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ABSTRACT

Digital imaging systems for medical applications must be based upon highly effi-
cient detectors to ensure low patient dose. This is particularly important in screen-
ing mammography because of the large number healthy women that is examined.
A mammography system must also provide high spatial and contrast resolution.
Different approaches are compared in this thesis, and it is argued that a system
based on photon counting detectors in a scanned multi-slit geometry provides a
performance superior to established technologies.

The system is realized using silicon strip detectors irradiated at a small angle
relative to the wafer surface, thereby offering large absorption depth. A linear pixel-
array is scanned across the breast to obtain the complete image. Pulse-processing
electronics rejecting all detector and electronics noise count the number of photons
that are detected, forming the pixel values of the image.

Optimization of the detector design is discussed in detail. The detector has been
carefully simulated to investigate charge motion and signal formation after photon-
interaction. Based on these simulations, the impact of the detector characteristics
on the image quality has been evaluated.

Detectors have been manufactured and evaluated both as single components
and as part of experimental imaging devices including custom readout electronics.
Presented in this thesis are the measured detector characteristics including a verifi-
cation of charge collection efficiency and confirmation that the quantum efficiency
is 90% for a typical mammography spectrum. Modulation transfer functions and
noise power spectra were recorded and the detective quantum efficiency calculated.
A prototype mammography system was also assembled and the modulation trans-
fer function recorded. The interpretation of the modulation transfer function and
detective quantum efficiency is discussed for digital systems in general and for a
scanned multi-slit system in particular.

Descriptors: x-ray, imaging, silicon, detector, digital, mammography, scanning,
photon counting.
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Chapter 1

Introduction

1.1 Digital x-ray imaging

Röntgen made his epochal discovery on 8th November 1895 and as early as 1896
x-rays were used in imaging. Since then film has been used as detector, storage and
display media for the images. These analog systems, albeit with greatly improved
performance, are still found in many medical imaging applications, e.g. chest ra-
diography, general purpose radiography and mammography. In Sweden during the
last decade, many hospitals have invested in digital systems which are becoming
increasingly common. It is sometimes argued that they are still not mature enough
to motivate the higher investment cost or not even able to match the performance of
analog systems. However, investigations frequently report improved imaging prop-
erties of novel digital systems compared to conventional techniques [1–4], and a
greater issue is probably how to provide the radiologists with an environment they
are as confident with as the one they have grown familiar with over a long period.

By digital systems, the author refers to systems based on digital detectors that
output an image matrix in digital format. One characterizing feature of a digital
system is that the detecting medium is separated from storage and display which
allows those functions to be optimized individually. This is contrary to film which
realizes all three tasks simultaneously. One consequence of this separation is that
the radiologist has the freedom of very flexible interactive contrast manipulation to
aid the interpretation of an image. This would only be possible after digitization of
an analog image and aside from the extra work needed, this intermediate conversion
is known to add noise and therefore degrade image quality.

There are many advantages related to the nature of digital images, such as image
processing to enhance interesting features and the possibility of using Computer
Aided Diagnosis (CAD) and teleradiology. The storage of images is more compact,
easier to manage and the time to acquire an archived image is reduced. It is also
appealing from an environmental perspective to directly record digital images in
order to avoid the chemicals used to develop film.

A medical imaging system must image the low contrasts and fine details de-
manded by the specific task from the use of as low doses as possible in order to
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4 CHAPTER 1. INTRODUCTION

minimize the risk of induced cancer. The digital system must therefore be based
on a detector with high quantum efficiency and sufficiently small pixels. A digital
detector is also associated with read-out electronics that must in general have good
noise performance and uniformity and there is often a requirement on processing
speed.

The same conditions have to be met in high-energy physics where particle in-
teractions are detected and recorded rapidly, efficiently and with a high spatial
resolution. It is therefore not uncommon for experimental particle physicists to
look towards medical imaging applications using similar detectors and electronics
that they used for imaging natures most fundamental building blocks and inter-
actions. The 1992 Nobel Prize laureate in physics, George Charpak, developed
the Multi-Wire Proportional Chamber during the late 60’s for high-energy experi-
ments [5], but later made a great effort in applying his device to medical diagnostics.
Successive developments of gaseous detectors have led to micro-pattern configura-
tions with improved spatial resolution and counting rate capability and thus the
potential to be used in demanding medical imaging applications [6].

Other examples are taken from the University of Trieste and Lawrence Berke-
ley National Laboratory (LBNL) where independent attempts began in the mid
90’s to use silicon strip detectors for medical imaging [7, 8]. Arrays of this kind of
detectors are usually positioned close to the interaction vertices in particle collid-
ers to image the particle tracks with high resolution. Extensive studies of silicon
detectors have been performed within this context and their behavior concerning
radiation hardness and leakage currents is today exceptionally good. The exper-
iments demonstrated high efficiency and resolution for x-ray energies between 10
and 50 keV making them very suitable for mammography. The project that had
started in Berkeley has since the end of the 90’s continued at Kungliga Tekniska
Högskolan (KTH) in Stockholm. The work that is presented in this thesis mainly
concerns the optimization, design and testing of silicon detectors.

1.2 Aim of thesis

The aim of this thesis was to evaluate the performance of a scanned multi-slit
imaging system based on silicon strip detectors and pulse counting electronics. In
particular, the potential for mammography is investigated in detail and compared
with alternative techniques. The fundamental differences between a multi-slit sys-
tem and the systems used today complicates a fair comparison and traditional
measures are no longer sufficient. An effort has therefore been made to summarize
the important differences and the changes they impose on image quality. This may
serve as a framework for comparing systems based on a wide range of techniques.

While the discussion is focused on mammography, the work is also significant
for other applications as it demonstrates general properties of scanned slit imaging
based on linear photon counting detectors. In particular, the silicon strip detec-
tors that were designed and used within the presented work were evaluated in
great detail. The responses of these to x-ray photons were modelled with help of
simulations and deviations from ideal photon counting devices could therefore be
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predicted with relatively high precision. Experiments focused on the performance
of the silicon detectors were carried out and verified the models.

1.3 Contributions by others

Many people have been involved during the lifetime of this project. The author’s
contribution has been to investigate components, in particular the silicon detec-
tor, and fundamental aspects regarding a scanned multi-slit system and extract
its potential. This thesis concentrates on this investigation and almost exclusively
describes work performed by the author. However, it should be recognized that the
research has in several instances depended on the work performed by other project
members.

As part of a theoretical study of expected efficiency gain from a multi-slit geom-
etry, simulations were performed using the EGS-Nova package. These simulations
were conducted by Hans Bornefalk and have been used in the discussions of Chap-
ter 3. The readout electronics is a vital part and the author has only participated in
design and testing to a small degree. Several people, in particular Alex Chuntonov
and Valery Chmill, have been involved in verification of functionality and opti-
mization of control parameters for the readout chips. Magnus Åslund performed
measurements of output spectra and focal spot intensity distributions of the x-ray
tubes that have been used. All project members have contributed to the design and
assembly of the prototype multi-slit system described in Chapter 9. Details about
the technical solutions of this prototype are beyond the scope of this thesis as they
are not considered as fundamental properties of a multi-slit system. Finally, many
other people have in different ways contributed to this thesis. They are listed in
the acknowledgements.
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Chapter 2

Current Approaches in
Mammography

This chapter will briefly review the conventional screen-film mammography systems
and the most important digital approaches, some of which have become commer-
cially realized (see [40] for a more thorough review of digital mammography). Five
systems that have already gone through clinical tests and are based on quite differ-
ent detector technologies are described. The chapter begins with an introduction
to screening mammography, followed by an overview of some general alternative
principles that mammography systems can be based upon, and their implications
on imaging properties.

2.1 Screening mammography

Breast cancer is the most common form of cancer and is the second leading cause
of cancer death for women in the United States. It is estimated that about 13% of
the women will develop breast cancer during their life time [9]. In Sweden about
6000 new cases of breast cancer are diagnosed annually and approximately 1300-
1400 women dies from breast cancer yearly [10, 11]. X-ray mammography is the
most reliable method of detecting non-palpable breast cancer [12–15], and it is the
only method that allows sufficient patient flow at reasonably low cost for large scale
population screening. No contrast medium is needed, and the patient radiation dose
is low compared to alternative x-ray methods, e.g. Computed Tomography. Long
term follow up of five Swedish randomized trials has shown a breast cancer mortality
reduction of approximately 20-30% [16, 17] due to screening mammography. A
recent meta analysis of all randomized trials has showed similar results [20]. There
is now also suggestive evidence that similar breast cancer mortality reduction can
be achieved in nation wide service screening programs [18,19].

Screening mammography has been a subject of intense debate. Some draw-
backs of mammography are false positive results, risk of over-treatment and false
reassurance [23]. The radiation hazard in mammography is extremely small for the
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8 CHAPTER 2. CURRENT APPROACHES IN MAMMOGRAPHY

individual woman, but cannot be disregarded when a large number of healthy indi-
viduals are exposed as during population screening. In Sweden it is recommended
that women of aged between 40 and 55 are examined with 18 months interval and
24 months for higher ages [24]. It has been estimated that the x-ray radiation may
induce one breast cancer death for every 20 lives saved in screening women aged
between 45 and 55 at entry [25]. Similar results were published by Mattsson et
al. [26]. It should be pointed out that these estimates are based on a number of
assumptions and thus subject to a substantial uncertainty.

Conventional mammography systems use screen-film as image receptor. This is
a combination of an x-ray sensitive phosphor screen emitting light in the visible part
of the spectrum and a light sensitive film. Although screen-film systems have been
optimized and continuously gained performance, 10-20% palpable or by other means
physically detectable breast cancers are today not visible in screening examinations
[27–29]. Furthermore, in those cases where biopsy was recommended based on
the mammography examinations, only 10-40% of the lesions are malignant [30–32].
There is clearly a need for improved sensitivity and specificity.

The detection of breast cancer is based on identification of tumor masses and
fine calcifications, often called microcalcifications [33, 34]. The presence of micro-
calcifications is often a sign of early cancer and according to Ref. [35] 30-50% of
nonpalpable carcinomas are visible on the basis of microcalcifications alone. The
aim is not only to detect these particles, but also to assess the likelihood of malig-
nancy to avoid unnecessary biopsies. The major signs for distinguishing between
malignant and benign calcifications include shape, distribution, size and contour
(this is thoroughly described in Ref. [35]). A good mammography system should
be able to detect microcalcifications down to a size of 100 µm. The tumors appear
on the mammogram as areas of dense tissue with more or less characteristic features
such as fine spicules of fibrous tissue coming out from the periphery of the tumor.

Apart from the requirements in mammography on dose, contrast and spatial
resolution, there are demands on exposure time and patient flow. In Sweden, a new
patient will be examined every five to seven minutes and four images will in general
be acquired within this time (medio lateral oblique and cranio-caudal views of both
breasts). This puts demands on the cooling of the x-ray tube and on the speed
that image data is organized and transferred. The patient flow in other counties is
usually lower.

2.2 Different approaches

Mammography systems can be characterized by a few general principles. These will
provide specific features regarding for example scatter rejection, mechanical and
detector complexity, spatial resolution, and the efficiency of transferring contrast
information through the system.
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2.2.1 Full field detector versus scanning geometries

Mammography systems usually have an area detector covering the entire image
field. There exist however also scanning devices with small sensor areas that are
moved across the object during exposure to acquire the whole image. The x-ray
beam has to be collimated to match the detector area before passing the patient.
All photons that are not directed towards the detector will contribute to patient
dose only, without ever participating in the image formation.

There are two standard sizes of screen film: 18 cm by 24 cm and 24 cm by 30
cm, where the longer dimension is parallel to the chest wall. These are typically the
areas imaged also with digital systems although they may vary somewhat. A full
field digital detector can either be made as one continuous piece or assembled from
several smaller detector-modules. The detector price in the latter case is propor-
tional to the number of detector-modules that are needed and hence proportional
to the image field. The area dependence in the former case is in general stronger
since the detector yield decreases with area. A more expensive detector technology
could therefore be used if the device is divided into modules, but a drawback is the
difficulties in stitching together a complete image. A general advantage with digital
full area detectors is that conventional mammography stands may be modified in a
way that the detectors can physically replace the film-cassette. The modifications
usually include preparations for data acquisition and high-voltage cables and de-
tector cooling. The compatibility also includes accessories like the anti-scatter grid
which leads us to the issue of scattered radiation.

The interactions of the x-ray that can occur inside the breast (or in any ma-
terial) is photoelectric effect, Compton scattering and coherent scattering. In the
energy range and tissues relevant for mammography, the cross-sections for photo-
absorption generally decrease as the energy E to the power of minus three. The
cross-sections for Compton scattering are essentially constant while those of co-
herent scattering approximately decrease as E−1.5. The entire photon energy is
transferred to the material if it is photoelectrically absorbed. Compton scattering
transfers a fraction of the photon energy while the rest constitutes a photon at a
scattering angle relative the beam direction. The Klein-Nishina formula describes
the angular distribution as function of initial photon energy and is displayed in
Fig. 2.1. The scattered photon energy, Es is a function of scattering angle, θ, and
initial photon energy, E, according to

Es =
E

1 + E
mec2 (1− cos θ)

, (2.1)

where me is the electron mass and c is the speed of light. Maximal energy is trans-
ferred to the material for 180◦ scattering angle and is for example 1.5 keV, 3.2 keV
and 5.4 keV for initial photon energies of 20 keV, 30 keV and 40 keV, respectively.
Essentially all energy is thus kept by the scattered photon for mammography ener-
gies. Coherent scattering occurs at small angels, and the photon keeps all energy.

Radiation that is scattered in the breast and is detected will appear as noise in
the image and decrease the signal-to-noise ratio. This effect increases with breast
thickness and density. Mammography systems based on area detectors are used
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Figure 2.1: The angular dependence of cross-section per solid angle (dσc/dΩ) for
Compton scatter on a single electron as described by the Klein-Nishina formula. θ
is the angle relative the incident photon direction.

in combination with grids made from led or copper removing photons that are
not parallel with the original beam. Depending on the grid geometry, anti-scatter
grids are more or less efficient in discriminating scattered photons but also remove
a fraction of direct photons. The Bucky factor expresses the increase in patient
dose that is needed to maintain the exposure to the screen-film when a grid is
inserted. It is typically around two, and contrast improvements exceeding 80%
can be achieved [45]. The grid usually moves during the exposure to prevent it
from appearing in the image, but there are also high strip density stationary grids.
Grids are usually linear, unable to reject photons scattered along the absorbing
lamellaes, but so called high transmission cellular grids with air interspaces have
recently appeared and by some been reported to yield an improvement [45].

The situation is different for a scanning system; the smaller detector used, the
smaller is the risk that a scattered photon will interact with it. Because of this
inherent scatter rejection, no grid is needed in a scanning system. A reduced area
also decreases the detector price, but for the necessary scanning a mammography
stand with precision mechanics is needed.

Two kinds of scanning systems will be considered here; the scanned slot and the
scanned multi-slit systems. Other scanning configurations have also been suggested,
but no attempts have been made to realize these into full-scale systems. The
difference between a scanned slot and slit system is that the latter has a linear
detector covering only one pixel row. A drawback with scanned systems is their
poor photon economy, i.e a relatively low fraction of the photons emitted from the
x-ray tube is used. High tube loading is therefore in general a difficulty and the
demands on the x-ray tube are greater than for full area detectors. A scanned slit
system based on one detector line could not acquire an image fast enough with
the x-ray sources available today, but several lines are stacked together to form
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a multi-slit system. This will be further described in Chapter 4. The collimator
shaping the x-ray beam to match the detector is a vital part of a scanning system.
It is a rectangular hole in absorbing material for a scanned slot system and contains
a precision pattern in case of multi-slit imaging.

2.2.2 Direct versus indirect receptors

A high efficiency can only be realized if the detector provides a high absorption
probability. This is achieved with an x-ray converting material of high atomic
number or of large thickness. It is in general difficult to achieve sufficient thickness
for a low-Z material or to configure a high-Z material to directly interface readout
electronics in a digital detector because of their insufficient electronic properties.
Silicon has very good electronic performance, but its modest atomic number (Z=14)
is not enough for the thin wafers to provide good absorption. Also in the analog
case, the film itself is of relatively low atomic number and its thickness does not pro-
vide efficient conversion. One solution is to absorb the x-rays in a high-Z phosphor
and optically couple the scintillating photons to a film or silicon device. Detectors
with such intermediate energy conversions are referred to as indirect detectors.

Because of the difficulties in directly converting the x-rays to electronic sig-
nals that can be readout with electronics or directly blacken a film, mostly indirect
image-receptors are found on the market today. Only recently have direct detectors
become commercially available. There are several potential advantages motivating
further developments of direct image-receptors. The complexity and detector cost
could probably be reduced, but also improvements in efficiency and image quality
are expected. Each conversion stage is related to some inefficiency and a random
process in the creation or transmission of photons or electrons. This random behav-
ior will increase the signal variance and produce so called Swank noise [46] reducing
the signal-to-noise ratio in the image and decreasing the dose efficiency. In general,
Swank noise also appears, possibly to a smaller degree, in a direct detector due to
charge losses causing signal amplitudes that are reduced in a random manner. The
Swank noise may only be eliminated by using photon counting techniques described
in the next section.

Direct detectors only drift charges in an electric field while indirect detectors
also involve diffusion of light photons, and the physical process in the latter case
yields a much greater lateral spread of the signal which decreases spatial resolution.
The achievable resolution is therefore potentially higher with a direct detector al-
though columnar scintillating materials are often used to guide the light photons
and reduce the spread. There is in general a tradeoff between quantum efficiency
and spatial resolution in case of indirect receptors since a thicker scintillating layer
has higher absorption but greater photon spread, Fig. 2.2.

Direct full-area detectors based on amorphous selenium (a-Se) have recently be-
come realized and there is ongoing research on semiconductor detectors based on e.g.
lead iodide (PbI2), mercury iodide (HgI2) and gallium arsenide (GaAs) [36–39]. Sil-
icon (despite its relatively low atomic number) and cadmium zinc telluride (CdZnTe
or CZT) have been proposed as direct detectors in a scanned slot geometry [50].
Direct linear detectors based on silicon strip and micro-pattern gaseous detectors
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thick phosphor thin phosphor

base
emulsion
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support

Film
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x-ray x-ray

Figure 2.2: Structure of a modern mammographic screen-film. The dotted ar-
rows represents scintillation photons deriving from the x-ray interaction. A screen
with thicker phosphor has higher quantum efficiency, but the average spread of
the scintillation light that blackens the emulsion is larger, thereby reducing spatial
resolution. This is in the figure represented with broader intervals of blackened
emulsion. Mammography screens are typically 50-85 µm thick.

are used in the development of multi-slit systems operating in a photon counting
mode which is described in the next section.

2.2.3 Energy integrating versus photon counting devices

The signal that reaches readout-electronics or film from one single photon is in gen-
eral proportional to its energy. In a digital system, the signals from all interacting
photons in a pixel are normally integrated and then digitized to form a pixel value,
hence the name energy integrating detector. A screen-film system is also energy
integrating although the blackening is a logarithmic function of the total deposited
energy.

Another approach is to process the signals from each single photon individually
in the readout-electronics. Photon counting can be performed by registering the
number of pulses above an electronic threshold level, provided that the noise from
detector and front end electronics is smaller than the signal from the least energetic
photons. A direct detector is preferably used to insure sufficient signal-to-noise
ratio. An advantage with photon counting is that detector and electronics noise
do not appear in the image degrading signal-to-noise ratio as they do for energy
integrating systems. Neither is any Swank noise transferred to the image. There is a
fundamental limit in the signal-to-noise ratio of a pixel value given by the statistical
distribution that photons passing through the breast follow. This is referred to as
quantum noise, and a system performing at this limit is said to be quantum limited.
The noise rejection provides photon counting devices the potential of being quantum
limited.

