatic radiation, and the impact of various detector parameters
could be estimated.

3.1.3 Contrast-enhanced spectral imaging

Paper VI presents a framework to characterize the performance of the multi-slit
system for spectral mammography. For task-specific system performance, we can
define an ideal-observer detectability index [105]

d′2 = 2π

∫

Ny

GNEQ(ω)× C2 × F 2(ω)× ω dω, (3.1)

where C = ∆s/I is the target-to-background contrast in the image for signal dif-
ference ∆s and mean image signal per unit area I, F is the signal template, which
integrates to the area of the target for unit contrast, ω is the spatial frequency in the
radial direction, and the integral is taken over the Nyqvist region. For simplicity,
all parameters are assumed rotationally symmetric. GNEQ is the generalized noise-
equivalent number of quanta that includes detector and anatomical noise according
to Richard and Siewerdsen [105, 106]. It is a reasonable extension of the standard
NEQ that measures the detector noise performance [107], because the dominant
source of distraction for many imaging tasks in mammography is the variability of
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the anatomical background, which is referred to as anatomical or structured noise
[8, 9]. For a quantum-limited system,

GNEQ(ω) =
I
2
T 2(ω)

SQ(ω) + SA(ω)
, (3.2)

where T is the modulation transfer function (MTF) of the system, and SQ and SA

are the power spectra (NPS) of quantum and anatomical noise respectively.
Two spectral optimization schemes that appear in the literature are energy

weighting and dual-energy subtraction. Somewhat simplified, energy weighting
ignores SA and maximizes C2/SQ, whereas dual-energy subtraction instead mini-
mizes SA. SA and SQ can be expected to have completely different frequency dis-
tributions, and depending on the particular F , these two extremes are often good
approximations. Paper VI, however, considers a general optimization of Eq. (3.1).

If the low- and high-energy images are normalized with the expected number of
counts from mean breast tissue, a combined image with zero mean can be formed
according to

I(x, y) = w
nlo(x, y)

nlo
+

nhi(x, y)
nhi

−(w+1) ≈ w ln
[
nlo(x, y)

nlo

]
+ln

[
nhi(x, y)

nhi

]
, (3.3)

where w is a weight factor, and nhi and nlo are the high- and low-energy images.
The logarithmic approximation is valid for n ≈ n, i.e. small signal differences. It is
the usual expression for dual-energy subtraction, which is more suitable than the
linear combination for reducing contrast between two materials because signals in
I are proportional to target thickness. To estimate d′, however, the linear com-
bination was used so that signals in I are proportional to the number of quanta.
Normalization with the expected number of counts in Eq. (3.3) is a detour to con-
vey the derivations. A consequence is that Eq. (3.2) does not make sense because
I = 0, but the product GNEQ×C2 is still valid, and the detectability index is not
affected. In the practical case, a combination of the non-normalized images is more
handy; i.e. I ′ = w′nlo + nhi, where w′ = ζhi/ζlow (or the logarithmic counterpart
with w′ = w). A conventional non-energy-resolved absorption image is found for
I ′(w′ = 1), and the GNEQ without anatomical noise reduces to the standard NEQ.

The agent-to-background signal difference in the combined image is

∆s = |I − I(dc)| ≈ dc|w∆µcb,lo + ∆µcb,hi|, (3.4)

where dc is the integrated thickness of contrast agent, and ∆µcb,Ω ≡ µc,Ω − µb,Ω is
the difference in effective linear attenuation between the contrast agent and mean
breast tissue for Ω ∈ {lo, hi}, i.e. ∆µcb,Ω ≡ µc,Ω − µb,Ω. The approximation in
Eq. (3.4) is valid for ∆µcb,Ω ¿ 1. Further, if we assume no correlation between the
energy bins, the quantum noise is

SQ(ω) =
∑

Ω

[
∂I

∂nΩ

]2

nΩ

× SQΩ(ω) ≈ 1
q0

[
w2

ζlo
+

1
ζhi

]
, (3.5)
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where the approximation is for spatially uncorrelated noise. This result is in accor-
dance with previous studies [105]. Anatomical noise in breast tissue has a relatively
small deterministic component, and can be well described by an inverse power func-
tion [8]; SAg(ω) = α(g)ω−β . For the assumption that the shape of the NPS (i.e. β)
is independent of x-ray imaging and image combination, except through filtering
with the MTF, the anatomical noise in the image is