Counting the photons is actually a more efficient treatment of information than
just recording the total deposited energy. The elimination of noise is usually pointed
out as the great advantage with a photon counting system, but of equal significance
is the more favorable statistical treatment of information. The individual process-
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ing of photon signals further provides the ability to extract the energy of each
interacting photon. This extra information can increase the signal-to-noise ratio by
applying energy dependent weight-factors when counting. A more detailed treat-
ment of this is found in Chapter 3.

The advantages of photon counting are at the expense of more sophisticated
readout electronics. Digital energy integrating systems store the integrated charge
in the sensor elements until the pixel rows are successively read out by electronics at
one side of the detector (e.g. CCD and Thin Film Transistor panels). The number
of channels therefore equals the number of pixel columns. A photon counting
system on the other hand must have each detector element readout during exposure
by a separate channel of pulse processing electronics, fast enough to match the
interaction rate, and with noise well below the photon signals. Photon counting is
therefore more easily achieved in combination with linear detectors used in scanned
multi-slit systems. However, photon-counting has also been tried with large area
detectors. As an example, in the work of Ref. [37], a full-area detector of GaAs was
bump-bonded to a very large scale integrated circuit (VLSI) front end chip with
photon counting architecture.

2.3 Screen-film mammography

Industrial x-ray film without intensifying screen was used earlier for mammography,
but the quantum efficiency was only 1-3% compared to that of modern screen-film
[49, Table 4]. Today film is always combined with an intensifying screen (Fig. 2.2).
Modern screens are made of rare earth phosphor, e.g. gadolinium oxysulphide
(Gd2O2S:Tb) and can have quantum efficiencies reaching 70%. However, as can be
seen in Fig. 2.2, the phosphor screen reduces spatial resolution due to light diffusion.
The limiting spatial resolution in a modern screen-film system is however very good
(15-20 lp/mm). (By convention, the resolution is measured in units of resolvable
number of line-pairs per millimeter, lp/mm. This unit is in practice equivalent to
mm−1.) This is achieved by using a thin phosphor layer (∼50 µm) and adding light
absorbing dye. However, the light absorbing dye increases resolution at the expense
of sensitivity. The screen is placed behind the film to further improve the resolution
since the number of interactions then decreases with increasing distance from the
emulsion. A drawback is the film granularity that causes noise in the image and
reduces the spatial resolution for low contrast features.

In a breast, the glandular tissue is the most radiosensitive component and its
average dose is therefore used to measure the patient dose [47,48]. Dose values and
image quality have improved significantly during the last two decades as a result of
improved screen-film systems and anti-scatter grids. Investigations show, however,
a substantial variation in quality and dose even for similar systems, mostly due
to the processing of the films. The average absorbed glandular dose in Europe is
typically between 1-2 mGy but can exceed 3 mGy (see for example Table 6 and
corresponding text in [49]). Traditionally, patient doses in the United States are in
general higher than in Europe. There is obviously need for further optimization,
and the doses are highly dependent on e.g. film processing time and temperature.
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It is most common to use a molybdenum anode and a 30 µm molybdenum
filter for screen-film systems, and the tube voltage is normally set between 25-30
kVp1. Some systems in addition have a tungsten anode and rhodium filter for more
flexible choice of spectrum to match density and thickness of compressed breasts.

An average breast is about 5 cm thick when compressed. It is composed of
30-40% fibroglandular tissue and the rest adipose (fatty) tissue [51], but the pro-
portions can vary considerably and the glandular tissue is usually gradually replaced
by fat after menopause. The breast becomes denser as the degree of glandular tissue
increases. It is in general more difficult to image large and dense breasts because
they provide increased intensity of scattered radiation and reduced quantum effi-
ciency since the object filtered x-ray spectrum becomes harder2. Furthermore, in
dense breasts it is in general more difficult to detect lesions as the fibrous struc-
ture of the surrounding tissue tends to camouflage the lesion [52–54]. The limited
dynamic range of analog systems reduces the sensitivity of mammography in de-
tecting breast cancer in dense breasts. Scatter and reduced quantum efficiency will
more or less affect also digital systems depending on their detector configurations,
but the great dynamic range provides the potential to visualize low contrast lesions
and lesions located in dense tissue. The difficulties in imaging dense breasts is an
important issue as the lower age limit for screening mammography should depend
on required dose and image quality for dense breasts.

2.4 Digital mammography systems

This section exemplifies the methods in digital imaging with five systems that are
used in mammography and summarizes well the available technologies.

Fuji uses Computed Radiography (CR) which is based on image-plates. An
image-plate is a plastic sheet covered with a photo-stimulable x-ray absorbing phos-
phor, typically barium fluor-bromide. Electronic charges are accumulated in the
phosphor during exposure, and these will remain long enough for the image plate
to be scanned with high precision by a red laser beam stimulating emission of blue
light from the charge-traps, Fig. 2.3. The size of the laser beam can account for
50 µm pixel size. The light is collected by a light guide and detected by a photo-
multiplier tube, causing a signal that is logarithmically amplified and digitized with
10 bits precision. Thus, the electronics consists of only one channel. The digitized
pixel values are then arranged in an image matrix that can be processed either
for film or soft copy display. The image-plate is restored for reuse by exposing
it to intense white light releasing residual charges. The system differs from other
digital approaches in a way that the detector has to be “developed”. The image
plates therefore have to be removed between each exposure and they are loaded in
cassettes for use in standard screen-film holders.

1“kVp” is the unit commonly used for tube voltage and it stands for kilovolts peak. It is thus
the peak voltage of a time varying high voltage between anode and cathode. With the modern
voltage stabilized mammography tubes this is equivalent to kilovolts (kV ).

2A harder spectrum means a spectrum of higher average energy.
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Figure 2.3: The figure shows the principle of Fuji’s mammography system based
on image-plates. Charges are accumulated in a photo-stimulable phosphor during
exposure (left). A laser scans the phosphor and stimulates emission of blue light
from the charge traps (middle). Each position of the laser corresponds to an
image pixel, and the blue light is detected by a photomultiplier tube, providing a
signal with amplitude related to the local x-ray absorption in the phosphor. The
image plate is restored when exposed to intense white light, and is reused (right).
Reprinted from [40] with permission.

Figure 2.4: GE Medical Systems utilizes a flat-panel detector consisting of a
matrix of photodiodes on a-Si substrate covered by a phosphor. The charge that
is accumulated during exposure is switched out one row at the time using TFTs.
Reprinted from [40] with permission.
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Figure 2.5: The CsI/CCD-detector from Hologic consists of 3×4 digital cameras
of same kind that is used in stereotactic biopsy imaging. Reprinted from [40] with
permission.

GE Medical Systems uses a flat-panel detector with a full field matrix of
amorphous silicon photodiodes defining 100 µm×100 µm pixels, Fig. 2.4. The
x-ray interactions take place in a layer of scintillating thallium activated cesium
iodide (CsI:Tl) covering the entire detector. The screen consists of small needle like
crystals pointing back to the source. The structure reduce light spread as it tends
to guide the light. The screen is optically coupled to the photodiodes through
windows of indium tin oxide. Each diode is connected to a thin film transistor
(TFT) replacing a corner of the diode substrate and thus reducing the fill-factor3.
This imposes a limit on the pixel size. The diode currents are integrated during
exposure and the resulting charge is ready to be switched out by the transistor.
The transistor gates are connected to control lines and the output to data lines.
The control circuit thereby enables the transfer from one line of pixels at the time
to the parallel amplifiers of the readout electronics situated along one side of the
detector. The signals are then serially digitized with 14 bits. The detector fits
into GE’s conventional screen-film unit. This was the first digital mammography
system to be approved by the Food and Drug Administration to be sold in the
United States.

Hologics’s CsI/CCD-detector is composed from 3×4 digital cameras of same
kind that could also be found in stereotactic biopsy imaging, Fig. 2.5. Each camera
has an entrance layer of needle structured CsI:Tl facing the input surface of a fiber-
optic taper. The taper demagnifies the image of scintillating light to about 50%

3The fill factor expresses the percentage of the pixel area that is photosensitive
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Figure 2.6: Fischer Imaging has a scanned-slot system with a 1.4 cm wide
phosphor screen optically coupled to a time-delay integrating CCD. The left part
of the figure is reprinted from [40] with permission.

and projects it on a charge-coupled device (CCD) with 41 µm pixels. Each pixel
consists of a storage well in which charge is integrated during exposure. Control
electrodes forming the potential wells shift the pixel rows one step at the time
toward one side of the CCD where the charges are read out and digitized with 14
bits per pixel. The detector can fit into certain conventional mammography units,
despite that the fiber optic taper provides a detector that is much thicker than in
the two previous examples.

Fischer Imaging has a scanned slot system that is the only commercially
available scanning system. The detector covers the entire image field perpendicular
to the breast wall, but is only 1.4 cm wide in the scanning direction, Fig. 2.6. The
beam is shaped to match the rectangular detector by a collimator. Similar to the
digital camera described above, the detector has a needle structured CsI:Tl layer
(∼150 µm thick) that is fiber optically coupled to a number of CCDs. The greatly
reduced detector area allows the fiber optics to be configured without demagni-
fication. The CCDs operate in time-delay integration (TDI) mode in which the
charges in the pixel rows are shifted with the same speed as the scanning motion,
but in the opposite direction, thereby kept in rest relative to the breast. In this
way the charge corresponding to a pixel value in the image is integrated during
the passage of the detector and thereafter immediately readout. The system can
either be used in a standard resolution mode with approximately 54 µm pixel size,
or it can image a limited field size in high resolution mode with 27 µm pixels. The
digitization precision it 12 bits. No anti-scatter grid is needed as opposed to the
previous examples.

Hologics’s DirectRay-detector consists of a TFT pixel array with similar func-
tion as GE’s, but the array is coated with a 250 µm thick photoconductor of amor-
phous selenium [41,43]. The energy from absorbed x-rays is directly converted into
charge in the selenium. The entrance window consists of a top electrode providing
1500-2500 volts and a thin dielectric layer between electrode and photoconductor,
Fig. 2.7. The average creation energy for an electron-hole pair is 60-70 eV [44], thus
a photo-absorption releases 200-500 electrons and holes that are drifted towards the
top electrode and collection electrodes beneath the selenium, respectively. The col-
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Figure 2.7: Hologic’s DirectRay based on TFT-array coated with amorphous
selenium as photoconductor. Left: Cross section of the detector structure. Right:
Detector panel with electronics. Gate drivers address pixel lines sequentially for
charge transfer from storage capacitors to parallel charge amplifiers situated at both
sides of the detector. The amplifier signals are sequentially read by four analog to
digital converters. There is no electronics at one side and this allows an image field
close to the chest wall. The source lines for transfer between storage capacitors
and amplifiers are electrically divided down the center to reduce effects of parasite
capacitance and thereby reduce noise.

lection electrodes defines 70 µm pixels, each provided with a storage capacitor and
an amorphous silicon switching transistor. The dielectric layer protects the transis-
tors as charges, that are accumulated at its interface, create a counter electric field
limiting the charge accumulated at the corresponding pixels [42]. There are also
electron blocking layers between collection electrodes and photoconductor to reduce
leakage currents. A high fill-factor is provided by employing a “mushroom head”
electrode design. The total charge collected during exposure is stored over the ca-
pacitor and the detector is thus energy integrating. Each pixel row has switching
transistors with a common gate. This allows the rows to be sequentially addressed
for readout to parallel amplifies at one side on the detector. The amplifier signals
from a specific row of pixels are then sequentially read by a 14 bit analog to digital
converter. This technology has replaced Hologics’s CsI/CCD detectors.

GE Medical’s system was the first digital mammography system to become
FDA-approved. Fischer Imaging’s scanning system and Hologic’s selenium based
system have also been approved. Fuji will probably get approval in the second half
of 2003.

Digital images should be presented on a computer display to fully take advan-
tage of the flexibility that is offered, for example interactive contrast manipulation
of regions of interest. There are still however advantages with printing the images
on hard copy (film) for display. It will allow the radiologists to use the same reading
tools as they use for conventional mammography. Furthermore, printers can supply
resolution up to 4,800×6,400 pixels comparable with screen-film resolution, while
a high performing cathode ray tube can only achieve 2,048×2,560 pixels. This is
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not a real disadvantage, however, since full resolution is achieved with“roam and
zoom” techniques.

Also computer aided diagnoses (CAD) is preferably used with a computer
screen. This tool is a natural consequence of the digital image format, and im-
proved radiologist performance has been reported by several groups [56–59]. The
diagnosis includes detection and characterization of both tumors and microcalcifica-
tions. The performance is however far from sufficient to allow automatic diagnosis
by a computer. It is instead meant to provide a second opinion to the radiologist’s
diagnosis and allows a second chance to attract attention to a missed lesion. All
companies in the examples above are working with CAD developers to apply CAD
to their products.

Another feature of digital mammographic images is that they can be electroni-
cally transmitted for remote interpretation and consultation. A general radiologist
can for example discuss a questionable case with an expert at another location
while they simultaneously view the images. Experimental studies on telemammog-
raphy have been performed to prove its feasibility [60], and it has for example been
showed that digital images can be available for remote interpretation faster than
screen-film images for local interpretation.

Finally, digital imaging opens possibilities of novel methods. Dual-energy mam-
mography for example utilizes the different energy dependencies of photon interac-
tion cross-sections for different materials. In particular, the normal tissues provide
similar energy dependencies while they differ significantly from that of calcifications.
With dual-energy technique two images, one at typical mammographic energies
and the other at higher energies, may be combined in a way removing background
“clutter” from contrasts between adipose and glandular tissues, thereby enhancing
microcalcifications. Research has been performed on this method [61, 62], but the
diagnostic usefulness is yet to be proven.
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Chapter 3

Dose Efficiency

The dose efficiency is inversely proportional to the dose needed to achieve a cer-
tain image quality. The importance of high dose efficiency in medical imaging,
and mammography in particular, was pointed out in the introduction. The image
quality should be measured in terms of diagnostic confidence level, and it is usually
considered that a signal-to-noise ratio (SNR) around five is needed to differentiate
a lesion from background [63].

Some very basic statistical considerations visualize the connection between dose
efficiency and SNR. Let us consider a breast with a target, e.g. tumor or calicifica-
tion, that is to be differentiated from surrounding normal tissue. The signal is the
difference in detector response from the area behind the target and from a back-
ground area of equal size. Let us for simplicity consider a photon counting detector
and further assume that the system rejects all noise, including scattered radiation.
The detector response is then the registered number of photons following the pois-
son distribution with a variance equal to the expected value. The signal-to-noise
ratio becomes

SNR =
|〈N b〉 − 〈N t〉|√
〈N b〉+ 〈N t〉 , (3.1)

where 〈N b〉 and 〈N t〉 are the expected number of photons to be detected below the
background area and target, respectively. A system like that is quantum limited if
the detector is 100% efficient.

We see from 3.1 that the SNR is proportional to the square root of the number
of photons incident on the breast and therefore patient dose. This behavior is not
specific for photon counting systems (see Section 3.3), and at relevant dose levels in
mammography, it also approximates the dependence when external noise is included
in the model. The SNR2 at constant dose is therefore used when comparing different
systems since this quantity is proportional to the dose efficiency. If an ideal system
is properly defined, the ratio

DE =
SNR2

SNR2
ideal

(3.2)

describes a normalized dose efficiency (DE) with values less than unity.

21
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These calculations do not include spatial resolution but merely consider the
contrast between two uniform large areas, while there is in reality an intimate re-
lationship between the efficiency and the resolution. The spatial behavior of an
imaging system is best described in the frequency domain and the efficiency is a
continuous function of object spatial frequency. The characteristic curve tradi-
tionally used for quantifying this dependence is called detective quantum efficiency
(DQE) and its definition and mathematical description can be found in Chapter 6.
The size of the smallest resolvable details in an image decreases with higher dose,
but a limitation is set by overexposure for screen-film and by high frequency cor-
ruption due to aliasing in a digital system. The frequency dependence is completely
determined by the specific detector that is considered, and for a general discussion
on dose efficiency, it is instructive to look merely at the zero-frequency behavior as
done in the following. In fact, this behavior is multiplicative to the efficiency at all
frequencies.

The dose efficiency of an imaging system depends on the following factors:

1. Absorption efficiency

2. Noise in detectors and electronics, e.g. Swank noise and film granularity noise

3. Efficiency of rejecting scattered radiation

4. Quality of incident x-ray spectrum

5. Efficiency in transferring information from individual photons into the image

The DQE is defined in a way similar to Eq. 3.2 but there is one very important
difference. Whereas the definition of dose efficiency is based on a signal difference
caused by a contrast in an object (see Eq. 3.1), the DQE at zero frequency only
expresses a detectors ability of measuring a large signal with low uncertainty. The
DQE is therefore not related to detection of low contrast objects1 that is in turn
highly dependent on the three last points above. It is thus common practice today
only to consider the first two factors when quantifying system performance. This
was sufficient when screen-film systems only were present and still provides useful
guidance when analog and digital systems, based on similar imaging principles, are
compared. In fact, the standard way to measure DQE characterizes only the image
receptor and not the complete system, which is reasonable when no other parts
differ essentially. However, it is important that all these five factors are taken into
account to allow a fair comparison between all system varieties. For example; in
a comparison between area imaging systems and scanning systems and/or photon
counting systems versus charge integrating systems considerations 3 to 5 are equally
important. These will be discussed in the following sections.

A meaningful comparison between x-ray imaging systems can only be made
if one refers to an “ideal” system, taking all different effects affecting the dose
efficiency into account. It is reasonable to define the ideal system as a 100% efficient

1A contrast modulation in the frequency domain is included in the DQE through the mod-
ulation transfer function (MTF) (see Chapter 6). In reality this does not, however, invoke an
absolute contrast in the DQE since MTF(0) is always normalized to one.



3.1. SCATTERED RADIATION 23

3 4 5 6 7 8 9
0

10

20

30

40

50

Breast thickness [cm]

D
os

e 
E

ffi
ci

en
cy

 [%
]

lean   
average
fat    

Figure 3.1: The diagram shows typical dose efficiency in mammography today,
assuming a system with a linear grid, 30 kVp molybdenum spectrum and a DQE of
70, 50, 40 and 30% for the increasing breast sizes, defined in the conventional way,
i.e. excluding degradation from scatter and photon spectrum. The dose efficiency is
defined relative a system using a monochromatic source at the optimal energy, with
100% scatter rejection and quantum efficiency. The curves were obtained using the
EGS Nova simulation package.

detector with perfect scatter rejection and working with a monochromatic beam at
optimum energy for the imaging task. An absolute dose efficiency may then be
calculated using Eq. 3.2. The shortcomings of the DQE was realized by Tapiovaara
and Wagner [84] and they used a similar approach, based on Eq. 3.2, to define a
task-dependent DQE.

In the work of Ref. [64] dose efficiencies for different systems and also correc-
tion factors to the DQE were derived from simulations using a modified version
of EGS Nova [65]. Small calcifications and tumors were modelled in the simula-
tions and achieved signal-to-noise ratios from different systems were translated into
efficiencies. The obtained optimal energies and dose efficiencies were in essence
consistently independent of target. The objective was to quantify the effects on
dose efficiency from scatter rejection, spectral quality and information transfer. It
should be pointed out, however, that it is impossible to separate these effects into
independent factors. Applying the correction factors to DQEs typical for film-based
mammographic methods yields the dose-efficiencies displayed in Fig. 3.1. It is clear
that these approaches do not achieve optimal dose efficiency.

3.1 Scattered radiation

The dose efficiency of an imaging system is highly dependent on the rejection of
photons scattered in the breast [66]. Photons that are scattered within the breast
and then detected reduce image contrast which has to be compensated for with
increased statistics. The intensity of scattered radiation increases with thickness
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and density of the compressed breast, but is relatively independent of the lateral
breast dimensions [68]. Because of their incidence angles scattered photons sees a
greater detector thickness leading to a higher quantum efficiency compared to the
one for primary (unscattered) x-rays. The ratio between detected scattered and
primary radiation therefore increases with average photon energy causing worse
contrast degradation [74].

The simulation studies presented in Ref. [64] show that the use of a grid in con-
ventional mammography provides far from ideal scatter rejection. For a perfectly
aligned linear grid the dose efficiency is typically 25-35% lower than provided by
ideal rejection [69]. The efficiency reduction is in this case mainly due to trans-
mission of Compton scattered photons and the remaining loss is accounted for by
absorption of primary photons. In reality, misalignments reduce the transmission
of primary photons and further degrades the efficiency. A 40% reduction in dose ef-
ficiency can be expected where about 30% of the losses is due to absorbed primary
photons [67]. Cellular grids provide better scatter rejection and a 5-10% better
contrast improvement compared to linear grids as reported in Ref. [45]. According
to Ref. [64] an ideal perfectly aligned cellular grid provides 10-15% reduced dose
efficiency. The absorption of primary photons has in this case a slightly larger
impact compared to transmission of scattered photons. In reality, alignment is
probably more difficult compared to a linear grid and the absorption of primary
photons substantially worse than the simulations indicated. For both grid types
the improvement compared to using no scatter rejection at all is very high for
thicker breasts while it is quite modest for small sizes. The Commission of the
European Communities stated in their documents 1990 that anti-scatter grids are
not necessary for compressed breasts below 4 cm [70].

The dose efficiency losses that were stated above are the relative increases in
dose needed to achieve same SNR as is theoretically possible assuming perfect scat-
ter rejection. However, it is not possible to adjust the dose in this way for an
analog system since the characteristic curve of a screen-film demands an exposure
within a limited interval to provide sufficient contrast, Fig. 3.2. The reduced expo-
sure to the screen-film when a grid is added must be compensated for with higher
mAs2, typically resulting in doubled patient dose, but with greatly improved image
quality.

Scanned slit or slot systems offer advantages of inherent immunity to Compton
scattered radiation, Fig. 3.3. We know from Fig. 2.1 that scattered photons have
a broad angular distribution, indicating that the scattered intensity is strongly
dependent on detector area. For example; the detector in a scanned slot system is
about 1 cm wide which should be compared to a 24 or 30 cm wide full area detector.
The simulations of Ref. [64] demonstrate that the decrease in dose efficiency from
scatter in a scanned slot system essentially equals the decrease if a high transmission
cellular grid is used above an area detector. Hence, there is no need for a grid that
would in fact only decrease efficiency by its absorption.

A scanned slit system based on one detector line would have negligible dose

2“mAs” is a unit commonly used in radiography and specifically refers to x-ray tube current
in milliamperes times exposure time in seconds.
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Figure 3.2: The characteristic curve of a typical mammography screen-film. The
optical density (O.D.) is defined from the transmission of light through the film:
O.D.= log10(I0/I), where I0 and I are the incoming and transmitted intensities of
light, respectively.

Area Slot Multi-slit

Figure 3.3: Inherent scatter rejection of the three indicated detector types. Com-
pared to an area-detector (left), the probability of a scattered photon hitting the
a slot-detector (middle) is very low. The inherent rejection can be further in-
creased in a multi-slit system configured that each scattered photon only can hit the
detector-line corresponding to the slit in the pre-collimator that is passed (right).
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efficiency reduction from scatter considering the very small detector area. The
pixel width in the scanning direction is never more than 100 µm and a detector a
few times wider should be used to facilitate alignment (see Chapter 4). A multi-slit
system is however needed to make this approach feasible and since each detector
should be several times wider than the pixels, the total area can exceed that of
the scanned slot system in the example above. The integrated width from all
detector lines is probably a few centimeters, but a secondary collimator can be
used to remove scatter between lines, Fig. 3.3. This kind of scatter rejection does
not absorb any non-scattered photons since the secondary collimator occupies the
interspacing between detector lines. The efficiency reduction from scatter could
therefore equal that of a hypothetical system using only one line, provided that
the collimator can isolate the beams associated with different detector lines. It is
difficult to predict to which level this can be achieved, but it is clear that a multi-slit
system has the potential of scatter rejection superior even to a scanned slot system.

3.2 Spectral efficiency

Contrast in an image reflects the absorption probabilities in the different materials.
The differences between these decrease with increasing photon energy which has to
be compensated for with higher statistics to maintain signal-to-noise ratio, Fig. 3.5.
While the contrast improves with decreasing energy, the transmission is reduced
until almost no radiation can penetrate the object. There is clearly a tradeoff
between contrast and transmission resulting in an optimal energy at which maximal
signal-to-noise ratio can be obtained at certain dose. This energy depends on
imaging task and more specifically on what materials are involved and how thick
they are.

A calculation of the optimal energy for the ideal photon counting system de-
scribed by Eq. 3.1 shows approximately what are the most useful energies in mam-
mography. A breast with a target is in all SNR calculations of this thesis modelled
according to Fig. 3.4. The breast consists of adipose and glandular tissue at spec-
ified proportions and thickness l surrounded by skin tissue of thickness s. The
target is either a tumor or a calcification of thickness d. Attenuation data for the
different tissues and conversion factors to calculate the average glandular dose as
function of x-ray photon energy and breast composition are taken from Ref. [80].
Cross-sections for other materials, for example used in filters and silicon detectors
treated later in this thesis, are taken from Ref. [81].

For photons of a specific energy E, the Beer-Lambertian law (derived in any
standard textbook describing interactions of radiation with matter) allows us to
calculate the expected number of photons transmitted through different tissues n,
given n0 incident photons. It says that the intensity of photons with a given energy
decays exponentially into a material, and provides in our case

〈n〉 = n0 exp(−µ(E)x), (3.3)

where µ(E) is the material dependent linear attenuation coefficient (proportional to
the interaction cross-section) and x is the material thickness. The expected signal
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Figure 3.4: The breast model used to calculate signal-to-noise ratio for a target
(a tumor or calcification) of linear attenuation coefficient µt surrounded by normal
background tissue with attenuation µb. n0 is the number of photons incident on
an area of the same size as the target and nb and nt are the number of photons
transmitted through the breast.

is then

〈nb〉 − 〈nt〉 = n0 exp[−µb(E)l − 2µs(E)s]
−n0 exp[−µb(E)(l − d)− 2µs(E)s− µt(E)d]

= 〈nb〉 (1− exp[−(µt(E)− µb(E))d]
)
, (3.4)

and the variance

< 〈nb〉+ 〈nt〉 = 〈nb〉 (1 + exp[−(µt(E)− µb(E))d]
)
. (3.5)

For a monoenergetic beam the signal-to-noise ratio is thus

SNR(E) =
〈nb〉 (1− exp[−(µt(E)− µb(E))d]

)
√
〈nb〉 (1 + exp[−(µt(E)− µb(E))d])

, (3.6)

Evaluating this expression for an average breast with a 100 µm thick calcification
results in an SNR per detected photon described by the curve shown in Fig. 3.6
where also the transmissions exp(−µbl−2µss) for three different breast thicknesses
are indicated. From these quantities it is straightforward to calculate the SNR per
incoming photon, Fig. 3.7. As the average glandular dose per incoming photon is
provided by the conversion factors of Ref. [80], the SNR may be scaled to a constant
dose, Fig. 3.8.

Fortunately, optimal energies for imaging tumors and calcifications are approx-
imately the same in mammography regardless of target sizes (as long as they are
small enough to provide low contrast). As shown in Fig. 3.8, however, they vary



28 CHAPTER 3. DOSE EFFICIENCY

10 15 20 25 30 35
0

2

4

6

8

10

Energy [keV]

µ 
[c

m
-1

1

]
 µ

 Normal
          

 µ
 Tumor

           
 µ

 Calcification
/10

Figure 3.5: The linear attenuation coefficients for photons in different tissues.
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Figure 3.6: Expected signal-to-noise ratio per detected photon as function of its
energy. This quantity is independent of breast thickness and decreases with energy
because of the decreasing difference cross-sections for target and background tissue.
A cubic shaped micro-calcification with 100 µm sides in a breast of equal compo-
sition adipose and glandular tissue is assumed. The transmission is also indicated
for three different breast thicknesses, increasing with energy.
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Figure 3.7: Left: SNR per photon incident on breasts of the three indicated
thicknesses, each containing a 100 µm microcalcification of cubic shape. Right:
Normalized average glandular doses for breasts containing 50% adipose and 50%
glandular tissues. The data are from Ref. [80]. Below 8 keV the photons are
absorbed in the skin and do not provide dose to glandular tissue. At sufficiently
high energies, the dose decreases due to the rapidly decreasing cross-section for
photo-absorption.
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Figure 3.8: Signal-to-noise ratios for a mono-energetic beam providing 0.15 mGy
average glandular dose for the same target as in Fig. 3.6. The peaks indicate the
optimal energy that increases with breast thickness. The optimal energy for an
average breast is near 21 keV.
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with breast composition and compressed size; denser and thicker breasts requiring
higher energy. Optimal energies for an ideal system without scatter range between
16 and 27 keV (all breasts included) and is 21 keV for the average size and com-
position. An area detector subjected to scatter is associated with slightly lower
optimal energies.

Highest dose efficiency is achieved with a monochromatic source at the optimal
energy, but unfortunately prohibited in practice. Today only synchrotron sources
can provide a monochromatic beam with a high flux, but these are of course not
feasible for geographically widespread screening examinations. Nevertheless, syn-
chrotron sources have been invoked in experiments on novel mammography meth-
ods [71].

X-ray tubes producing a broad spectrum are exclusively used in mammogra-
phy. The spectrum depends on anode material, applied tube voltage and filtration
and the goal is to shape it as narrow as possible around the optimal energy. Sim-
ulation studies have been performed to optimize these parameters with respect to
dose efficiency depending on compressed breast thickness and composition [72–75].
Following the notation of Ref. [76] a spectral efficiency SE may be defined describ-
ing the quality of a spectrum in terms of dose efficiency relative a monochromatic
source at optimal energy. Thus

SE =
SNR2

SNR2
E−opt

. (3.7)

It is clear from Fig. 3.8 that it is less damaging to include photons above the
optimal energy than below. The reason is the rapidly increased absorption that
directly contributes to patient dose at lower energies.

The tube voltage defines the upper energy limit of the spectrum and is increased
with breast size and density to achieve a higher mean energy following the optimal
one. It is instructive to quantitatively show how the SNR produced by the ideal
photon counting system depends on the tube voltage. In Eq. 3.1, N is the sum of
the detected photons ni in the different spectrum bins of energy Ei and Eq. 3.6 is
therefore generalized to

SNR =
∑

i 〈nb
i 〉

(
1− exp[−(µt

i − µb
i )d]

)
√∑

i 〈nb
i 〉

(
1 + exp[−(µt

i − µb
i )d]

) . (3.8)

nb
i is calculated from the transmission of tabulated tube-spectra that are normalized

to provide a certain dose. The spectra used throughout this thesis were taken from
Ref. [77]. SNR as function of tube-voltage for three different breast thicknesses and
tungsten spectra filtered with 0.5 mmm aluminum are shown in Fig. 3.9. It is seen
that the optimal tube-voltages span some 15 kVp range but that SNR varies slowly
with voltage for thick or dense breasts.

The photon flux is increased with increasing voltage which is fortunate consid-
ering the reduced transmission of large and dense breasts. It is therefore appealing
to increase tube voltage in scanned systems that are in general photon starving, and
exposure time is an important parameter that must be included in the optimization.
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Figure 3.9: Signal-to-noise ratios for the same target as in Fig. 3.6 and 3.8 and
0.15 mGy average glandular dose. A broad spectrum from a tungsten anode is now
assumed and the SNR is plotted as function of tube voltage U. There curves appear
rather flat but it should be kept in mind that the dose efficiency is proportional to
SNR2.

The most common anode material for screen-film systems is molybdenum (Mo)
but also tungsten (W) and rhodium (Rh) are used. Molybdenum is chosen because
of its characteristic lines with a main peak at 17.5 keV which is near the optimal
energy (see Fig. 3.10). About a fourth of the photons typically derive from these
peaks. A drawback however is the suboptimal behavior for large and dense breasts
where the characteristic lines have too low energy and instead enhance patient dose.
In addition, their dominance has an impeding effect on the increase in mean energy
from varying the tube voltage. Tungsten that has no characteristic lines in this
energy range is more flexible in adjusting mean energy for less transparent breasts,
and rhodium has a peak at 20.2 keV optimal for imaging thicker breasts with
screen-film. Some mammography systems therefore have dual track anodes with
molybdenum for imaging of smaller breast sizes and either tungsten or rhodium for
thick breasts [78,79].

The optimized energy spectrum depends on the energy dependence of the quan-
tum efficiency, and digital systems providing higher efficiency compared to screen-
film are in general associated with higher optimal mean energies. This reduces the
advantage from the characteristic lines of molybdenum, therefore suggesting a tung-
sten or rhodium anode instead. Higher optimal energy is further accounted for by
the inherent scatter rejection in case of scanning systems and the time constraint in-
fluences the optimization towards increased tube voltage. A further motivation for
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Figure 3.10: Comparison between 30-kVp spectra from a molybdenum anode in
combination with 30 µm molybdenum filter and a tungsten anode and 0.5 mm
aluminum filter. Left: Spectra before the breast. Right: Spectra after filtration
through an average breast.

using tungsten anode in a scanning system is the higher x-ray production efficiency
and advantage in case of high tube load compared to a molybdenum anode [73].

A tube spectrum is filtered by the exit window of the vacuum chamber, usually
0.8-1.0 mm thick beryllium foil, and additional filtration must be added to further
remove unusable photons of too low energy. The spectrum becomes harder and
narrower as filtering is increased, but exposure time increases and imposes a limi-
tation. This is a concern particularly for scanning systems. Filter materials with
absorption edges within the tube spectrum can be used to influence the shape of
the spectrum. An absorption edge slightly below the optimal energy will remove
the most dose efficient photons and therefore worsen the spectral efficiency, but
materials with K-edge above the optimal energy instead improves the efficiency
since a minima in the cross-section overlaps the most wanted energy interval.

Molybdenum anodes are usually combined with 30 µm molybdenum filters [82].
The absorption edge is at 20 keV allowing photons from the characteristic lines
to pass. The edge is slightly above the optimal energies of most breast types
for a screen-film system. Tungsten anodes are sometimes combined with 60 µm
molybdenum filters. However, the molybdenum absorption edge is slightly too low,
especially when imaging less transparent breasts where it instead filters optimal
photons. It becomes even less suitable for digital systems with higher optimal
energies. An alternative is to use a rhodium filter with absorption edge at 23.2
keV. It has been reported that a 40-50% dose reduction for large breasts imaged
with screen-film can be expected going from a Mo/Mo anode-filter combination to
W/Rh [73,79]. Rhodium filters have been combined with all three anode materials
mentioned in this text. A more adjustable spectrum is achieved using filters without
absorption edges in this energy range, and aluminum has been used for this purpose.

In Fig. 3.11 the spectral efficiency is plotted as function of tube voltage for
four different anode/filter combinations and three breast sizes. An ideal photon
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Figure 3.11: Each diagram shows spectral efficiency SE as a function of tube
voltage U for different anode/filter combinations. The diagrams correspond to 3, 5
and 8 cm compressed breast thicknesses, respectively. The breast composition was
assumed to be 50% adipose and 50% glandular tissue for all sizes.

counting system was assumed. For a small breast there is not much difference in
highest achievable spectral efficiency for the different combinations, but it is im-
portant to use a tungsten spectrum at low kVp. The diagrams further illustrate
how for average and large sized breasts the Mo/Mo combination provides subop-
timal performance. The characteristics of rhodium makes it particularly useful for
average breasts. For very large breasts the flexibility of increasing average x-ray
energy makes the W/Al combination superior and it provides for example almost
twice the efficiency of Mo/Mo. The spectral efficiency worsens for all anode/filter
combinations as the breast thickness increases.

These calculations actually describe a photon-counting multi-slit system quite
well and are useful for optimizing the tube spectra. However, simulations must
be used to quantify spectral efficiencies when scattered radiation is present. The
simulations in Ref. [64] demonstrate that, for both photon counting and energy
integrating detectors, molybdenum spectra provide better dose efficiency for small
breast sizes compared to tungsten spectra. The spectral efficiency for a medium
sized breast is about equal, and it is confirmed that it becomes increasingly advan-
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tageous to use a tungsten spectrum as the size increases. For large sized breasts, a
two-fold improvement in dose efficiency is obtained using a tungsten spectrum with
the peak voltage optimized according to breast thickness.

Most detectors impose upper limits on the tube voltage and can in some cases
force the use of a suboptimal spectrum for large or dense breasts. A common reason
is unacceptably low interaction efficiency, e.g. in a screen-film system. As indicated
in the previous chapter, cesium-iodine is a common phosphor material in digital
systems. Iodine has a K-edge at 33.2 keV and detected radiation of higher energy
will induce florescent photons with 28.6 keV (Kα) and 32.3 keV (Kβ) degrading the
spatial resolution and the DQE. This is in particular an inconvenience for CsI-based
scanning systems where increased tube voltage could reduce exposure time.

It can be concluded from this section that digital imaging impose varying re-
quirements on x-ray tube and spectra. This confirms the stronger relation between
tube and detector and the importance of including spectral efficiency when com-
paring different systems.

3.3 Energy weighting

Energy weighting is an important but often forgotten issue that arises when a broad
spectrum is used, and it originates from the fact that the detector response to a
photon is a function of its energy. An integrating system adds the detector signals
together directly while a photon counting device first transforms the individual
signals in readout electronics according to amplitude before they are added. In
either case, the integrated image response R is a weighted sum of the detected
photons ni in the different spectrum bins of energy Ei, with weight-factors wi

R =
∑

i

wi(E)ni. (3.9)

Some systems instead present the logarithm of this value in the image, e.g. screen-
film and computed radiology, but this is of no importance in the following discus-
sions. The weight-factors depend on energy in a way that is specific for a system and
is determined by detector and configuration of pulse processing readout electronics.

For the detectors used in mammography, including film, the response to a single
photon, i.e. electric charge or scintillating light, is approximately proportional to
the deposited energy. The weight-factors of all integrating systems is therefore
proportional to photon energy. A system that instead counts photons regardless of
energy has constant weight factors. Since a photon counting device processes the
photon signals individually, it is possible to assign an arbitrary energy dependence of
the weight factors. We have seen in the previous section that photons carry different
amount of contrast information depending on their energy, and it is intuitive that
there exists an “optimal weight-function” providing highest signal-to-noise ratio
[83]. More specifically, the information content decreases with energy, and we would
expect the weight-function to follow this trend. This is contrary to an integrating
system that puts greater weight to photons of higher energy. We may define a
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”weighting efficiency” that is the SNR squared relative that provided by the optimal
weight-function.

We will in the following derive the optimal weight-function and explore its
implications for mammography. Generalizing Eq. 3.1 for arbitrary weight factors
yields according to basic statistical rules of combining errors

SNR =
∑

i wi(〈nb
i 〉 − 〈nt

i〉)√∑
i w2

i (〈nb
i 〉+ 〈nt

i〉)
. (3.10)

We note that the SNR is still proportional to the square root of the dose when
external noise is neglected. The systems described by this equation are quantum
limited if the quantum efficiency is 100% and are thus performing at the theoretical
limit for a given spectrum incident on the breast. They will however yield different
image quality depending on the weighting scheme used, and it is our task to find the
weight factors that maximizes Eq. 3.10. An alternative derivation of the optimal
weight-factors can be found in Appendix A.