SA(ω) ≈
〈[

dI

dg

]2
〉

SAg(ω)T 2(ω) ≈ d2
b[w∆µag,lo + ∆µag,hi]

2SAg(ω)T 2(ω), (3.6)

where g(x, y) is the glandular fraction in the breast, db is the breast thickness, and
∆µag,Ω is the difference in effective linear attenuation between adipose and glan-
dular tissue. The first approximation of Eq. (3.6) is for piecewise linearity of I(g),
whereas the second one assumes linearity across the range of glandularities and
∆µag,Ω ¿ 1. We note that SA is independent of dose, as opposed to SQ. Increasing
the dose therefore does not improve the GNEQ if anatomical noise dominates, con-
trary to the standard NEQ. Maximization of ∆s2/SQ and 1/SA yields the optima
for energy weighting and dual-energy subtraction, respectively;

w∗s2/SQ
= ζlo∆µbc,lo/ζhi∆µbc,hi, and w∗1/SA

= −∆µag,hi/∆µag,lo. (3.7)

We note that the same weight factors have been reported previously for energy
weighting [76], and dual-energy subtraction [78].

Paper VI presents a theoretical model of the spectral imaging system, based
mainly on the detector model from Paper V and the derivations above. Several
parts of the model were benchmarked to measurements on a phantom with oil-
PMMA simulated anatomical clutter and 1 – 9 mm deep containers with 5.7 mg/ml
iodinated contrast agent. This relatively high concentration was used to avoid
measurement uncertainties when comparing to the model. Images with 3 mg/ml
iodine, which is a clinically feasible concentration for tumor uptake [108], were
acquired for comparison. Eq. (3.1) was used as a figure of merit for optimization
and for comparison to conventional absorption imaging.

3.1.4 * Unenhanced spectral imaging

The framework and model in Paper VI were extended for unenhanced imaging of
tumors and microcalcifications. A prerequisite was that the spectral image should
come as a bonus on top of an optimal absorption image, which limited the choice
of incident spectra and dose range. On the other hand, since there is no K-edge
in unenhanced imaging, the choice of split energy is free and can be chosen to
minimize quantum noise. In addition, the sensitivity to a limited energy resolution
can be expected to be lower because of no discontinuities in the spectrum.

No measurements were available, and images with anatomical noise were instead
synthesized. The purpose of the images was twofold; to measure the noise in com-
bined images for verification of Eqs. (3.5) and (3.6), and to visualize the result of



3.1. MATERIALS AND METHODS 29

image combination. A tungsten target x-ray tube with 0.5 mm aluminum filtration
and 30 kVp acceleration voltage was assumed if not otherwise stated. The object
was a 50 mm breast with 5 mm skin thickness and embedded lesions. It was imaged
at a dose of 1 mGy, and quantum noise was added with a fraction double-counted
photons calculated by the detector model. Glandular structure was generated using
the clustered lumpy background technique [109]. The structure was chosen to range
over all glandularities with a 50% glandularity mean. Published x-ray spectra [31],
x-ray attenuation coefficients [32], and dose coefficients [33] were used as input.
Tumor x-ray attenuation was gathered from Johns and Yaffe [104], and calcium
phosphate (Ca3P2O8) microcalcifications were assumed. Relatively large tumors of
20 mm diameter or more were assumed, which includes approximately 30% of all
missed breast cancers [110].

System characterization

Two 1536×1536 pixel images (corresponding to ∼ 80×80 mm2) were generated with
respectively pure anatomical and pure quantum noise. The NPS was measured in
absorption and combined images as a radial average in a similar way as described
in Paper VI for the experimental phantom. A linear combination according to
Eq. (3.3) was used for image combination.

SA in the absorption image was fitted to the measured NPS in a region that
was unaffected by window artifacts. The anatomical noise in combined images was
then calculated using Eq. (3.6) and assuming a flat distribution of glandularities,
although this likely overestimated the noise.

Quantum noise was calculated according to

SQΩ(u) = nΩ
1 + χΩ[1 + 2 cos(2πu/p)]

1 + χΩ
, (3.8)

where χ is the fraction double-counted events, p is the pixel size, and u is the
spatial frequency in the detector direction [Paper V]. In the scan direction (spatial
frequency v), SQ(v) was assumed flat because readouts are uncorrelated. SQ(ω)
in the absorption image was found as the radial average along the u = v line, and
SQ(ω) in combined images was calculated with Eq. (3.5). The latter is minimized
for a bin count fraction

ξlo = 1− ξhi =
|w|

1 + |w| , (3.9)

which could determine a suitable split energy. If not otherwise stated, a count
fraction close to 0.5 was, however, chosen in order to reduce complexity of the
optimization.

As in Paper VI, the MTF was assumed equal in both energy bins, although
double counting degraded the resolution somewhat in the high-energy bin, which
generally affects the GNEQ [111]. In addition, the MTF was assumed radially sym-
metric in the calculations with T (ω) equal to the mean of the axial MTFs, although
this scheme does not in general represent the two-dimensional MTF correctly [112].
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These simplifications were regarded justified because the difference in MTF between
the bins was small, and the major differences between optimally combined images
and conventional absorption images are in the region where anatomical noise dom-
inates, i.e. at low spatial frequencies where T (ω) ≈ Tlo(ω) ≈ Thi(ω) ≈ T (0) = 1.

For tumors, a Fourier transform of the designer nodule function with v = 1.5
was used as signal template [8, Paper VI], and microcalcifications were assumed
spherical. The signal difference was calculated according to Eq. (3.4), and the
detectability index could be found from Eq. (3.1).

Images for visualization

For visualization of the optimal image combination, images with both quantum
and anatomical noise were generated, and tumors with a profile according to the
designer nodule function were inserted. Additional lumps of pure glandular tissue,
with the same profile and attenuation as the tumors, simulated cysts. The images
were filtered with the MTF.

Instead of the linear image combination that was used for system characteriza-
tion, a polynomial-weighted logarithmic subtraction was introduced to gain better
background subtraction than with a constant weight factor, i.e. w = w(nlo, nhi)
in Eq. (3.3). The polynomial was trimmed to minimize the variance of a phantom
with seven levels of glandularity. A second degree polynomial was found to provide
a good-enough minimization. It can be noted that similar nonlinear techniques
are employed for material-basis decomposition [38, 57]. More efficient optimization
schemes could be conceived, e.g. maximization of C2/SA.

Simulated images were low-pass filtered to reduce quantum noise. Equal filters
were applied to both bins prior to forming the combined image, which is reasonable
if the bin count fraction is close to 50%. More advanced filtering methods have
been shown to improve detectability considerably [57, 111], and also to influence
the optimization because unequal filtering of the bins does not cancel in the GNEQ.

3.2 Results and Discussion

3.2.1 Detector energy resolution

Scans of the high-energy threshold over several different spectra are shown in
Fig. 3.1 (Left) together with the fitted model. Overlaid on the plot is the relation-
ship between threshold level and photon energy, which is nonlinear. The energy
resolution of the experimental detector was found to be ∆E/E = 0.12 – 0.26 in
the relevant energy range, as is illustrated in Fig. 3.1 (Right). The major factors
contributing to the width of the response function were electronic noise, followed
by charge sharing, and a channel-to-channel threshold spread that was boosted by
the nonlinear relationship between threshold and energy. Additionally, a relatively
large constant background of charge-shared photons detected by the AC logic was
added to the high-energy bin. The shaper dead time and AC time window were
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Figure 3.1: Left: Scans of the high-energy threshold over 20 – 40 kVp spectra.
The high-energy threshold level as a function of energy is shown as a dashed line.
Right: Energy response to monochromatic delta peaks, and the energy resolution
(∆E/E) for the experimental detector, and for an improved detector.

both less than 200 ns, and pile-up and chance coincidence were found to be of minor
importance at mammography count-rates. Fluorescence and scattering effects in
the silicon were estimated to be negligible.

Figure 3.1 (Right) also shows the energy resolution of an improved detector
with high AC efficiency and low threshold spread and electronic noise. Relatively
large improvements of the energy resolution are within reach. Minimization of the
electronic noise is highly important to reduce the peak broadening. The trimming
point should be chosen close to the point of operation of the threshold, and vari-
ations between channels should be kept at a minimum in order to minimize the
threshold spread. This is primarily important for the high-energy threshold, which
is meant to operate in high-intensity parts of the spectrum. An improvement in
shaper and discriminator linearity at higher energies is also desirable to reduce the
effects of threshold spread and limited bit depth. Finally, the AC scheme can be
improved by keeping the energy resolution of detected events, or by recording them
in a separate bin.