Inserting Eq. 3.4 and 3.5 into Eq. 3.10 gives

SNR =
∑

i wi〈nb
i 〉

(
1− exp[−(µt

i − µb
i )d]

)
√∑

i w2
i 〈nb

i 〉
(
1 + exp[−(µt

i − µb
i )d]

) . (3.11)

The writing is simplified by introducing

λi = 1− exp[−(µt
i − µb

i )d]
ξi = 1 + exp[−(µt

i − µb
i )d] . (3.12)

Equation 3.11 becomes

SNR =
∑

i wi〈nb
i 〉λi√∑

i w2
i 〈nb

i 〉ξi

. (3.13)

We may divide this expression with a factor that is independent of the weight-
function and recognize that

SNR√∑
i 〈nb

i 〉λ2
i

ξi

=
∑

i wi〈nb
i 〉λi√∑

i w2
i 〈nb

i 〉ξi

√∑
i 〈nb

i 〉λ2
i

ξi

=
ā · b̄
|ā||b̄| = cos θ, (3.14)

where θ is the angle between the two vectors

ā = wi

√
〈nb

i 〉ξi

b̄ = λi

√
〈nb

i 〉
ξi

. (3.15)

The SNR is maximal when these two vectors are parallel and the optimal weight
factors are therefore

w ∝ λi

ξi
=

1− exp[−(µt
i − µb

i )d]
1 + exp[−(µt

i − µb
i )d]

. (3.16)
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We are mostly concerned about small objects with low contrast for which
(µt

i − µb
i )d << 1 for most energies (see Fig. 3.5). The weight factors are then

approximated
wi ∝ µt

i − µb
i . (3.17)

We recognize that the optimal factors follow the contrast behavior reflecting the
interaction cross-sections in the tissues. In fact, E−3 is a good approximation of
the optimal curve for mammography, independent of tissue type (e.g., tumor vs.
microcalcification) or of the size of object being detected.

The maximal theoretically achievable SNR2 for low-contrast targets is easily
derived by insertion of Eq. 3.17 into Eq. 3.11 yielding

SNR2
max ≈

1
2

∑

i

〈nb
i 〉(µt

i − µb
i )

2 (3.18)

and the weighting efficiency WE is thus

WE =
SNR2

SNR2
max

. (3.19)

Whereas optimal weight-factors follow an approximative E−3-behavior, all con-
ventional x-ray detectors, including film and current-integrating detectors have a
signal weighting proportional to the energy, a remarkable difference in energy de-
pendence. A conventional photon-counting system with same weight to all photons
provide an improvement over current integration, but does not provide the level of
contrast sensitivity afforded by optimal energy weighting.

The relationships between SNR and signal weighting as given by the expressions
in this section is of course an idealization, assuming perfect detectors providing
exactly these weight-functions and not taking into account scatter or other noise
sources. It is however instructive to numerically evaluate the SNR and use it to
calculate the weighting efficiency for different weight-functions as it provides an
approximative comparison and the fundamental limits of systems utilizing different
signal weighting. Detailed calculations for a multi-slit photon counting system
based on silicon strip detectors appear in Chapter 7.

For this evaluation a 5 mm thick tumor was assumed in breasts of equal compo-
sition adipose and glandular tissues surrounded by 5 mm skin (it must be stressed
that both the qualitative and quantitative results are independent of whether a tu-
mor or calcification is studied, as long as it is of low contrast). Tungsten spectra fil-
tered with 0.5 mm aluminum have been used. Weighting efficiencies were calculated
for three different breast sizes. Tube voltages approximating those that maximizes
the spectral efficiencies were used and they were found by studying curves similar
to those of Fig. 3.9. In this process, both energy integrating and photon counting
detectors were assumed, the former providing a bit lower kVps. Apart from weight-
functions corresponding to E−3-weighting, integrating and conventional counting,
functions based on only two and three weights are also included. These may allow
practical implementations where it is only needed to determine in which of two or
three energy regions each detected photon belongs to. The boundaries of the energy
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bins and the relative weights at which efficiencies were maximized were found by
systematically trying different values.

The results are presented in Table 3.1. The E−3-weighting is always within one
percent from the optimal weighting, but also weighting using only two or three bins
performs near maximal efficiency. With an ideal detector, counting provides some
8-10% higher efficiency compared to an integrating system, but is 11-15% from
the optimal weighting. A conclusion from Table 3.1 is that the efficiency weakly
depends on the exact shape of the weight-function and only the general behavior
is important. This confirms that the same weight-function can be used regardless
target tissue or size. It also means that a modest energy resolution is sufficient to
gain from better weighting. However, all systems not providing equal weight to all
photons will have Swank-noise due to their limited energy resolution. A detector
with relatively high energy resolution is therefore preferred.

Table 3.1: Weighting efficiencies for different weight-functions. Tungsten spec-
tra filtered with 0.5 mm aluminum were assumed for the three breast thicknesses
respectively. The indicated tube voltages approximates those providing highest
spectral efficiencies, lower for energy integrating detectors and higher for photon
counting.

breast thickness Integrating Counting 2 bins 3 bins E−3

2 cm, 20 kVp 0.85 0.91 0.97 0.99 1.00
5 cm, 25 kVp 0.83 0.90 0.96 0.98 1.00
5 cm, 28 kVp 0.79 0.88 0.96 0.98 1.00
8 cm, 32 kVp 0.79 0.88 0.96 0.98 1.00
8 cm, 34 kVp 0.77 0.86 0.95 0.97 1.00

When scatter is present it is no longer possible to separate the weighting effi-
ciency for a certain tube spectrum. In this case, for a more rigorous estimate of the
impacts of different weight-functions computer simulations are needed. The work of
Ref. [64] demonstrates that photon counting combined with optimal energy weight-
ing typically increases the dose efficiency 25-35% for an average breast compared to
a signal integrating system and up to 45% for some breast types. Almost half of the
gain is reached with photon counting only (see Table IV in [83]). This calculation
does not include improvements due to rejection of electronic and detector noise
that can be obtained with photon counting, but only represent the statistical gain
in dose efficiency. Unfortunately, the noise rejection is frequently mentioned as the
only major advantage with photon counting while the improved weighting is usu-
ally forgotten. Furthermore, the combined effect of the superior scatter rejection
provided by a scanned slit system and photon counting yields for an average breast
a 50% improvement in dose efficiency compared to an ideal energy integrating area
detector.

The gain from energy weighting is of course greater the broader spectrum that
is detected. For constant tube voltage and a tungsten anode, the gain therefore
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Figure 3.12: Spectral efficiency SE as a function of tube voltage U for three dif-
ferent weight-functions. E−3, E being the x-ray energy, approximates optimal
weighting, constant weights are provided by a photon counting system and weights
proportional to the energy approximates the weighting in an energy integrating
detector.

decreases with breast thickness as the spectrum becomes harder. For a molybdenum
anode on the other hand, the characteristic lines decrease their dominance as the
filtering increases and the spectrum effectively appears less monochromatic leading
to increased gain.

Similarly, the effect from using a more favorable weighting is increased with
tube voltage, especially for a tungsten spectrum, and partially compensates for the
worse spectral efficiency. This is welcomed for photon counting scanning systems
with high tube load. Figure 3.12 shows the spectral efficiencies as a function of
voltage for ideal detectors that are photon counting, energy integrating and opti-
mally weighting, respectively. An average breast was assumed in the calculations.
The efficiency is almost conserved for very high kilovolts when optimal weighting
is applied. The spectral efficiency not only falls more slowly with increased tube
voltage when better weighting is utilized, but the optimal tube voltage is addition-
ally shifted upwards. The weighting efficiencies of Table 3.1 were calculated based
on tube voltages optimized for energy integrating and photons counting and thus
underestimate the gain that potentially yielded with optimal weighting. In practice
however, very few detectors can maintain performance for tube voltages above 30
kVp. The spectral efficiencies in general worsens when realistic quantum efficien-
cies are taken into account because of the loss of photons in the higher end of the
spectrum. Even if the tube voltage and filtering is optimized and the best energy
weighting method is performed, the total dose efficiency ends up significantly below
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the ideal case utilizing a monochromatic beam.
It is worth mentioning that in all indirect detectors there is a systematic de-

viation from the response due to a photon being proportional to its energy. The
intensity of scintillation photons following a photon interaction is attenuated as the
light is transmitted through the powder or columnar phosphor. The light collection
is therefore more efficient for x-ray interactions that occur closer to the light sensi-
tive element (i.e. the film, a photodiode or fiber optics coupled to a CCD). Since
x-rays of lower energy on average penetrates a shorter distance into the phosphor,
the scintillation photons must be transmitted either a longer or a shorter distance
to exit the phosphor, depending on which side of the phosphor the light sensitive
elements are positioned at. All indirect digital detectors sense the light that comes
out on the side opposite to the phosphor x-ray entrance. The light photons from
interactions of low energy x-rays are therefore on average most attenuated. The net
effect is that these photons are provided even smaller statistical weights than would
result in an ideal energy integrating system. Assuming weight-factors proportional
to the energy thus overestimates the weighting efficiencies of these detectors.

Screen-films, on the other hand, normally have the phosphor behind the film as
this increases sensitivity and resolution. In this case, interactions of low energy pho-
tons occur on average closer to the film. The weighting efficiencies for conventional
back-screen configurations are therefore underestimated. When it comes to energy
weighting, screen-film thus has an advantage compared to indirect digital detec-
tors. An initial investigation aimed at quantifying the effect of energy weighting in
phosphors is described in [85]. The preliminary results were that screen-film indeed
had improved weighting compared to indirect digital detectors and that the effect
is typically up to four percentage points on an absolute scale where the efficiencies
are about 50%.

Energy integrating direct digital detectors have in general a similar effect.
Charge losses in a photoconductor reduces signals from photon interactions fur-
ther from the collection electrodes to a larger extent. With collection electrodes
at the side opposite to the x-ray entrance the effect is quantitatively the same as
for indirect digital detectors. For example, in flat panel detectors of amorphous
selenium the average absorbed energy needed to collect one charge is about 20%
higher for photons in the lower end of a mammography spectrum compared to those
of the higher end.
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Chapter 4

Scanned Multi-Slit System

We saw in the previous chapter that today’s mammography offers far from the theo-
retically achievable dose efficiency. Scanning and photon counting systems have the
potential to increase dose efficiency considerably, but at the expense of complexity.
The benefits motivated the development of an imaging system with silicon strip
detectors configured in a scanned multi-slit geometry. During the development, the
system has in particular been optimized for mammography, although there may
also be other applications that would benefit from the efficiency and resolution it
offers. We will focus in the following on this system and begin with a thorough
description in this chapter.

4.1 General description

A schematic of the imaging principle is shown in Fig. 4.1. The x-ray photons are
detected directly in the silicon without intermediate energy conversion via a phos-
phor. Silicon has excellent electronic properties in terms of high charge carrier
life-times, small leakage currents and low noise, but a drawback is the relatively
small linear attenuation coefficient because of the low atomic number (Z=14). How-
ever, the silicon wafers are placed with their long axis parallel to the x-ray beam
direction, thereby providing a long attenuation path with high quantum efficiency
for the full energy spectrum. The detector strips are aligned in the beam direction
and the photons see a linear detector with one detector element for each strip. A
pre-collimator shapes a linear beam to match the detector and a two dimensional
image is generated when beam and detector are scanned relative to the breast. This
is called edge-on geometry and has been explored also by other groups [86,87].

Each detector element is connected using wire bonding to individual channels
of the pulse counting readout electronics. The number of events in each channel is
accumulated during a single sampling interval and transferred to a PC for storage
and image reconstruction. This system in its original design is photon counting i.e.
provides equal statistical weight to all detected photons.

It is not feasible to manufacture a single silicon detector as wide as the image

41
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Figure 4.1: Schematic of a scanning multi-slit system. Tube, collimators and
detector box are fixed to a common mechanical structure performing the scan-
motion. The detector box contains lines of silicon strip detectors and read-out
electronics.

field, but a few detectors are combined to form one line. Several of these lines are
stacked together to reduce the scan time to about five seconds. The pre-collimator
therefore has multiple slits at the projections of the detector lines. A post-collimator
is placed between breast and detector to remove radiation that is scattered in
the tissue from one beam line towards adjacent detector lines. The x-ray source,
collimators and detector lines are mounted on a common mechanical structure that
performs the scanning motion.

Many system features have to be considered when choosing x-ray source. Digital
photon counting systems achieve higher efficiency for slightly higher mean energies
compared to screen-film, and their spectral efficiencies are slightly less dependent
on spectrum width. This particular detector geometry offers nearly constant quan-
tum efficiency for relatively high energies, and thus full freedom to optimize tube
voltage according to breast thickness. These considerations suggest a tungsten an-
ode, especially because of the flexibility in altering mean energy compared to an
anode with characteristic lines within mammography energies, e.g. molybdenum or
rhodium. The high efficiency and heat tolerance also favors tungsten in a multi-slit
system.
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4.2 Silicon detector

The silicon strip detectors are similar to the ones used for tracking particles in high
energy physics experiments [88,89]. They are made from a few hundred micrometers
thick high resistivity silicon wafers with doping implants to form electrodes at the
surfaces. The entire backside is uniformly n+-doped and covered with a thin layer
of aluminum constituting a single electrode. The front side has separated linear
p+ implants stretching over the active area, and it is covered with thermal silicon
dioxide for protection. There is an aluminum strip above each implant either in
direct contact through an opening window in the silicon dioxide (DC-coupling)
or separated by an insulating layer (AC-coupling). The strips are near ground
potential while the backside has high voltage. Each front side electrode thus forms
a separate reverse biased PIN-diode with the backside. The high voltage fully
depletes the diodes, and no current flows until an x-ray interaction occurs. The
sensor is however sensitive to light and must be contained in a dark box with an
x-ray transparent window.

The x-ray interaction transfers energy to either a photo- or Compton-electron
that subsequently excites electron hole pairs. The photoelectric interaction is usu-
ally followed by a fluorescent Kα photon of 1.74 keV with an attenuation length of
12 µm. This energy is therefore deposited close to where the interaction occurred.
The average energy for creating an electron hole pair in silicon, w, is at room tem-
perature between 3.64 eV and 3.66 eV [90,91], and typically several thousand pairs
are therefore excited. This is almost a factor ten higher than for gaseous detectors
having creation energies close to 30 eV. In silicon, the creation energy does not
depend on photon energy for hard x-rays and there is only a weak temperature
dependence. It is reported in [91] that w decreases 2.4% when the temperature
is increased from 140 K to 300 K, and w depends linearly on temperature in this
range. The creation energy can therefore always be considered constant for the
energy spectra and temperature variations of this application. The charge clouds
are drifted in the bias field towards the electrodes; the electrons being collected at
the back side and the holes at the nearest electrode on the front side which provides
one coordinate of the interaction. The motion of drifting charges induces currents
to the electrodes and the integral of the signal current on an electrode equals the
charge it collects, which is proportional to the energy deposited by the x-ray pho-
ton. It takes less than 50 ns for the holes to travel across a 500 µm thick wafer
(electrons drift about three times faster than holes) and the detector has no image
lag analog to the afterglow in rare-earth phosphors deteriorating the resolution in a
scanning system. Each aluminum strip is wire bonded to a separate pulse counting
channel in the readout electronics and the detector wafers may be designed with a
pitch (center distance between strips) of 50-100 µm in order to provide the required
resolution.

If a Compton interaction occurs in the detector, the energy deposited through
the Compton electron is too small for the electronic threshold condition. As an
example: a 30 keV photon can produce a Compton electron with a maximal energy
of 3.2 keV. The scattered photon will most probably escape the detector channel and
is in worst case photo-absorbed in another channel appearing as noise. The relative
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probability for Compton scattering increases with energy in the mammography
range and is relatively large in silicon due to its modest atomic number compared
to phosphors. The cross-section for photo-absorption is ten times higher at 28 keV,
five times higher at 34 keV and equals the cross-section for Compton interaction
at 57 keV. Tube voltages up to 40 kV are therefore acceptable considering that
the most probable photon energy is at approximately 2/3 of the maximal energy.
Both Compton scatter and reduction of quantum efficiency will start to significantly
degrade dose efficiency above this voltage.

An advantage with the technology based on silicon strip detectors in edge-on
geometry is the direct detection of x-ray photons, thereby avoiding light diffusion
through a phosphor, degrading the resolution. In addition, there is no degradation
due florescent photons as in selenium (K-edge florescence at 12.7 keV) or cesium
iodide at high energies (iodine’s K-edge is at 33.2 keV). There is, however, a compa-
rably small charge spread due to the initial cloud size, mutual repulsion of charges
and diffusion. The excitation of electron hole pairs is chaotic, but the initial cloud
shape is in general nearly spherical [93]. Its diameter, d, depends on photon energy
and can be approximated with the following expression:

d = 0.0171E1.75 · 10−6m, (4.1)

where E is the photon energy expressed in keV. For example: a 20 keV photon on
average excites a cloud with 3 µm diameter. The charge spread has been simulated
and its effects on the imaging properties of the silicon strip detectors have been
investigated in detail. This is described in Chapter 7.

A guard-ring structure surrounds the strips at the active front side detector
area to prevent leakage currents generated by defects at the edge of the detector
from reaching the active region. The guard ring is similar to the strip electrodes
with aluminum on top of p+ implant and it is connected to ground. More details
about the silicon detector is found in Chapter 5 that describes the optimization
and actual design.

4.3 Read-out electronics

A few Application Specific Integrated Circuits (ASICs), typically with 128 channels
each, are wire bonded to every detector. Each channel has a preamplifier, a shaper,
a discriminator to separate photon signals from noise and a counter. The discrim-
inator threshold levels can be trimmed individually. The ASICs are provided with
shift registers that collect the counter values after each acquisition interval prior to
data transfer. The ASIC design must offer: fast processing that is compatible with
the high expected count rates, electronic noise significantly below the amplitude of
photon signals to allow photon counting and a channel uniformity preventing image
artifacts.

The ASICs are configured with on-chip digital to analog converters in order to
control them from a computer, for example, to set threshold levels, the pre-amplifier
reset time and the shaping time. Field Programmable Gates Arrays (FPGAs) could
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be used to distribute the parameters to multiple ASIC and also coordinate the
readout and adapt the output data for transfer to a PC.

4.4 Multi-slit configuration

It has been claimed that scanned slit imaging is impossible in reality because of high
tube load and unfeasible scan time [98]. An unreasonable amount of detector lines
would indeed be required to create an image at typical screen-film dose, but the sim-
ulations demonstrate that the efficiency gain from scatter rejection and improved
statistical weighting significantly impacts the number of lines needed. Furthermore,
the gain from electronics and detector noise rejection in a photon counting system
is more pronounced at low doses where the performance of conventional and in-
tegrating systems in general deviates more from the quantum limit. The edge-on
detector geometry offers a nearly constant quantum efficiency for relatively high
energies permitting increased tube voltage to mitigate possible photon starvation.
We have seen that the optimal tube voltage is higher compared to analog systems
and that the efficiency degradation from increasing tube voltage further is relatively
mild.

A scanned slit system based on one detector line could never acquire an image
fast enough with the x-ray sources available today, but several lines are stacked
together to form a multi-slit system. It is difficult to estimate the number of lines
needed and there is no sharp threshold since image quality and scan time can be
compromised. However, it is estimated that 30 lines should be sufficient, based on
the simulation studies of dose efficiency and from experimentally acquired images
at different dose levels.