3.2.2 Contrast-enhanced spectral imaging

Detectability index as a function of weight factor is plotted in Fig. 3.2. Note that
positive weight factors are normalized so that a conventional absorption image is
located at w′ = ζhi/ζlow = 1, which is the reason for the dent at w = w′ = 0. It is
clear that in this case, with a substantial amount of anatomical noise and a target
contrast that is very different from breast tissue, the optimal image combination
is minimization of SA, which corresponds to the dual-energy subtraction scheme.
For imaging of iodine, the optimal weight factor predicted by Eq. (3.7) for energy
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weighting was less than unity because of higher target attenuation in the high-
energy bin. The predicted weight factor missed the local maximum for energy
weighting, which is due to inclusion of anatomical noise, but the improvement over
absorption imaging even at the maximum was only in the order of 1%. The global
minimum corresponds to minimization of the iodine contrast.
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Figure 3.2: Detectability index (d′) as a function of weight factor for the phantom.
Positive weight factors are normalized so that a conventional absorption image is
located at w′ = 1.

Figure 3.3 shows images of the phantom, acquired with a dose that corresponds
to an AGD of 0.94 mGy. On the top row is an image of the contrast phantom
without clutter, which shows the locations of the iodine containers. The subsequent
two rows are images for iodine concentrations of 6 and 3 mg/ml. To the left are
non-energy-resolved absorption images of the phantom with clutter that hid the
containers. The right-hand images are optimally combined according to Fig. 3.2,
which efficiently removed the clutter. At least eight 5.7 mg/ml containers (down to
2 mm, i.e. an area concentration of 1.1 mg/cm2) were visible. The contrast-to-noise
ratio in the 3 mg/ml image was substantially lower, but five to seven containers
were still distinguishable.

A logarithmic plot of the quantum and anatomical NPS in the absorption and
optimally combined images is shown in Fig. 3.4. In the absorption image, anatom-
ical noise clearly dominated at low spatial frequencies, but was reduced almost six
orders of magnitude in the combined image for a similar quantum noise. Target
contrast was, however, also reduced in the combined image. This is further illus-
trated in Fig. 3.5, which shows the different parts of Eq. (3.1); GNEQ multiplied
with the contrast squared (GNEQ×C2), and the task function squared multiplied
with the spatial frequency (F 2 × ω). The combination of these two plots gives an
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Figure 3.3: Images of the phantom at an AGD of 0.94 mGy. Top: Absorption image
without clutter. Center: 6 mg/ml iodine: Absorption image with clutter (Left),
and optimally combined image with the clutter removed (Right). Bottom: Ditto
for 3 mg/ml iodine.
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Figure 3.4: Logarithmic plot of quantum and anatomical NPS (SQ(ω) and SA(ω))
for absorption and combined images of the phantom. Crosses indicate measure-
ments directly in the phantom images, and lines show fits to measurements or
model predictions.

indication of the detectability index for absorption and combined images. It is evi-
dent that GNEQ×C2 of the combined image was inferior to the absorption image
at high spatial frequencies, but was optimized for low frequencies (ω < 1 mm−1),
where F 2 × ω has most of its frequency components.

The first two rows of Table 3.1 show d′ calculated for the 5 mm container in the
optimally combined image (Fig. 3.3 (Right), and the square marker in Fig. 3.2), and
for the absorption image (Fig. 3.3 (Left), and the circle in Fig. 3.2). Detectability
was increased by more than a factor of 2, which seems reasonable for a subjective
comparison to Fig. 3.3, and gives some validation to the model and d′ as a figure
of merit.

The next group of rows concern simulation results for a contrast-enhanced tu-
mor embedded in average or dense breast tissue, imaged at an AGD of 0.94 mGy.
Average tissue was assumed to have a glandularity of 0.5, and an anatomical noise
level so that SA crossed SQ at 1 mm−1. Dense tissue was assumed to have a
glandularity of 0.8 and an SA-SQ crossing at 2 mm−1. The result for the current
experimental setup is shown in row 3, and the subsequent rows illustrate relatively
straightforward system improvements; 45 – 50 kV acceleration voltage (rows 4 –
5), optimized detector performance (row 6), and a combination of both (row 7).
Results for a conventional absorption image are shown in row 8. We note that for
combined images, the difference in detectability between average and dense breast
tissue was small, as opposed to the conventional absorption images. Hence, al-
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Figure 3.5: Generalized NEQ times contrast squared (GNEQ(ω)×C2) for absorp-
tion and combined images of the phantom with the task function (F 2(ω)× ω) su-
perimposed to illustrate the effect of integration to detectability index in Eq. (3.1).

ready the experimental setup can be expected to improve detectability compared
to absorption imaging close to 80% in average breast tissue, but almost a factor
of 8 for a dense breast, and this is where spectral imaging can be expected to be
most beneficial. There is much room for system optimization, and a combination
of an optimized detector and 45 kV acceleration voltage improved the result ∼ 70%
compared to the experimental setup.

3.2.3 * Unenhanced spectral imaging

Synthesized images at 1 mGy of three 20 mm thick tumors with diameters 20, 30,
and 40 mm embedded in a 50 mm breast are shown in Fig. 3.6. The top image
shows the tumors, which are hidden by anatomical and quantum noise in the left
image. In addition, two cysts with equal size and attenuation as the tumors were
added in the center and in the lower-left corner of the image. The polynomially
combined image is shown to the right with all tumors visible and all false positives
excluded. Anatomical noise was reduced at the cost of a lower tumor contrast,
and quantum noise dominated in the combined image. Low-pass filtering with a
1.5 mm Gaussian kernel was therefore applied. It should be noted that filtering of
the absorption image would reduce high-frequency noise, but not exclude the false
positives. In addition, a narrow display window helped visualize the tumors in the
combined image, but would not improve the absorption image. Smaller and thinner
tumors than the ones imaged here were found hard to visualize because of quantum
noise dominance and reduced contrast respectively.
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Figure 3.6: Synthetic images of three 20 mm thick tumors with diameters 20, 30,
and 40 mm at an AGD of 1.0 mGy. Top: Tumor locations. Left: Absorption image
with synthesized anatomical noise. Right: Optimally combined image, where all
tumors are visible and all false positives are excluded.
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Table 3.1: Detectability index for the experiment, simulations of contrast-enhanced
tumors in average or dense breast tissue, and simulations of unenhanced tumors
and microcalcifications. Results are for optimally combined (comb.) and absorp-
tion (abs.) images. Optimization is done with acceleration voltage (kV), and the
experimental compared to an optimized detector.

image detector kV Al filter [mm] detectability

contrast enhanced: experiment, 5 mm container, 5.7 mg/ml iodine

comb. experim. 40 3.0 41
abs. experim. 40 3.0 19

simulation, 5 mm tumor, 3 mg/ml iodine, average tissue, dense tissue

comb. experim. 40 3.0 5.3 5.1
comb.. experim. 45 3.0 6.3 6.0
comb. experim. 50 3.0 6.5 6.0
comb. opt. 40 3.0 8.1 7.6
comb. opt. 45 3.0 9.4 8.4
abs. opt. 28 0.5 3.0 0.66

unenhanced: simulation, 20 mm tumor, 0.4 mm MC

comb. experim. 30 0.5 22 0.00271
comb.. experim. 40 0.5 21 0.00262
comb. opt. 30 0.5 22 0.00270
abs. opt. 30 0.5 14 0.00268

A logarithmic plot of the quantum and anatomical NPS in an absorption image
and an image combined for maximum background subtraction is shown in Fig. 3.7.
SA measured in the synthesized image crossed SQ at ω = 2.3 mm−1 with an expo-
nent β = 3.1. The latter is indeed reasonable for breast tissue; β values between
three and four have been published [8, 109, 113]. The magnitude, on the other hand,
was difficult to validate. Burgess reported that the anatomical noise in digitized
mammograms dominated below ∼ 1 mm−1 [8], which indicates that the noise mag-
nitude in the simulated images was higher than average but not totally arbitrary.
A measurement of the NPS in clinical images with the multi-slit system would be
required to fully settle this issue.