In the extreme cases the lines are either placed as tight as possible together
or they are evenly distributed over the image field. All lines pass the image field
in the former case, as opposed to the latter where each line has its own field and
the scanned distance equals the spacing between two detector lines. The first case
has the advantage that all lines are creating redundant images. Furthermore, non-
uniformities in count rate between channels caused by electronic variations are
reduced approximately as the square root of number of lines. However, adding the
images of the different detector lines causes slightly degraded resolution if their
mutual alignment is not perfect. It might also be easier to implement a short and
slow scan motion.

Because of the relatively long exposure time, scanning systems might be more
exposed to patient motion compared to area detectors. However, it is not the total
exposure time that is relevant. With the first geometry, the time between the
passage of the first and the last detector lines provides an upper limit for motion
blurring. In fact, most detector lines will image a specific point in the breast
during a time which is significantly smaller compared to the total passage time.
By minimizing the distance between detector lines, the time during which motion
blurring could occur may possibly approximate that of a full-area detector system.
Furthermore, if patient motion has occurred software algorithms may compensate
the data of the different detector lines during the process of image reconstruction,
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Figure 4.2: A schematic of the detector-line configuration.

something which is not possible with technologies other than multi-slit scanning.
With the other geometry, no blurring occurs within the fields corresponding to
different detector lines. However, the entire exposure time elapses between the
collection of data from each side of the interface between two fields. Patient motion
would in this case cause discontinues at these interfaces complicating the stitching
of individual fields to a full image. With slightly overlapping fields the relative
shifts at the interfaces could probably be derived from data processing and used to
reconstruct a continuous image.

Both methods clearly have advantages and drawbacks, but a geometry with
tightly stacked detector lines was chosen for the first multi-slit prototype system,
mainly because of the redundancy and reduction of artifacts due to channel vari-
ations. It is illustrated in Fig. 4.2 how the detectors are placed within one line,
pointing back at the source. There are dead regions between the active detector
areas and the detector lines are slightly displaced in order to image the entire field.

4.5 Spatial resolution

The spatial resolution is in the scan direction limited by the width of the pre-
collimator slits, and by the detector pitch in the perpendicular direction. Suitable
dimensions for these are 50-100 µm and would ideally cause rectangular point spread
functions of these widths. However, the scan motion is continuous and the exposed
lines are therefore moved during the integration interval. As a result, the point
spread function in the scan direction will instead be triangular with a base of twice
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Figure 4.3: Apart from slit width and detector pitch, the resolution is mainly
determined by the source size and magnification/demagnification in the two direc-
tions respectively. Relevant dimensions are indicated in the figure. Note that one
detector pixel covers the whole beam profile in the direction perpendicular to the
slit. The solid lines indicate the blurring from the finite focal spot size while the
dashed lines also indicate the contribution from slit width and pixel size to the
resolution.

the slit width. A similar effect could occur in the other direction when adding the
images from different detector lines since they will be randomly displaced relative
each other. The accuracy of positioning detector lines is probably worse than a
few pitch distances so the displacements between the nearest pixels from different
images will be uniformly distributed in an interval equal to the pitch.

It has been mentioned that charge sharing slightly blurs the pixel response
in one direction, but a dominant effect on the resolution arises from geometric
blurring from the finite x-ray source. The resulting spatial resolution depends on
the dimensions of the focal spot and degree of magnification/demagnification in the
two directions. With the notation in Fig. 4.3, the blurring is given by

b1 =
s1d1

(l − d1 − d2)
, (4.2)

b2 =
s2d2

l
. (4.3)

That is, for a fixed source-detector distance l, the object-detector distance d2 is
important in the slit direction, and the slit-object distance d1 influences the spatial
resolution for the perpendicular direction. This gives the resolution an object depth
dependence. The thickest compressed breasts that can be expected are 10 cm [51],
and this sets a lower limit on the distance between collimator and detector.
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Figure 4.4: The figure illustrates anode heating along the electron beam trajectory
and the focal spot sizes in the scanning direction and in the slit direction, denoted
S1 and S2 respectively. S2 depends strongly on position in the image field.

There is a tradeoff between resolution and x-ray flux when choosing anode
to detector distance. Conventional mammography typically has 65 cm distance
and the digital multi-slit prototype system has 70 cm. The focal spot size is also
compromising resolution and flux and has a larger radial than transversal extension
on the rotating anode disc to spread the electron beam trajectory over a larger area,
thereby reducing the deposited heat per area unit, Fig. 4.4. In the direction parallel
to the electron beam, the focal spot size projected in the beam direction depends on
the angle relative to the anode surface and therefore on the lateral coordinates in the
object. Typical focal spot size and pre-collimator to detector distance are probably
300×600 µm2 (s1 × s2) and 11 cm respectively leading to d1 and d2 values from a
few micrometers up to 30 µm at various positions in the breast (up to 40 µm for
very thick breasts). Equation 4.3 also describes blurring in a conventional system,
and the dimensions are similar. The d1 and d2 values vary in the same range and
the effect from geometrical blurring is about equal for this multi-slit system and
a full-area detector. There is a difference however; a conventional system has its
worst resolution in the upper part of the breast in both directions, while a scanned
slit system improves its resolution in one direction as it is degraded in the other.

The effects mentioned above can be easily predicted and quantified, but mis-
alignment will also influence spatial resolution. The detectors have to point back
at the source and a rotation around an axis perpendicular to the wafer will cause
image blurring in the direction perpendicular to the scan direction. Blurring in
the other direction occurs if there is a relative phase shift in the readout cycle be-
tween different detector lines when they image a certain line in the object. Hence
the trigging of readout has to exactly follow the scan motion and there are great
demands on the mechanical stability of collimator support. A transversal or an-
gular displacement of detectors in the scan direction does not affect resolution but
alters the quantum efficiency, as will be described in Chapter 5. A mathematical
treatment and quantitative predictions of the spatial resolution are found in later
chapters, including effects from detector misalignment.



Chapter 5

Silicon Detector Design

This chapter describes the optimization and design of the silicon detectors to be
used in a prototype of the scanned multi-slit system. The detector was designed
to provide high detection efficiency for x-ray photons from mammography spectra,
even for higher tube voltages than is normal today. This will allow optimal voltage
also for very large breasts and aid in case of photon starvation. To achieve this,
the photons must see a sufficient depth of silicon. In addition, the charge collection
efficiency (CCE) must everywhere be sufficient so that the signal created after a
photo-absorption exceeds the electronic threshold level that discriminates noise. A
future version of the system could also include analysis of the detected photon spec-
trum allowing energy weighting which enhances the SNR as described in Chapter 3.
Of course, this increases the demands on energy resolution and thereby CCE.

The detector was also designed to offer the high spatial resolution needed in
mammography and therefore provided with fine pitch and a geometry that corrects
for parallax error that otherwise would occur from having an x-ray point source at
a certain distance from the detector.

5.1 Silicon strip detectors

This section reviews the general properties of silicon strip detectors as they are typi-
cally made today. These properties provide the boundary conditions (set by physics
and detector manufacturers) that must be considered in the design. A silicon strip
detector is manufactured on a few hundred micrometers thick high resistivity (typ-
ically 5-10 kΩcm) silicon wafer, Fig. 5.1. The wafer is of n-type (phosphor doped)
and have a crystal direction oriented to minimize surface generated leakage cur-
rents. The detector has an active volume with strips on the front side surrounded
by a guard ring structure that prevents leakage currents from imperfections near
the edge of the detector to reach the active region. As described more thoroughly
in Chapter 4, each strip forms a reversed biased diode with the detector backside,
and they sense photon interactions in their respective volume.

The strips and the guard ring structure are close to ground potential while the
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Figure 5.1: Cross-section perpendicular to the front-side electrodes in a silicon
strip detector. The wafer thickness is typically three to ten times the pitch. The
passivation-layer for extra protection is optional.

backside is kept at high voltage (in the order of 100 V), sufficient to guarantee full
depletion and make the detector active throughout its entire thickness. The detector
is therefore collecting holes on the strips and electrons on the backside. More
detailed information on photon interaction and signal formation in the detector
is found in [97]. The backside contact consists of a thin aluminum sheet upon
a shallow n+ phosphor-doped layer in the silicon. This doped region also works
as a gettering layer, meaning that it removes harmful impurity atoms in a high
temperature phase of the processing. These impurities generate deep energy states
near the center of the band gap causing leakage currents. Each strip on the front
side consists of a thin string of aluminum on top of a region with diffused boron
p+ implant. The aluminum and implant are in direct contact for a DC-coupled
detector and separated by an insulating layer in case of AC-coupling. The area on
the front side is covered with a thin layer of thermal grown SiO2 with contact holes
for the aluminum strips. The detector can be provided with a passivation layer on
top of the oxide, increasing resistance to environmental changes and for mechanical
protection.

Each strip has a bond-pad for connecting a very fine wire to an individual chan-
nel in the readout electronics. The pre-amplifiers dissipate a lot of heat and are
the main reason for an ambient temperature between 30 and 50◦C. The best work-
ing temperature for a silicon detector is well below zero and the higher operating
temperature results in increased dark currents (see Section 5.3) and slightly more
charge diffusion. The performance is again worsened at too low temperatures since
free charges remain too long in shallow energy levels in which they become trapped
on their way to the collection electrode.
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5.2 Absorption efficiency

We will now treat the quantum efficiency provided by the detector, that is, the frac-
tion of photons incident on the detector that generate detectable electric pulses on
the electrodes. This is the same as the fraction of photons that are photo-absorbed
in the active volume of the silicon detector (the energy deposited when a photon is
Compton scattered is not sufficient to create a detectable signal). The total quan-
tum efficiency of the imaging system also depends on the readout electronics, or
more specifically on the discriminator level. Therefore, in order to avoid confusion,
the quantum efficiency provided by the silicon detector will be denoted absorption
efficiency and the term quantum efficiency is reserved for the imaging system as
whole.

5.2.1 Geometry and dead-layers

As a consequence of the relatively low atomic number, the absorption in silicon is
too low for irradiation perpendicular to the thin detector wafer. Instead, the x-rays
enter the wafer edge-on parallel to the strips. The depth of silicon seen by the
photons can thereby be made longer than the absorption depth, even for photons
in the upper part of the spectrum, Fig. 5.2.

When the detector is cut out from the silicon wafer, crystal defects appear
near the edge and generate significant dark currents. These currents must not
reach the active region below the electrodes, since they would then induce noise
that completely drowns the photon signals. A guard-ring structure consisting of
electrodes similar to the strips is therefore implemented on the front side near the
edge, Fig. 5.2. They will collect all leakage currents generated near the edge, but
also the signals from the fraction of photons that interact while passing below the
guard structure. The guard structure thereby introduces a dead-layer reducing
the efficiency. The edges are in particular sensitive to radiation damage, and the
guard must be dimensioned to manage the increased leakage currents after long
term use. As a rule, the structure (and thereby dead-layer) should be at least as
wide as the wafer thickness with an extra safety margin, also ensuring well-behaved
electric fields near the edge. It is typically recommended that the dead-layer is
wider than 400 µm for a 300 µm thick wafer and 700 µm for a 500 µm thick wafer.
It should be pointed out, however, that adequate performance has been reported
for 300 µm thick silicon strip detectors having dead-layers of less than 150 µm for
edge-on imaging [86]. In a scanned slit system with detectors positioned edge-on, a
lower limit on detector thickness is imposed by beam width and alignment margins,
probably demanding at least 500 µm wafers.

An unacceptable fraction of photons is lost if the beam has to pass the dead-
layer, and it is the lower energy photons that carry most contrast information
that suffer most severe losses. The solution is to tilt the detector a small angle,
φ, and let the x-rays enter beside the dead-layer at the edge through either the
front or the backside, Fig. 5.2. There are thin dead-layers also on these surfaces
deriving from the aluminum and implant at and near the surface and their effective
thicknesses decrease with increasing tilt-angle. On the other hand, the fraction
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Figure 5.2: The silicon detector is tilted a small angle, φ, to avoid filtering the beam
through the dead-region below the guard-structure. The surface has a small dead-
layer from aluminum and undepleted implant, and its effective thickness depends
on φ.

of photons that escape interaction in the detector increases with angle and the
wafer thickness should therefore be maximized from this perspective. The excellent
bulk behavior indeed assures maintained charge collection efficiency for large wafer
thickness. However, a limitation is set by charge diffusion as described in Chapter 4,
and 500 µm wafers were chosen to keep dose efficiency losses due to charge sharing
reasonably low. The choice is based on the outcome of detailed simulations of the
charge motions in the bulk silicon. These simulations are described in Chapter 7. It
is demonstrated later in this section that the tilt angle between detector surface and
incoming photons should be between 3◦ and 5◦, meaning that the effective dead-
layers are a factor of 11-23 times larger than the thicknesses of the contributing
materials. We will see, however, that the dead-layer can be reduced more than an
order of magnitude with this approach.

The dead-layers are dependent on detector design and should be minimized
on the irradiated side. The aluminum sheet and most of the n+-diffused region
constitute the dead-layer that appears on the backside. The latter will not be-
come depleted because of its high doping concentration. The front side dead-layer
consists of aluminum, p+ implant and SiO2. The smallest achievable dead-layer is
comparable on both sides.

It was first decided to irradiate the detector through the front side since this
reduces charge sharing. This side was accordingly provided with the minimal dead-
layers that still guaranteed a safe design. The chosen aluminum (Z=13) strip thick-
ness is 0.7 µm, limited by the mechanical strength that is necessary to provide good
bonding conditions and reliable bond connections. The doping profile of the p+ im-
plants is almost gaussian and the concentration drops 5 orders of magnitude within
0.8 µm which is a bit more shallow than standard design. Finally, a 0.6-0.7 µm
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thermal layer of SiO2 oxide layer was provided, which is a quite normal thickness.
It would be possible to decrease this to 0.2 µm, but the gain in efficiency is very
small for this slight change in thickness considering the low absorption coefficient.

Passivation is often provided for extra mechanical protection and to make the
detector less dependent on environmental conditions. It is deposited on the thermal
oxide and overlaps 2-3 µm on each side of the aluminum strips, Fig. 5.1. Passivation
is either made from SiO2 or polyimide1. The oxide is typically provided in a 0.5 µm
thick layer, while 2.5 µm is used for the softer polyimide. It is uncertain whether
a passivation layer is motivated at all since the detector will be in a controlled
environment and protected by the surrounding box. The passivation process of
course requires an extra mask to be manufactured, but it is independent from
other processing steps and can be optionally added at the end of the detector
production. It was decided to manufacture these masks and most detectors have
been provided with a 0.5 µm thick SiO2-layer. The thin layer only covers about
half the area on the front side and the expected additional photon losses due to
the passivation are negligible (fraction of a per cent). Contrary to the very pure
thermal layer with process temperature around 1000◦C, the passivation is deposited
at low temperatures (the aluminum strips melt at 660◦C).

The backside was provided with a 0.7 µm aluminum layer and the phosphor-
doped n+ layer is 1-2 µm, both typical values for silicon strip detectors. After
the first detectors were manufactured however, it was decided to instead irradiate
the backside. The reason was that the dose is several orders of magnitude larger
where the beam enters compared to where it exits and the backside has higher
resistance to radiation damage (see 5.2.2). The backside dead-layer is with this
design reasonably small, but could be reduced further without having to change
the detector layout. When minimizing the n+ implant, it has to be considered that
the gettering effect depends on the implant thickness that should therefore not be
made too thin. It is further possible to decrease the aluminum thickness, probably
to 0.3 µm since this side does not mechanically support wire bonding. There is
more to gain in efficiency, however, by resizing the implant thickness.

The tradeoff between decreased dead-layer absorption and increased depth of
active detector material implies an optimal tilt-angle that depends on the energy
spectrum and therefore on the breast thickness. It is not feasible to alter the
angle between examinations since that would complicate the alignment too much.
Instead, the angular dependence of efficiency for different breast sizes have to be
studied in order to find a fixed tilt-angle providing the overall best performance.

Let us return to Eq. 3.10 and use this to evaluate the loss in dose efficiency
compared to an ideal photon counting system. The loss is expressed by

Loss = 1− SNR2
tilt

SNR2
ideal

(5.1)

1Polyimides are high tensile strength polymers that in their purest form are used in silicon
wafer manufacturing processes.
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where

SNR =
∑

i (〈nb
i 〉 − 〈nt

i〉)√∑
i (〈nb

i 〉+ 〈nt
i〉)
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for both the ideal and tilted detector (compare with Eq. 3.10). The expected
number of detected photons, 〈n〉, is in the ideal case provided by Eq. 3.3 (Beer-
Lamberitan law) that slightly modified also predicts the real detected spectrum

〈ni〉 = ηin
0
i exp(−µil), (5.3)

where ηi is the energy dependent absorption efficiency. The absorption efficiency
consists of two factors: The first is the probability of transmission through the dead-
layer consisting of aluminum sheet and undepleted silicon of effective thicknesses
dAl and dSi, respectively

ηdead
i = exp(−µAl

i dAl − µSi
i dSi). (5.4)

The second factor is the probability of photo-absorption in the depleted detector
volume

ηphoto
i =

(
1− exp(−µSi

i lSi)
)
(1− σc

σtot
), (5.5)

where lSi = 500 µm/sinφ. The last factor in this expression accounts for the
photons that are Compton-scattered instead of absorbed. We neglect the impact
on SNR from scattered photons appearing as noise in adjacent channels.

The dead-layers on the backside, scaled with a factor 1/ sin φ, were inserted in
Eq. 5.4, and Eq. 5.1 could be evaluated and plotted as function of tilt-angle. The
calculations were made for a 2 mm tumor and a 150 µm microcalcification and
this was repeated for a number of realistic spectra corresponding to different breast
sizes. The curves for the two targets were very similar and the relative efficiency
loss for imaging a tumor is presented in Fig. 5.3. We see that a very high efficiency
is achieved despite the high tube-voltages. An angle between 3 and 5◦ is preferable
as within 5% from the optimal efficiency is achieved for all breast sizes. The angular
dependencies for average sized breasts are modest in this interval and 4◦ angle is a
good compromise for the smallest and largest breasts.

The detector must be sufficiently long to keep the beam within the active volume
and therefore depends on beam width, wafer thickness and tilt angle, Fig. 5.4. The
length must additionally incorporate a margin corresponding to the uncertainty
in alignment and real focal spot size. The beam width in the scan-direction is
determined by the approximately 300 µm focal spot size and the 50 µm slit at 12-
16 cm distance from the detector providing 120 µm to 150 µm profile width. The
detector length for the prototype system was exaggerated to provide flexibility for
varying tilt angle or slit width or in case of alignment difficulties. It was dimensioned
to be compatible with a 100 µm slit meaning a profile width between 170 µm and
210 µm. The length permits tilt-angles between 2.5◦ and 5.0◦ causing a factor
11-23 magnification on the wafer surface. The achievable alignment precision is
very uncertain, but 200-300 µm displacement of detectors relative collimator slits
is probably realistic. These detectors were provided with 1.2 mm alignment margins
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Figure 5.3: The curves display a tilted detector’s relative loss in dose-efficiency
compared to a photon counting detector with 100% quantum efficiency. The loss is
a function of the tilt-angle, φ, relative the beam and the curves correspond to the
efficiency reduction when imaging a 2 mm tumor in breasts of the indicated sizes.
Tungsten spectra filtered with 0.5 mm aluminum and tube voltages increasing with
breast size (24, 28, 32, 36 and 38 kVp) were assumed.

for a 50 µm slit and the expected 4◦ angle, leading to a total strip length of 22
mm. Misalignments exceeding this margin leads to reduced efficiency. It is seen
in Fig. 5.4, that it is less degrading aiming too low and let the tail of the beam
cross the lower dead-layer from the guard ring than aiming too high and filtering
all photons through the guard ring.

5.2.2 Charge collection efficiency

Silicon has inherently a very high energy resolution, but two problems occur when a
micro-strip detector is used to combine high spectral performance with high spatial
resolution. As we saw in the previous chapter, there will be a considerate amount of
charge sharing with a strip pitch as small as 50 µm. The second problem is reduced
charge collection efficiency (CCE) for photon interactions immediately below the
oxide layer between the strips due to a distortion of the electric field. Positive
charges are accumulated in the interface between oxide and silicon, and these attract
electrons in the silicon resulting in a space charge [100]. The effect from this space
charge of electrons is that the potential increases between the electrodes. In the
resulting absence of a field gradient that drift charges towards the electrodes, they
have to diffuse out from these regions leading to charge losses and reduced pulse-
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Figure 5.4: Relevant dimensions when choosing detector length. A 4◦ tilt-angle
is assumed and the wafer thickness is 500 µm. The figure is not to scale and the
tilt-angle is exaggerated.

height events.
The concentration of positive charges increases with radiation dose but proba-

bly saturates at some point. The two most important ways to minimize the field
distortion in order to minimize charge losses is to use a technique that provides as
low concentration of positive charges as possible and to keep the area exposed to
oxide at a minimum. The concentration is expected to be less than 5·1010 cm−2

before radiation with present technology. A moderate increase in concentration is
predicted after a dose of 100 Gy (10 kRad), and the concentration will probably
not exceed 1·1011 cm−2. The detector area that is exposed to oxide can be reduced
by increasing the strip width, keeping the pitch constant at 50 µm. The aluminum
strips must be separated as well as the diffused implants, and the strip width is
limited by the manufacturing precision. Short-cutting of aluminum strips is most
critical and the detector manufacturer could provide 25-26 µm wide strips with-
out the need of special inspection. A smaller spacing would drastically increase
inspection time and worsen yield.

The widths of aluminum and diffused implant should not differ too much in
order to prevent singularities in the electric field. Potential fields were simulated for
different electrode configurations using commercial software. It was demonstrated
that the fields are more dependent on the diffusion than on the aluminum width
and that 30 µm wide diffusions in combination with 25-26 µm wide strips provides a
performance very close to that obtained with 30 µm wide strips. The manufacturer
had good experiences from diffusions 4 µm wider than the aluminum and 30 µm
wide p+ implants was therefore chosen. The simulations further demonstrated that
30 µm wide electrodes provide considerably less field distortion compared to 20 µm.
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It is therefore important to stretch out the width as much as possible to mitigate
the reduced collection efficiency.

A 500 µm thick detector with resistivity of 5-10 kΩcm has a depletion volt-
age between 90 V and 180 V. A resistivity within these limits was guaranteed by
the manufacturer, but it is expected to be 7-8 kΩcm, corresponding to a depletion
voltage of 120-130 V. The depletion voltage is then defined as the lower of the
voltages when a bias increase of 5 V has less than 1% impact on the measured
capacitance. It is generally recommended that silicon strip detectors have an oper-
ating voltage at least 5 V above the depletion voltage. The regions below the oxide
that are lacking field gradient continuously decrease with increasing bias voltage
that should therefore be maximized. This is particularly important if the detector
operates in optimal weighting mode, but a too low voltage significantly degrades
efficiency also for unweighted counting. In addition, we note from Section 4.2 that
the charge spread is approximately inversely proportional to the square root of the
bias voltage and a higher voltage reduces therefore the charge sharing. There is,
however, an upper limit in bias voltage where there is a significant risk of electrode
breakdown. Large leakage currents are then generated in the damaged front side
electrodes making these channels unusable. There is not sufficient statistics on
breakdown voltages for this detector to deduce a probability function for destruc-
tion depending on bias voltage. The experiences so far indicate that it is safe to
use a bias voltage 40% above the depletion voltage.

It is reported in [102] that abnormal features in the pulse-height spectrum,
due to the reduced charge collection efficiency below the oxide, is to a large ex-
tent avoided by irradiating the backside. This is another reason for exposing the
backside, but it is considered that by optimizing details in detector geometry, the
regions with reduced CCE will be small. Furthermore, the CCE will in these re-
gions probably be sufficient for the signal pulse-heights of most events to fulfill the
threshold condition in the comparator (provided that a correct bias voltage is used)
allowing conventional photon counting.

5.3 Noise and dark-currents

The detector capacitance must be considered as it generates noise and increases with
strip width. In Ref. [103] geometrical capacitances (that is capacitances directly
related to the electrode geometries) were calculated for silicon micro-strip detectors,
very similar to those of the present work, as function of wafer thickness, strip
widths and pitches. The results were compared to measurements, and this verified
a high accuracy of the calculations. It was demonstrated that there was only a
small contribution from capacitances other than geometrical, for example related to
the electron accumulation layer beneath the oxide. Estimates of the capacitances
provided by the detectors designed for multi-slit imaging could be interpolated
from the presented data. It was found that the capacitance is 1.7-1.8 pF/cm, or
3.7-4.0 pF/strip for 30 µm wide strips, which is acceptable. The capacitance does
therefore not impose a limitation on electrode width. The data also showed that
the inter-strip capacitance between nearest neighbors contributes about two thirds
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while most of the remainder capacitance is divided almost equally by capacitance
to remaining strips and to the backplane, respectively.

The expected leakage current, usually referred to as dark current, from a test-
area without electrodes was 100-400 pA/cm2 at depletion voltage and in room
temperature (20◦C). This corresponds to 1.1-4.4 pA for the surface area on a single
detector channel. What is important in reality is the dark current from a strip, and
it is expected that an area with electrodes provides an order of magnitude higher
current compared to the uniform test-area. This current must be sufficiently small
not to drown the preamplifier.

The two main contributions to the dark-currents are the generation currents2

from both the depleted bulk detector and the interface between silicon and oxide
(see for example Ref. [104]). The relative importance of these two currents is
dependent on the size of the oxide covered area. The contribution from the surface
region is reduced since we are aiming at broad strips, but it is still expected to be
larger than the current generated inside the bulk detector. There is additionally a
third contribution from diffusion currents in non-depleted regions, but it is of little
importance for this detector. As a rule of thumb, the leakage current from bulk
silicon is doubled for each 8◦ temperature increase.

A large leakage current can be accepted on the guard-ring and 1-4 nA/cm2 is
expected. The dead-region around the active detector volume does not have to
be minimized since the detector is tilted and the manufacturer provided one of
their standard multi-guard structures from which they have good experiences. In
addition to prevent leakage currents from reaching the active volume, the guard-
structure provides a controlled potential drop towards the edge, removes high field
regions where there is a risk of avalanche breakdown and increases the long-term
radiation stability. The multi-guard that was chosen contains ten guard-electrodes,
including the 100 µm wide innermost ring, Fig. 5.5. The other nine electrodes
are made much more narrow, and their widths increase towards the side of the
detector. Contrary to the innermost ring, they have much wider aluminum strips
than implants.

The distance from the inner side of the innermost guard-ring to the strips is
50 µm, while the distance from its outer side to the detector periphery is 650 µm,
summing up to 800 µm wide dead-region surrounding the detector. The region is
probably overestimated by 20-30 µm in this calculation since it probably begins
near the center between guard-ring and strip. There is about 230 µm distance
between guard-electrodes and detector edge. The inner guard-ring will be wire-
bonded to ground while the rest are floating, and a small area of the multi-guard is
prepared for accessing the guard-rings to measure their potential distribution. The
broad ring was provided with one bond-pad in each corner, each pad with an area
of 80×250 µm2. The length was chosen considering that a 90-100 µm long surface
is needed to easily make the bond-connections, and 250 µm allows a second manual
bonding when a connection fails and damages the surface.

It must be emphasized that it is unclear whether a multi-guard wider than

2The generation currents result from spontaneous excitations of electron-hole pairs inside a
reverse-biased depletion region.
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Figure 5.5: A close up of the multi-guard structure.

700 µm is really necessary for our application. The implemented 800 µm wide
structure is dimensioned to handle the high doses provided in high-energy experi-
ments at CERN (the European Laboratory for Particle Physics near Geneva). Since
x-rays below 50 keV are much less harmful than ionizing particles, less damage will
appear near the edge of the detector and the long term-stability is less critical. In
fact, the edge is not directly irradiated in our geometry, but merely receive scat-
tered energy. The doses are however expected to be high along the beam path since
there is only a small mass of silicon to detect all radiation during patient exposure.
The maximal annual dose is estimated to be 0.1-1 MGy at the entrance surface and
around 1 kGy where the beam exits.

5.4 Spatial resolution

A 50 µm pitch was chosen to provide the high spatial resolution demanded in
mammography. The focal spot is essentially a point source 700 mm from the
detector and the detector strips must have a fan-out in order to be parallel with
the divergent beam. Accordingly, the angle between two adjacent strips is 4.1·10−3

degrees, and the pitch is therefore 51.6 µm at the downstream side of the detector.
The angle between the two outermost strips on a detector containing 768 channels
is then 3.15◦, and the angle between the outermost strips on a full line (about 240
mm long) containing six detectors becomes approximately 20◦. A 4◦ tilt angle was
included in the calculations of strip divergence, but the tilting has a very small
effect (the relative difference between 0◦ and 5◦ is less than 0.4%).
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Positions of
alignment crosses

Bond-pads

Figure 5.6: The configuration of bond-pads and positions of aluminum crosses as
alignment references. The dimensions are provided in the text.

We see from Fig. 4.2 that the six detectors within one line are at slightly different
distances from the source. Only the second nearest detector will be at 700 mm and
have the exact fan out to match the beam divergence. The nearest distance is a
few millimeters closer and the distance to the last detector is about 4 cm longer.
This detector therefore has a fan-out that is 6% too large. The angle between the
perfectly aligned middle strip and the two outermost strips is 1.57◦, providing a
0.09◦ misalignment for these two channels. The downstream end of the 22 mm
long strips are then displaced about 30 µm. However, the beam path through
the detector is less than half the strip length and the exponential attenuation of
the beam concentrates most photon interactions to the first millimeters of silicon.
The effect from misalignment on spatial resolution is treated in Section 7.2 and
illustrated in Fig. 7.8. Only the most affected strips have been considered here and
the effect is much smaller for most detector channels. The misalignment due to
distance variations is obviously negligible.

Aluminum crosses were implemented on the detector surface outside the guard-
ring structure to simplify alignment. At least three reference points, preferably with
long mutual distances, are needed for mounting of the detectors using a precision
jig. A flexibility in the alignment process was provided by placing several extra
crosses on the detector. 12 crosses were used, 3 on each side, positioned at the
corners and centered along the edge as indicated in Fig. 5.6 (alignment crosses can
also be seen in Fig. 5.5).
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5.5 Bond-pads

Because of the fine pitch, it is important to make the bond-pads as wide as possible
to simplify the bonding process. The pads on two adjacent strips are therefore
displaced relative each other in a way that each pad has strips on both sides, Fig. 5.6.
The distance between the pad-aluminum and the aluminum on the neighboring
strips is kept at 12 µm which was the minimal safe distance that could be provided.
To increase the width further, the two adjacent strips are made narrow at the
interval facing the pad and have the minimal safe width that the manufacturer
could provide which was 16 µm. A 60 µm broad pad results, with 56 µm effective
width for bonding when 2 µm on each side is covered with passivation.

The pad configuration should allow a second attempt for bonding if a connection
fails and damages the pad surface and strip detectors are therefore normally made
with two pads on each strip. Alternatively, about 200 µm long single pads can be
used. Pads are never placed at the immediate beginning of the strips since it is
preferred to have a safe distance, typically 500 µm, between the connection point
and the guard ring.

The bond-pads are preferably placed on straight lines parallel to the detector
edge, but the manufacturer could only accomplish this by designing 768 individual
electrodes. In order to avoid this time consuming procedure, the pads were instead
placed on bows with constant radius from the x-ray source. Strips still start and
end on straight lines at the narrow and wide side of the detector, 50 µm from
the guard ring. A problem that arises is that the distance between bond-pad on
detector and ASIC varies. The bond-pads on the first and last strip are 270 µm
further from the detector edge compared to a pad in the center of the detector.
Bonding-machines can often manage automatic bonding with variable distance,
but the detector becomes more flexible when this is not required. It was therefore
decided to make the bond-pads sufficiently long to cover a straight line (thereby
excluding the possibility to have two separate pads on each strip), Fig. 5.6, and
their lengths were extended to 500 µm. The bond pads were displaced 650 µm on
every second strip, providing 150 µm spacing between two adjacent pads.

A disadvantage with this configuration is the longer distance between detector-
pads and ASIC-pads (20% increase) compared to a layout with short pads on
straight lines. The first bonding line is 270 µm further from the edge because of the
position of the outermost pads, and the second line comes almost 700 µm further
away since an extra 400 µm is added due to the pad length. The distance between
detector-pads and ASIC-pads should be minimized since it determines the height of
the bond-loops and thereby limits the closest achievable distance between detector
lines. The center pad on the outer row was placed 300 µm from the strip-end.

It is possible with the right software tools to implement the more advantageous
design having short pads on straight lines. This change should be included in future
redesigns to reduce unnecessary pad-length and bond-distance.

Meanwhile, bonding of many detectors has proved that the design of bond-pads
as described here is successful. The size is sufficient, and there has been no problems
with poorly attached bond-wires which indicates sufficient aluminum thickness.
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5.6 Manufacturing

The masks can be generated either with electron beam technique or laser providing
0.5 µm and 25 nm address sizes respectively. If an e-beam is used, distinct steps
appear at the edges of structures with small angles relative the two orthogonal refer-
ence axes. These small steps would probably not impact the detector performance
since the effect on electric fields is assumed negligible and there would probably not
be any problems with, for example, short-cuts between aluminum strips. However,
it is clear from the discussions on charge collection efficiency that the strip width
should be at the limit of what is possible without decreasing detector yield. It is
also important to provide the bond-pads with maximal width. The margins are
slightly smaller using e-beam for mask production, and laser was chosen since the
increase in cost was modest.

In addition to the detectors, the wafer layout also contained test diodes and
PCMs (process control monitors). These are used to verify that the process was
satisfactory and provides information about dark currents and current-voltage char-
acteristics.



Chapter 6

MTF, NPS and DQE

The aim of this chapter is to summarize the standard quantities used to measure
the performance of imaging systems. These include the modulation transfer func-
tion (MTF), the noise power spectrum (NPS) and the detective quantum efficiency
(DQE). A basic understanding of these is necessary to follow the coming chap-
ters in which the performance of the multi-slit system is modelled in detail and
experimentally verified. This chapter should also interest readers that are already
familiar with these concepts as considerations regarding digital imaging systems
are discussed. Furthermore, the chapter ends with a concrete suggestion of how the
DQE by a small extension could provide the dose efficiency including effects from
scattered photons, spectral and weighting efficiencies.

6.1 Introduction

The DQE is the quantity that is commonly used to describe the overall behavior
of an imaging system. It expresses the measured signal-to-noise ratio squared as
function of spatial frequency u relative a system with constant ideal response at all
frequencies.

DQE(u) =
SNR2

Meas(u)
SNR2

Ideal

(6.1)

The standard way of measuring DQE does not include contrasts in a adequate way.
In Eq. 6.1 SNR is therefore not describing the signal difference between two tissues
in the way Eq. 3.1 does and the effects from scatter rejection, spectral efficiency
and weighting photons according to contrast information content are thereby not
included. Another problem is that it is difficult to interpret DQE-curves from under-
sampled digital systems since they do not clearly reveal how the system responds
to higher image frequencies. This will be further discussed later in Section 6.2.

The DQE is derived from measurements of modulation transfer function (MTF)
and noise power spectrum (NPS) in combination with detector exposure, or quan-
tum efficiency (QE) directly when possible. It is directly proportional to the quan-
tum efficiency in the normal definition, again neglecting the different contrast in-
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Figure 6.1: Left: The dose efficiency (DE) decreases faster than quantum effi-
ciency (QE) for an increasing dead-layer. Right: This is contrary to reducing the
detector thickness that results in more escaped photons. The curves correspond to a
30-kVp spectrum filtered by an average breast. A silicon detector with a dead-layer
of undepleted silicon is assumed.

formation content carried by photons of different energies. The dose efficiency is
in reality only proportional to the quantum efficiency in case of a monochromatic
beam. There is in general a weaker dependence when photons escape the detector
since they are on average of higher energy, and similar a stronger dependence for
photons absorbed in a dead-layer, Fig. 6.1.

The modulation transfer function tells in a relative sense how well different
spatial frequencies are transmitted through the system and the noise power spec-
trum describes the amplitude variations at a given frequency. In other words, these
quantities represent the signal response and the noise squared as function of fre-
quency. Properly normalized, the ratio of the MTF squared and the NPS thereby
provides a measure on the achievable signal-to-noise ratio as function of spatial
frequency. This quantity is called noise equivalent quanta (NEQ). The DQE is
the noise equivalent quanta divided by the ideal SNR2 (the quantum efficiency is
implicitly included in this division).

6.2 Modulation Transfer Function

The MTF is a measure of the response to different imaged spatial frequencies and
for long has been useful in comparing the resolution of analog imaging systems.
It is also the best tool for describing digital systems, despite that difficulties in
the interpretation arise and that exact quantitative comparisons are in general no
longer possible. These problems are thoroughly described in [105] and summarized
below.

The MTF is by standard definition the magnitude of the optical transfer func-
tion (OTF), derived from the fourier transform of the point spread function (PSF).
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Figure 6.2: The upper diagram is an MTF of an analog system or the MTFpre of
a digital system. The lower diagram is the MTF of a digital system sampling with
twice the Nyquist-frequency, uN , which is usually the reciprocal of the detector
pixel-size. The MTFpre is then replicated with periodicity 2uN , and the system is
undersampled if the replications overlap, causing aliasing.

These are all two dimensional quantities for a two dimensional image, but the stan-
dard methods for measuring MTF only consider the directions separately and a one
dimensional treatment will therefore follow. The OTF is then derived from the line
spread function.

The fourier transform of the LSF is denoted OTFpre and the associated MTFpre

describes the resolving capability of a detector pixel, including possible focal spot
blurring. In the coordinate direction x;

MTFpre(u) = |OTFpre(u)| = |F [LSF(x)]|, (6.2)

where u denotes spatial frequency along this direction and F is the operator of
the fourier transform. The LSF is assumed to be normalized having an area equal
to one. This also makes MTFpre(0) equal to one. A digital detector samples the
image with a sampling interval, b, which equals the detector pitch for most sys-
tems. Mathematically, this means that the line-spread function is multiplied with a
sampling comb, III(x, b). A digital optical transfer function (OTFd), incorporating
the sampling, is defined

OTFd(u) = OTFpre(u) ∗ III(u, b−1). (6.3)

The sampling causes replication in frequency space and aliasing occur unless the
sampling interval is sufficiently small to prevent the replications from overlapping,
Fig. 6.2. The MTFpre is in general broader than the Nyquist frequency1, uN ,

1The Nyquist frequency is the highest frequency that may be reconstructed from sampled data.
According to the sampling theorem it is equal to half the frequency at which data was sampled.
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causing undersampling in digital systems. Undersampling has two consequences
that alter the properties of MTF and severely complicates its interpretation:

1. Intervals with aliasing in the digital MTF do not describe the system response
to a single sinusoid frequency.

2. The MTF is no longer phase invariant in an undersampled system, i.e. it
depends on the exact object position relative detector.