Optimal combination with a constant weight factor reduced the quantum noise
slightly, and reduced the anatomical noise approximately three orders of magni-
tude. A polynomial weight factor reduced the anatomical noise another four orders
of magnitude at equal quantum noise. Nevertheless, the following derivation of de-
tectability index was based on the linear combination in Eq. (3.3) to ensure linearity,
although the polynomial combination can be expected to perform better. SQ cal-
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Figure 3.7: Logarithmic plot of quantum and anatomical NPS in synthesized ab-
sorption and combined images. Markers indicate measurements, and lines show fits
to measurements or model predictions.

culated by Eq. (3.5) corresponded well to measurements in the synthesized images.
Equation (3.6) assumes that β is independent of image combination, which is clearly
an approximation, and dependency on weight factor has in fact been reported pre-
viously [114]. Nevertheless, the assumption of a flat glandularity distribution lead
to a slight overestimation of the NPS magnitude in the combined image, which
dominated over the change in β. Model predictions based on Eq. (3.6) therefore
are expected to be moderate, and can be used with confidence. It should be kept
in mind, however, that Eq. (3.6) only gives an indication of the noise and not the
exact level.

Detectability index as a function of weight factor is plotted in Fig. 3.8 normal-
ized to the absorption image, and for three different cases; (1) a 20 mm tumor
in anatomical and quantum noise (similar to Fig. 3.6), (2) a 400 µm microcalci-
fication in anatomical and quantum noise, and (3) a tumor on a flat background
with only quantum noise. Again, positive weight factors were normalized so that
an absorption image is located at w = 1, but ζhi/ζlo was close to unity so there
was no dent at w = 0. For the tumor in anatomical noise, optimal combination
was found to be close, but clearly not identical, to dual-energy subtraction. Energy
weighting according to Eq. (3.7) was suboptimal because higher weighting of the
low-energy photons also increased the anatomical noise, and, in fact, excluding the
low-energy image altogether (w = 0) resulted in the highest detectability. For the
small microcalcification, however, dual-energy subtraction was suboptimal, whereas
energy weighting provided a minute improvement. A similar result was found for
the tumor on uniform background, and the optimal weight factors for these targets
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Figure 3.8: Detectability as a function of weight factor normalized so that a con-
ventional absorption image is located at (1,1). Three cases are considered; a 20 mm
tumor in anatomical and quantum noise (SA + SQ), the tumor on a homogenous
background, and a microcalcification with both types of noise.

almost coincided. The optimal energy thus seems fairly independent of lesion type,
which is in accordance with previous studies [36, 101].

Figure 3.9 shows the different parts of Eq. (3.1) at optimal image combination
for the unenhanced tumor in anatomical noise. Compared to Fig. 3.5, the tumor
contrast of the combined image was substantially lower, and benefit relative the
absorption image was found only at frequencies below ∼ 0.5 mm−1, where, however,
the tumor task function was located. The microcalcification task function, on the
other hand, increased with spatial frequency due to the two-dimensional integration,
and is hence virtually unaffected by the anatomical noise; dual-energy subtraction
was therefore suboptimal.

A split energy of 21 keV provided a bin count fraction of approximately 0.5,
and was used for all of the above cases. A scan of split energies at the optimal
weight factor for tumor imaging (-0.57) revealed that the optimum for this case
was 18.5 keV, which, however, improved the detectability less than 1%, and the
spectrum can hence be safely split at the center. It can be noted that 18.5 keV
yields ξlo = 0.33, which is close to 0.36 as predicted by Eq. (3.9).

The last group of rows of Table 3.1 concern detectability for optimally com-
bined images in the unenhanced case with an absorption image on the bottom row.
Detectability of the tumor can be improved 57% by optimal combination, which
seems reasonable when comparing to Fig. 3.6. Optimal combination for imaging
the microcalcification yielded an improvement in the order of 1%, which is clearly
not worth the effort. Neither beam quality nor improved detector performance was
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found to influence the result materially. Note that the detectability in Table 3.1
varies with object size, and different targets are not directly comparable.

Some uncertainties in the model can be identified, including the magnitude of
the anatomical noise, agreement between the model and real observers, and factors
other than random noise, such as variations in thickness or anatomy, which might
dominate in the practical case. Observer studies in realistic anatomical backgrounds
[8, 106, 115] and clinical studies [66] are needed to fully investigate these effects.
There are also several potential improvements to the technology, which warrant
further study. These include optimization of spatial filtering for noise reduction
[111], optimization of incident spectrum [24, 116], and nonlinear image combination
[37, 38, 57, 73].