For an analog system, or a digital system that is not undersampled, the MTF
can be interpreted equivalently as either the relative frequency response to a delta
input (a delta function has a uniform frequency distribution) or as the response to
single sinusoids. The two interpretations can be used as separate definitions of the
MTF in a digital system:

MTFd(u) =
|OTFd(u)|
|OTFd(0)| (6.4)

for a delta input, or

MTFd(u) =
|FTd(u)|
|FTin(u)| , (6.5)

where FT (u) is the fourier transform of a single sinusoid (this is a function and
should not be mistaken for the operator F). The normalization in Eq. 6.4 assures
that MTFd(0) always equals one also in presence of severe aliasing. Equation 6.4 is
the standard definition of MTF being the amplitude of the optical transfer function,
while Eq. 6.5 is the MTFpre. We note that these two definitions are no longer
identical when aliasing is present. The digital OTF is no longer the single sinusoidal
response since contamination from adjacent replications is added. It can be argued
which definition is more appropriate since a real object neither resembles a delta
function or a single sinusoid input.

The relative phase between pixel array and object determines how the overlap-
ping replications are combined. Two adjacent replications in the digital OTF are
added in phase when a delta input is perfectly aligned in front of a pixel, but a delta
input centered between two pixels will cause the replications combine destructively,
180◦ out of phase.

Mathematically, the digital OTF from a delta input displaced a distance a
relative a delta-peak in the sampling comb is

OTFd(u, a) = [exp(−2πiau)OTFpre(u)] ∗ III(u, b−1). (6.6)

According to the standard definition of MTFd expressed by 6.4, we need the am-
plitude of 6.6 to derive the digital MTF. A straightforward but tedious derivation
provides

|OTFd(u, a)| =
{ ∞∑

i=1

∞∑

j 6=i

[R(ui)R(uj)− PijM(ui)M(uj)] cos[2πa(ui + Pijuj)]
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Figure 6.3: Definition of the frequencies used in Eq. 6.7. The contributions from
u2 and u3 to the amplitude at u1 in the real part of OTFd of an undersampled
system is indicated with dots. A similar diagram can be drawn for the imaginary
part.

+
∞∑

i=1

∞∑

j 6=i

[M(ui)R(uj) + PijR(ui)M(uj)] sin[2πa(ui + Pijuj)]

+
∞∑

i=1

MTF2
pre(ui)

}1/2

, 0 ≤ u ≤ uN , (6.7)

where R and M is respectively the real and imaginary part of OTFpre and Pij is 1
if i and j have opposite parities and -1 otherwise. The frequencies u2, u3, etc. that
are aliased to u1 are visualized in Fig. 6.3. We see that they are in the intervals
0 < u1 < uN , uN < u2 < 2uN , 2uN < u3 < u3N , etc, and expressed

ui = u1 + (i− 1)uN , i odd, (6.8)
ui = (2uN − u1) + (i− 2)uN , i even. (6.9)

It is obviously only needed to include the first few terms in the summations since
contributions from higher frequencies are negligible. The interval between zero and
uN is sufficient to describe all frequencies as it can be reflected about zero and
replicated to cover the entire spectrum.

Equation 6.7 reduces to the MTFpre when there is no overlap between repli-
cations, and there is thus no phase dependence for a digital system that is not
undersampled. Meanwhile, the digital MTF is in general not properly defined as
it may vary between a minimal and a maximal MTFd depending on the phase.
In order to solve this problem, an expectation modulation function (EMTF) is
introduced. It is calculated by averaging the MTFd over a period

EMTF(u) =
1
b

∫ b

0

da
|OTFd(u, a)|
|OTFd(0, a)| , 0 ≤ u1 ≤ uN . (6.10)

The phase problem is overcome by using EMTF for describing the average
behavior. However, the MTF does not describe the response to a single sinusoidal
for an undersampled system, and its interpretation is thereby difficult. Two system
can have different MTFpre but identical EMTF despite their different resolution
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properties. The MTFpre should therefore be studied in addition to the digital
MTF, and this will often allow a qualitative comparison between systems. It is still
difficult in many cases to make even a qualitative comparison since the amount of
aliasing and thereby system performance depends on the particular object-spectrum
that is imaged. Unfortunately, there exists no input independent measure of the
frequency response for an undersampled system, and caution is necessary not to
overinterpret and misinterpret the MTF.

We finally note that the modulation transfer function tells nothing about the
absolute contrast recorded by a detector. It merely expresses in a relative way how
well frequencies from object contrasts are transferred to an image. In addition, it is
in practice usually determined by measurements of high contrast objects and then
only describes the limiting spatial resolution. The MTF is therefore not always a
fair indicator of the resolution that is achieved in a real situation. As an example,
screen-film systems have a high limiting resolution, but the film granularity lowers
the resolution for imaging realistic low contrast objects.

6.3 Noise power spectrum

The noise power spectrum is the variance of a particular frequency component of
an image. Mathematically it is defined as an ensemble average

NPS(ui, vj) ≡ lim
Nx,Ny→∞

lim
M→∞

NxNy

M

M∑
m=1

|FTij {I(x, y)− S(x, y)} |2, (6.11)

for M recorded images I(x, y) with Nx×Ny pixels. S(x, y) is the deterministic part
of the image on which the stochastic variations are added. The NPS conjugates to
the variance in cartesian space as provided by the autocovariance function. This
can alternatively to Eq. 6.11 be used to calculate the NPS from flat images

NPS(ui, vj) =
NxNy

M

M∑
m=1

|FTij {autocov [I(x, y)− S(x, y)]} |. (6.12)

It is important to observe the two-dimensional NPS as it may contain features that
are not representative in certain directions, especially along the detectors natural
x- and y-axis.

An image spectrum is not only contaminated by signals above the Nyquist
frequency, but high frequency noise is also aliased. Only the digital noise power
spectrum can be measured, with aliasing of this noise above the Nyquist frequency
included. The noise has in general a very broad spectrum and is aliased practically
in all systems. The noise power spectrum can therefore not be interpreted as the
variance of a single presampled frequency, similarly as the MTFd of an undersam-
pled system is no longer the single frequency signal response. A difference between
aliasing of MTF and NPS, however, is that the latter, because of its definition,
does not require phase analyzes and it is space invariant. When forming the digital
NPS, the aliased frequency components simply add in a way similar to uncorrelated
variances.
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6.4 Detective Quantum Efficiency

When all components have been collected the DQE can be calculated. This is
done separately in the two directions. First the noise equivalent quanta, NEQ,
is assembled. The NEQ describes the measured signal to noise ratio squared as
function of frequency

NEQ(u) ≡ (NxNySAve)2MTF(u)2

NPS(u)
, (6.13)

where SAve in the normalization factor is the average signal value of a pixel.
The question is whether to use MTFpre or EMTF in Eq. 6.13. It is not quite

satisfactory to use the MTFpre since it describes the single sinusoidal response,
while a realistic spectrum typically has a broad distribution and some degree of
aliasing occur in an undersampled system. The incident noise power spectrum is
always broad band and only the digital NPS can be measured. It will therefore offer
greater consistency to use the EMTF, also defined with a broad band spectrum.

However, a uniform frequency distribution is not necessarily a good description
of a real incoming spectrum. The NEQ can therefore not be interpreted as the
maximum achievable SNR2(u) where there is aliasing, even if it is based on the
EMTF. It merely approximates the SNR2 when the incoming information has a
broad frequency distribution. Although the EMTF is probably to prefer, there is
no “right or wrong” when defining the NEQ, and it is a good idea to calculate
NEQ based on both EMTF and MTFpre. Both results should be presented as they
complement each other in describing system performance in the limits of broad and
narrow band information respectively.

The DQE is then calculated as

DQE(u) =
NEQ(u)
SNR2

ideal

, (6.14)

where SNRideal is synonymous to the incoming SNR. For energy integrating systems
it is sometimes chosen to compute an energy weighted variance in the derivation of
SNR2

ideal. This has nothing to do with the energy weighting according to contrast
information content as no contrast is included in this SNR. However, the SNRideal is
by definition of the DQE based on photon numbers. Fortunately, the computations
simplify in this case since the variance equals the number of incident photons, which
therefore also equals the SNRideal.

6.5 Dose efficiency

As discussed in Chapter 3, dose efficiency is a more adequate measure of system
performance than DQE. While only the dose efficiency at zero spatial frequency
has been considered this far, the generalization to a frequency dependent quantity
is easily derived.

At zero frequency, both the DQE and the dose efficiency compares achieved
SNR to one provided by an ideal system, but the definition of signal differs. It is
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for the DQE the total signal S = NxNySAve in flat (meaning same expectation
value for all pixels) regions of interest (ROIs) and the noise squared is its variance.
The measured variance is identified as NPS(0). In case of dose efficiency, the signal,
which will be denoted Sdiff , would in an analog way be defined from the difference
between the total signals in ROIs from two ensembles (compare with Eq. 3.1). One
of the ensembles corresponds to background tissue while the other corresponds to
tissue with a target. While in Chapter 3 the variances of the dose efficiency were
taken as the sum of the variances of background and target signal, this choice is a bit
arbitrary and the variance of the background signal alone could alternatively have
been used. The question to use the sum or simply the variance of the background
signal is more of academic interest and has no practical importance. In fact, both
definitions are found in literature. We may therefore use the same variance in the
definition of dose efficiency as in the DQE.

The definition of Sdiff makes it related to the contrast and is the reason why
all the effects missed by the DQE, e.g. efficiency of scatter rejection, spectral
efficiency and weighting efficiency, are included in the dose efficiency. Extending
the discussion to frequency dependent quantities, the signal S in DQE(u) may be
replaced by Sdiff to invoke the contrast. Instead of

DQE(u) =
S2MTF(u)2

NPS(u)

SNR2
ideal

, (6.15)

we thus get

DE(u) =
S2

diffMTF(u)2

NPS(u)

[SNRdiff
ideal]2

, (6.16)

where DE(u) is the frequency dependent dose efficiency and SNRdiff
ideal is based on

the ideal Sdiff . The signal S from the DQE corresponds to the background signal
of Sdiff . The contrast C between background and target is then

C =
S − Starget

S
(6.17)

meaning that Sdiff = CS. The relationship between dose efficiency and DQE is
therefore

DE(u) =
(

C

Cideal

)2

DQE(u), (6.18)

where Cideal is the “ideal” contrast between target and background. According to
this equation the dose efficiency may be derived in the following way.

In addition to the traditional DQE a contrast relevant for the application is
measured under exactly the same conditions, e.g. same tube-voltage, filtration and
scatter rejection. It is important that the object providing the contrast is posi-
tioned in the central part of the image as to provide typical scattering conditions.
With knowledge about the materials and exact dimensions used in the contrast
measurement the contrast that would have been registered by an ideal system is
calculated. The measured and ideal contrasts and the DQE then yields the dose
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efficiency. Whereas the DQE is often measured under different conditions compared
to patient examinations, for example with the anti-scatter grid removed which ac-
tually improves the DQE while it would deteriorate the image quality, conditions
that optimizes the dose efficiency and image quality coincide per definition.

The dose efficiency is independent of whether a low contrast tumor or calci-
fication is considered. The relative contrasts from different imaging systems and
therefore the measured dose efficiency do not significantly depend on the dimen-
sions and materials used, as long as they roughly resemble a typical low contrast
target in mammography. It is important, however, that objects simulating tumors
replaces background material and are not added to it. This is further discussed
later in this section. It is additionally crucial that the ideal contrast is calculated
based on the same assumptions regarding the ideal imaging system as when the
SNRideal of the traditional DQE was calculated.

Ultimately, all systems would be compared to an ideal one with 100% quantum
efficiency, rejecting all scattered photons and using a mono-energetic beam. The
optimal energy for an ideal system is near 21 keV for an average breast. At this
energy Cideal and the SNRideal (according to the traditional definition) providing
same object dose as used in the NPS-measurement could be calculated and used
as reference in the dose efficiency. In practice, such calculations could lead to
uncertainties as they depend on the exact cross-sections used. A perhaps better
approach would be to include a target area within the phantom used for the NPS-
measurement and have the contrast calibrated by other means, e.g. using a detector
of high energy resolution and a narrow energy window tuned at 21 keV. Of course,
the SNR2

ideal, which is just the number of transmitted 21-keV photons at a certain
dose could also be easily calibrated and scaled to arbitrary doses.

On the other hand, if one is only interested in comparing the relative dose
efficiencies between systems (or wants to optimize parameters for one system),
no knowledge about Cideal is needed. The same physical contrast could then be
measured by both systems and together with the respective DQEs provide the
relative performance by

DErel(u) =
C2

1DQE1(u)
C2

2DQE2(u)
. (6.19)

However, both DQEs need to have the same assumptions regarding spectrum and
energy weighting of the ideal system in order for Cideal to cancel out.

Contrast-detail phantoms are often used in the assessment of system perfor-
mance. The ability to visualize the objects contained in these phantoms is directly
related the dose efficiency. These measurements are therefore an adequate tool for
making a fair comparison between all kinds of system and an alternative to record-
ing a dose efficiency curve in the way described above. However, it is with both
methods important that the contrasts are adequately implemented. For a specific
energy, the contrast for a target object replacing background tissue is expressed

C(E) = 1− exp [−(µt(E)− µb(E)d)] , (6.20)

with the notation introduced in Chapter 3. Since we are most concerned with low
contrast objects that are more difficult to resolve, we may expand this expression
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and find that the energy dependence is given by

C(E) ∝ µt(E)− µb(E). (6.21)

If the contrast is instead implemented by adding a target object to background
material the energy dependence becomes

C(E) ∝ µt(E). (6.22)

Phantoms that have the contrasts implemented with voids in the material follow
this equation, in which case µt = µb.

Figure 6.4 displays the energy dependence of the linear attenuation coefficients
for normal tissue µnorm, tumors µtumor and calcifications µmc. It additionally
shows the energy dependence of the difference in attenuation coefficient ∆µ be-
tween target, consisting of either calcification or tumor and normal background
tissue. ∆µ for a tumor provides an energy dependence very close to E−3. This is
understood in the following way. For these energies and materials the cross-section
for photo-absorption and Compton scattering (per atom) are to a good approxima-
tion given by σphoto = 24.2Z4.2E−3 and σcomp. = 0.56Z (σ in barns and E in keV),
respectively. The linear attenuation coefficient is calculated by multiplying the in-
teraction cross-section with the atomic number density2. Tumor and normal tissue
have similar average atomic number and atomic number densities, and the constant
term cancels. The contribution from photo-effect is more strongly dependent on Z
and is cancelled to a lesser degree. The energy dependence of photo-effect there-
fore dominates leaving ∆µ proportional to E−3. A calcification has higher atomic
number and therefore a much larger cross-section for photo-effect. Both µ and ∆µ
are therefore almost proportional to E−3. The linear attenuation coefficients µnorm

and µtumor, on the other hand, decrease slower with energy due to the term from
scattering.

According to Eq. 6.21 and 6.22, the energy dependence of a contrast from
a target material replacing background tissue and a target that is simply added
are provided by ∆µ and µ, respectively. The former case best describes a real
situation and different ∆µ, providing realistic contrasts, have been demonstrated
to have a very similar energy dependence. This is the reason why dose efficiency,
optimal energies and weight-functions do not depend on what target is considered,
as long as the contrasts are small enough that the first term of a series expansion
to Eq. 6.20 yields a good approximation. Larger contrasts begin to saturate at
low energies leading to slightly increased optimal energies. The linear attenuation
coefficient used for normal tissue in Fig. 6.4 is similar to the one for phantom
materials. Thus, if a phantom simulate targets by having voids or extra material
of varying thicknesses, their contrasts will have an energy dependence that differ
from those found in reality.

At first glance, the difference in behavior for µ and ∆µ seen in Fig. 6.4 does
not appear to be of any greater importance. However, this is not the case. When
material is added instead of replaced, the increased contrast at higher x-ray energies

2The atomic number density is NA · ρ/M , where NA is Avogadro’s number, ρ is the mass
density and M is the molar mass.
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Figure 6.4: The solid curves represent the energy dependence of linear attenu-
ation coefficients for normal breast tissue (µnorm), tumors (µtumor) and micro-
calcifications (µmc). In order to visualize the energy dependence, the curves are
normalized to one at 15 keV. (µmc) almost coincides with ∆µ for tumors and micro-
calcifications, represented by two dashed curves. They are to a good approximation
proportional to the energy to the power of minus three.

makes it more favorable to use these photons. In fact, the decreasing contrast is in
this case approximately compensated for by the decreasing average dose provided
per photon. The optimal energy is thereby increased and above it the SNR at a
certain dose is almost independent of energy, Fig. 6.5. This is very different from a
real situation.

Contrast from voids or added material provide a false representation of a sys-
tems performance. The overestimated use of higher x-ray energies increases the
observed dose efficiency with about 10-12% for an energy integrating system. This
is in practice not severe since photon counting is also overestimated by merely 2%
less. The effect has a much worse impact on the spectral efficiency, that is, when
comparing the performance achieved using different tube spectra. As shown in
Fig. 6.6, the efficiency obtains a drastically different dependence on tube voltage.
Instead of reaching a maximum, the apparent efficiency continues to increase with
kVp. For a fixed spectrum, the energy dependence of the quantum efficiency will
have a different impact on the image quality than it has in reality. When optimizing
tube voltage for a system of high quantum efficiency in the upper energy range, one
could be fooled to use too high kVp. This is of a concern particularly for scanned
systems where a high photon flux, that may be provided by higher tube voltage, is
desired.
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Figure 6.5: The efficiencies of mono-energetic x-rays for imaging small tumors,
either replacing normal breast tissue or simply added. An average breast thickness
and composition were assumed. The efficiency is the SNR2 achieved, normalized
to one at the maximum.

In summary, when measuring a contrast for the dose efficiency curve, a target
replacing the background material should be used. It is also fine to add a thin
foil of a material of higher atomic number as contrast. The large cross-section for
photo-effect assures in this case that the contrast’s energy dependence will be the
same as if material was replaced. Micro-calcifications may therefore be simulated
this way. It has been demonstrated that the use of phantoms where the contrasts
come from voids or added breast or tumor equivalent material is directly unsuitable
in many cases.
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Figure 6.6: The diagram shows efficiencies provided by tungsten spectra of different
anode voltages. The same objects as in Fig. 6.5 were used in the calculations, and
the efficiency is defined in the same way.
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Chapter 7

Modelling detector behavior

It is described in this chapter how the silicon strip detectors have been simulated
and modelled in order to predict their behavior in detail. The detectors were
modelled according to the design parameters described in Chapter 5, having 50 µm
pitch on 500 µm thick wafers. A good understanding of the detectors as single
components is very important as it makes many predictions about the imaging
behavior of a multi-slit system possible. Many of the quantities commonly used
to characterize imaging systems (e.g. MTF and DQE) may be derived from the
models and compared to measured data.

7.1 Simulations

A software program was developed which could simulate the motion of free charges
in the bulk detector and calculate the signals they induced on the electrodes. The
program is custom designed for a silicon strip detector, but can easily be modified
to simulate detectors of other materials and geometries. It first generates two kinds
of potential fields. The first describes the electric potential and is calculated by
numerically solving Poisson’s equation with boundary conditions provided by the
bias voltages of the electrodes. The field was at the interfaces to the oxide layers,
between the front side electrodes, modelled according to data from the commercial
simulation software Medici with ability to calculate the field distortion due to the
positive charges accumulated in the oxide (this software is however unable to sim-
ulate the detector dynamics). The second potential is a so called weighting field,
describing the electrostatic coupling between free charges in the detector and an
electrode [94,95]. Each electrode has a separate weighting field that is used to cal-
culate the current induced from charges moving in the bulk detector. The weighting
fields also satisfy Poisson’s equation and are calculated in the same manner. What
differs is the boundary conditions; the electrode associated with the field has unit
potential, while all other electrodes have zero potential.