Chapter 4

Conclusions and Outlook

4.1 X-Ray Optics in Mammography

Two types of refractive x-ray lenses were investigated – the MPL and the PAL. A
geometrical model and a ray-tracing framework were developed for the MPL, and
shown to agree well with measurements on an epoxy lens. A geometrical model
was also developed for the PAL, and field propagation was used to account for
diffractive effects. These models were in reasonable agreement with measurements
on a silicon lens, and discrepancies could be explained by the relatively large degree
of lens imperfections.

Using the models to optimize performance, it was shown that filters based on the
lenses can reduce dose in mammography. The dose of an MPL-filtered system was
about 15% below that of an absorption-filtered reference system at matching signal-
to-noise ratios and scan times, and the spatial resolution was higher. The dose of
the PAL-filtered system was about 20% lower than that of the reference system
when also the resolution was matched, and only about 20% higher than that of a
monochromatic beam. The PAL clearly has greater potential for energy filtering
than does the MPL, but the complexity is greater, and the MPL probably can be
better optimized in actual applications. Investigating the feasibility of brilliant-
enough x-ray sources and manufacturing of a polymer PAL remains.

Beam focusing is an application of x-ray optics that may be smoother to imple-
ment than spectral shaping in the existing multi-slit geometry because a smaller
source is not needed. In fact, the existing pre-collimator could simply be exchanged
for the lens array, and the gain comes in addition to any source developments that
can be expected in the future. An epoxy lens was used to evaluate beam focusing
experimentally, and a ray-tracing model was used to predict clinical performance.
The gain in resolution or flux for the experimental lens in an optimized setup was
found to be approximately 50%. Optimizing the lens design and implementing a
PAL are areas of future research that may lead to further improvements.

41
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4.2 Spectral Imaging

A cascaded model of the silicon strip detector was developed and validated with
measurements. The merits of the model include that the energy response of the
detector assembly can be assessed on a systems level without monochromatic ra-
diation; the impact of various parameters on energy resolution can be estimated,
which is crucial for system optimization; and spectral imaging with the system can
be simulated.

Contrast-enhanced imaging was shown, experimentally and with simulations, to
be beneficial compared to conventional absorption imaging for detecting tumors.
The technique improved an ideal-observer detectability index by a factor of 2 to 8
for relatively small tumors at different levels of anatomical noise and breast density.
Because of anatomical noise dominance, the same detectability cannot be reached
by increasing the dose in an absorption image. The current experimental system
is already feasible, but relatively straightforward upgrades of detector and beam
quality may further improve performance by a factor of almost two. In conclusion,
the potential of contrast-enhanced spectral imaging can be regarded as established
from a technical standpoint, and it is a promising alternative to ultrasonography
and MRI in diagnostic mammography.

Unenhanced spectral imaging has great potential because it comes as a bonus
to the conventional absorption image at screening; there is no additional radiation
dose to the patient and no need to inject contrast medium. Initial simulations indi-
cated about a 50% improvement in detectability over absorption imaging for large
tumors obscured by anatomical structures. These results are clearly encouraging,
although they should be verified by experiment before drawing final conclusions.
The performance was largely independent of beam quality, detector energy reso-
lution, and bin count fraction, which simplifies optimization in the practical case.
Several potential improvements to the image combination warrant further study,
including spatial filtering and nonlinear combination.
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For imaging contrast-enhanced tumors in the presence of anatomical noise, the
optimal combination of the energy-resolved images corresponded exactly to maxi-
mal reduction of the anatomical noise, i.e. the dual-energy subtraction scheme.
Higher weighting of the more-information-dense photons, referred to as energy
weighting, yielded only a slight improvement compared to an absorption image.
Imaging of large unenhanced tumors in the presence of anatomical noise corre-
sponded closely, but not exactly, to dual-energy subtraction, and energy weight-
ing deteriorated detectability. For small microcalcifications, or tumors on uniform
backgrounds, the situation was reversed; dual-energy subtraction was clearly sub-
optimal whereas energy weighting provided a small benefit. Hence, the optimal
image combination and benefit of spectral imaging depends to a large extent on
the imaging task. Also including the anatomical noise in the analysis may yield
completely different results than if the quantum noise alone is considered, which is
common practice.

Finally, the detector model and framework that have been presented can be
extended to future applications of the multi-slit system, in particular spectral to-
mosynthesis [117, 118].
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