It is shown in Appendix B that the charge that is induced on an electrode
because of a particle having moved between two points is simply the charge of this

77



78 CHAPTER 7. MODELLING DETECTOR BEHAVIOR

particle times the difference in weighting field potential between its final and initial
position. It follows that the integral of the signal induced on an electrode equals the
charge it has collected. It should be noted, however, that also the complementary
particle in the pair that was excited contributes to this signal (the electron in this
case since the hole is collected on the strips).

At a specified position in the detector, the simulation program randomly dis-
tributes a cloud of electrons and holes within a sphere of the radius provided by
Eq. 4.1. The number of electron-hole pairs is calculated from the photon energy and
the average energy to create one pair. The program then makes small increments
in time, drifting and diffusing the charges individually. The electric field forcing
the charge drift is the sum of the bias-field and the integrated electric field from all
other free charges, thus accounting for charge spread due to mutual repulsion. The
random displacement dx due to diffusion during the time increment dt is modelled
by the following probability distribution

P (dx) =
1√

4πDdt
exp

(
− dx2

4Ddt

)
, (7.1)

where D is the diffusion constant provided by

D =
kBTµ

q
. (7.2)

kB is Boltzmann’s constant, T the temperature, µ the mobility and q the charge
of the diffused particle. The induced signal on each strip is integrated over all free
charges and recorded for each time step.

The program was used to quantify the charge spread in these detectors [96,97].
It revealed that the mutual repulsion is initially significant, but the drift distance is
in general long enough for diffusion dominance. The lateral spread of charge clouds
reaching the electrodes is therefore approximately proportional to the square root
of the drifted distance and is limited by the wafer thickness to about 10 µm r.m.s..
The distribution describing the fraction of charge that is detected in one channel
for photon interaction near the boarder to its neighbor is found in Fig. 7.1. When
a photon interaction occurs near the border to an adjacent channel, charge spills
over and distorts the ideal rectangular pixel response.

7.2 Effects of charge sharing

Knowing how the charge from a photon interaction at a certain position is divided
on adjacent channels, it is now possible to quantify how this will effect the spatial
resolution and efficiency of the detector as an imaging device. In the calculations,
the distributions of photon interactions throughout the detector cross-section must
be used. There is one such distribution for each energy and it depends on the angle
of incidence of photons relative to the detector surface. These distributions are then
weighted by the energy spectrum of the photons that interact inside the detector.
When analyzing the effects of charge sharing it must be realized that ideal photon
counting is not achieved with simple pulse counting electronics when charge sharing
is present. This may lead to image artifacts as explained in the following.
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Figure 7.1: The fraction of charge that is collected on an electrode as function
of interaction position. The channel boundary is indicated and the electrode is
centered one half pitch distance (25 µm) to the left. The charge spread is as
expected larger for interactions near the backside since the holes drift a longer
distance. Note the compressed scale in the direction across the wafer. The data
comes from computer simulations of charge movement and signal formation in the
silicon detector.

7.2.1 Channel variations

An ideal detector would provide a pulse-height spectrum that exactly follows the
energy spectrum of interacting photons. Due to the filtration, no photons below
15 keV are expected and this would result in an interval without events in the
pulse-height spectrum up to the corresponding signal amplitude. The threshold
level could then be set anywhere in this empty region yielding a correct count rate
independent of the exact threshold level, provided that the threshold level is higher
than the electronic noise level (which is an order of magnitude lower than the signal
corresponding to 15 keV).

Silicon as a material offers indeed very close to ideal behavior, but the charge
sharing causes events having reduced pulse-heights in the channel where the inter-
action occurred. The charge sharing can by definition never exceed 50% indicating
that the pulse-height spectrum for events in a certain channel has a lower limit
corresponding to half of the lowest energy. Although there are reasons to sus-
pect certain charge losses with this detector geometry, there is still a sufficient gap
without events in this pulse-height spectrum. However, the pulse-height spectrum
of charge spilled over from the adjacent channels is also added, stretching from
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Figure 7.2: The real spectrum of detected photons (Energy spec.) is distorted due
to charge sharing. The spectrum from a certain channel contains reduced pulse-
height events from interactions near the border to the adjacent channel (Reduced
p.h.-spec.), but also the pulse-height spectrum from charge that is shared from its
neighbor contributes (Shared p.h.-spec.). There is therefore a tradeoff between dis-
criminating real events and double-count photons when setting the discriminator
level. The spectra where calculated based on the simulated charge sharing distri-
butions, and the 30-kVp tungsten spectrum was filtered with 4 cm breast tissue.

zero to half the photon spectrum peak energy. The result is a continuous non-
zero pulse-height spectrum that must be cut somewhere by the electronic threshold
level. Since there is an overlap between the two added pulse-height spectra, there
is a tradeoff between discriminating photon events and counting single photons in
both adjacent channels, Fig. 7.2. The former is analog to a decrease in quantum
efficiency, while the latter, referred to as double counting, increases the variance of
counted events and distorts the contrast information. It is predominantly photons
of higher energy that are double counted and provided doubled statistical weight
despite their smaller information content.

The tradeoff between high quantum efficiency and a small degree of double
counting is visualized in Fig. 7.3. Assuming a typical energy spectrum the frac-
tions of photons that have been absorbed in the detector and become counted in
one channel or double counted in two adjacent channels, hereafter denoted γs and
γd respectively, are plotted as function of threshold level. The fraction absorbed
but unregistered photons is denoted γu and the factor it imposes on the quan-
tum efficiency is called qereg. The total quantum efficiency is then the absorption
efficiency times this factor; qe = qeabsqereg and qereg = 1 − γu. The threshold
providing highest efficiency is obviously in the neighborhood of the one providing
maximal single-counted events. This maximum is found at about 12 keV where



7.2. EFFECTS OF CHARGE SHARING 81

0 5 10 15
0

10

20

30

40

50

60

70

80

90

100

Threshold [keV]

Fr
ac

tio
n 

of
 p

ho
to

ns
 [%

]

single-counted
double-counted
uncounted

Figure 7.3: The curves describe as function of discriminator level the fractions of
photons that increment one counter, are double counted and are missed, respec-
tively, relative all photons absorbed in the detector. A 30-kVp tungsten spectrum
filtered with 0.5 mm aluminum and 5 cm average breast tissue was assumed.

they reach 94% of the absorbed photons. The remaining 6% are split equal on
unregistered and double-counted photons.

With charge sharing, the number of recorded counts depends on the exact
threshold level and is simply the integral above the threshold of the pulse-height
spectra similar to the one in Fig. 7.2. For a typical incident spectrum the relation-
ship between the average registration per absorbed photon and threshold is found
in Fig. 7.4. At reasonable thresholds, the change in count rate is 4-5% per 1-keV
change of threshold, to be compared with contrasts of a few percent from small
tumors. It is impossible to make readout electronics where all channels have ex-
actly the same threshold. The variations typically correspond to about half a keV
and image pixels deriving from different channels therefore have to be normalized.
It is not possible to completely normalize channels simply by multiplying a nor-
malization factor. Second order effects appear since the count rate dependence on
threshold level depends on the detected spectrum that can be more or less filtered.
An improvement is to have a look-up table with normalization factors that depend
on the count rate. Calibration of these factors may be achieved by scanning a
step wedge, and the result relies on a sufficient stability in the readout electronics
between table updates. It is, in any case, very important to keep the threshold
variations as low as possible and attack the problem at an early stage to prevent
image artifacts.
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Figure 7.4: The average number of counts induced by each photon absorbed in
the detector. The curve reflects the large fraction double counts at low threshold
levels and unregistered photons at high thresholds. The same incoming spectrum
as that of Fig. 7.3 was assumed in the calculations.

7.2.2 Resolution

The charge sharing introduces a dependence between the effective shape, which
is also the line-spread-function, of a detector pixel and the electronic threshold
level. Smaller pixels and higher limiting resolution could thus be provided using a
higher discriminator level, but at the expense of efficiency if the threshold is too
high. As explained in Chapter 6, the absolute value of the fourier-transform of the
channel response is the MTF provided by the detector. Effective pixel shapes and
corresponding MTF-curves are shown in Fig. 7.5 and Fig. 7.6, respectively.

The only misalignment of a detector that affects the resolution is rotations
around the wafer normal axis. Let us assume that the strips are pointing an angle α
in the wrong direction. Photon interactions that occur a distance l into the detector
(along the beam-direction, z) are shifted a distance l sin α transverse to the strip
direction compared to interactions immediately at the entrance. We realize that
the entire effective pixel distribution is displaced this distance, and its contribution
to the channel response is weighted by the number of interactions that occur at this
depth. The distribution of photon-interactions, dN(z)/dz, is

dN(z)
dz

=
∫

E

dEnimp(E)µSi(E) exp(−µSi(E)z), (7.3)

where nimp(E) is the spectrum of photons impinging the detector. This distribu-
tion is displayed in Fig. 7.7. With the approximation that the channel response
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Figure 7.5: The effective pixel distribution in the x-direction along the linear
detector for 50 µm wide channels when charge-sharing is present. The distribution
narrows with increasing electronic threshold level. The curves are calculated for
levels corresponding to 7, 10 and 13 keV, respectively, and an average incoming
tungsten spectrum.
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Figure 7.6: Modulation transfer functions of the detector channels response to an
average spectrum. The three curves correspond to the three indicated discriminator
levels.
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Figure 7.7: The distribution of photon interactions, dN(z)/dz as function of in-
teraction depth z. Tungsten spectra at 28 and 32 kVp and filtered with 0.5 mm
aluminum were assumed for the two indicated breast thicknesses.

distribution is independent of the depth beneath detector surface the effect of mis-
alignment is a convolution of the line-spread function with the projection of dN(z)
on the image axis x along the linear detector array

LSFperp
tot′ (x) = LSFperp

tot (x) ∗ dN
( x

sin α

)
, (7.4)

or equivalently
MTFperp

pre′ = MTFperp
pre ·MTFmisal, (7.5)

where
MTFmisal =

∣∣∣F
{

dN
( x

sin α

)}∣∣∣ . (7.6)

Examples of MTF-curves for misaligned detectors exposed to a realistic spectrum
are found in Fig. 7.8. The effect is worse for spectra with higher mean energy. It
is probably easy to achieve alignments better than a couple of tenths of a degree
resulting in a small and tolerable reduction of the MTF.

7.2.3 Efficiency

Because of the charge spread, the spatial resolution is slightly changed. However,
even at low threshold levels where the reduction is largest, it is a small effect
compared to the light diffusion in phosphors. Of more concern is the charge spread’s
generation of channel variations in an image and the impact on DQE and dose
efficiency independent of spatial resolution. While the channel variation may be
mitigated by proper calibration and normalization, the charge sharing imposes a
fundamental limitation to the efficiency as explained in the following.

DQE

We will first examine what happens with the DQE when charge sharing is intro-
duced in a photon counting system. We recall that the noise power spectrum (NPS)
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Figure 7.8: Degradation of detector MTF due to misalignment around the axis
normal to the detector wafer. A 30-kVp tungsten spectrum filtered through 50 mm
breast tissue was assumed in the calculations.

is the variance as function of spatial frequency. NPS at zero spatial frequency is the
variance of the total signal in the region of interest. Ideally, all pixels of an image
are totally uncorrelated and the noise power spectrum is therefore flat. With charge
sharing, the photons that are double counted in two adjacent channels introduce a
correlation that increases the NPS and thereby decreases the DQE at low frequen-
cies. In the scan-direction, however, the successive readouts are still uncorrelated
and the noise power spectrum is expected to be constant along this axis.

To quantify the effect on NPS the two stochastic variables Nsingle
i and Ndouble

i

are introduced. Nsingle
i is the number of photons absorbed and counted only in

the ith pixel and Ndouble
i is the number of photons absorbed in the ith pixel and

double-counted. The total number of registered counts in the region of interest S
is then

S =
m∑

i=1

Nsingle
i + 2Ndouble

i , (7.7)

where i enumerates the m pixels in the region of interest.
With n photons expected to be registered and χ of these double-counted (χ =

γd/qereg)
Nsingle

i ε Po(n(1− χ))
Ndouble

i ε Po(nχ).
(7.8)

The variance of S, which is the same as NPS(0), is then

NPS(0) =
m∑

i=1

VNsingle
i

+ 4VNdouble
i

= mn(1 + 3χ). (7.9)

For a fixed n, the increase in NPS(0) is thus three times the fraction double-counted
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photons. It is misleading to compare variance and mean in the distribution of single
pixel-values as these are still poison-distributed in the presence of double-counting.

The expected number of registered counts is

〈S〉 = nm(1 + χ). (7.10)

Rearranging and substituting for n in 7.9 yields

χ =
NPS(0)− S

3S −NPS(0)
. (7.11)

This means that when no external noise is present, the fraction double-counting is
easily derived from NPS(0).

Combining Eq. 6.13 and 6.14 gives at zero frequency

DQE(0) =
S2

NPS(0)Ntot
, (7.12)

where it has been used that SNR2
ideal is the total number of photons Ntot incident

on the region of interest in the detector.
With ideal counting S equals both Ntot and NPS(0) providing DQE(0) equal

to one. In presence of double-counting and finite quantum efficiency 7.9 and 7.10
inserted in 7.12 gives

DQE(0) =
qeabsqereg(1 + χ)2

1 + 3χ
, (7.13)

where the two factors of the quantum efficiency has been written out. For χ ¿ 1
this expression may be series expanded to yield

DQE(0) ≈ qeabs(1− γu)(1− χ), (7.14)

which slightly underestimates the DQE. Thus, the impact on DQE from double-
counted photons is approximately the same as the impact from reduced quantum
efficiency. The threshold that maximizes the number of single-counted photons
therefore also optimizes the DQE. Using χ and γu both equal to 3% according to
Fig. 7.4, the highest possible DQE is 0.94 times the absorption efficiency. The the-
oretically highest DQE with the detector tilted 4◦ and with simple pulse-counting
electronics is therefore about 85%.

Dose efficiency

Of most importance is the impact of double-counting on dose-efficiency. To quantify
this the SNR2 with charge-sharing present must be calculated and related to the
SNR2 of an ideal system. Equation 3.13 will after some modification provide a gen-
eral expression to calculate SNR for arbitrary weight-functions when charge-sharing
is present. This is useful since electronics allowing arbitrary weight-functions may
be implemented in the multi-slit system.

By using the charge distributions from the simulations, it is possible to calculate
the fractions αijk of absorbed photons in the ith energy interval that generate a
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pulse-height in the jth interval in the channel where the absorption occurred and
a pulse-height in the kth interval in the adjacent channel. The indexation is such
that i, j, and k of same values coincide on the horizontal axis in Fig. 7.2. Since
each such fraction corresponds to an independent Poisson-distributed variable, Eq.
3.13 is generalized to

SNR =

∑
i 〈nb

i 〉λi

∑
j

∑
k αijk(wj + wk)√∑

i 〈nb
i 〉ξi

∑
j

∑
k αijk(wj + wk)2

, (7.15)

where the weight-factors w are zero when their index corresponds to a pulse-height
below the electronic threshold. 〈ni〉 is here the expected number of absorbed pho-
tons, thus including the absorption efficiency ηi. The second factor of the quantum
efficiency is given by

qereg
i =

∑

j>th

∑

k

αijk (7.16)

where th indicates the discriminator level.
The dependence between dose efficiency and discriminator level is shown in

Fig. 7.9. A 5 mm thick tumor in a 5 cm breast of equal composition adipose and
glandular tissues and surrounded by 5 mm thick skin was used in this calculation
and the ones that follow in this section1. The breast is irradiated by a 30-kVp
tungsten spectrum filtered with 0.5 mm aluminum. To visualize the impact of
charge sharing, the curve is normalized in a way that a detector with the same
absorption efficiency but counting photons in an ideal way provides unity efficiency.
A curve defined by the spatial frequency providing 20% MTF is included in the same
diagram. This allows for optimization of threshold with respect to both efficiency
(at all spatial frequencies) and resolution. The reason why the efficiency curve
increases for low thresholds is that most photons become double counted, thereby
approaching a situation where all photons are assigned a constant weight-factor of
two. Discriminator levels below 5 keV is however not feasible considering that a
safe margin above noise is desired and that the individual thresholds of different
channels are spread about one keV. In the feasible region of the threshold, there
is as expected a maximum balancing between double-counting on the lower side
and reduced quantum efficiency for higher levels. The maximum at 10-11 keV is
slightly lower than the level that maximizes the DQE. This is expected because of
the greater contrast information of low energy photons with a quantum efficiency
that is most sensitive to the threshold. For typical incident energy spectra the loss
in efficiency from charge-sharing is at best 10-11%. While the efficiency is within
a few percent constant for a wide range of thresholds, the resolution significantly
increases. A threshold that corresponds to 11-12 keV should therefore be used.

An energy integrating detector is not sensitive to charge sharing in the way a
photon counting one is. The reason is that the pulses from a shared event still add
up to a signal corresponding to the photon energy. Including the efficiency reduction
a photon counting system suffers from charge sharing in Table 3.1, the photon

1Many of the calculations were performed also with a microcalcification as target, but the
results never differed significantly.
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Figure 7.9: The dose efficiency as function of discriminator level for silicon strip de-
tectors with charge sharing and simple pulse-counting readout. A 30-kVp tungsten
spectrum irradiating an average breast, but with a 5 mm tumor to be differenti-
ated was assumed in the calculations. In order to visualize the impact of charge
sharing the curve has been normalized with respect to in ideal photon counting
system. Also included is the resolution in terms of the spatial frequency providing
20% MTF, f20.

counting and energy integrating provide similar dose efficiencies. The advantage
from improved contrast weighting in a photon counting system is thus lost because
of the charge sharing. However, the gain from noise reduction remains.

The charge sharing changes dramatically the weighting efficiencies when the
photons are assigned weights according to the pulse-heights they produce rather
than their energies. Compared to a system that weights photons optimally ac-
cording to their energy, but has the same absorption efficiency as predicted for
the tilted silicon detector, weighting signals to the power of minus three provides
about 62% weighting efficiency. It is about 15% worse than for both integrating
and conventionally counting and achieved using a threshold as high as 14 keV. The
reason is that false pulses from shared events imitates low energy photons and are
therefore assigned large statistical weights. The weight factors for pulses below 15
keV were in the calculations constant since it is known that all photons of less en-
ergy are absorbed in the breast. Furthermore, the shared pulses comes on average
from photons of high energy thereby increasing their response despite their lower
contrast.

When signals are divided between adjacent channels, the implementation of a
weight-function for detected signals should obviously differ from the optimal weight-
ing of photon energies. By trying different thresholds and weights for two- and
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Figure 7.10: Coincidence circuits between adjacent channels of the readout elec-
tronics can be used to discriminate all false signals deriving from charge that is
shared across a channel boundary (Shared p.h.-spec.). Only true events (Reduced
p.h.-spec.) are then recorded and the electronic threshold may be set in an empty
interval in the corresponding pulse-height spectrum. The count-rate is then inde-
pendent of the exact level.

three-bin weighting, it was found that highest weighting efficiencies using these
methods were 81% and 82% respectively. The use of more bins does not improve
the efficiency significantly when the signal sharing is this severe. Highest possible
weighting efficiency is thus slightly above 80%.

The situation may be improved, however, by adding anti-coincidence condition-
ing between adjacent channels in the readout electronics. In fact, a 100% efficient
conditioning removes all effects from charge-sharing when conventional photon-
counting is used. This is explained in the following. When two coincident signals
exceed the threshold the conditioning may be configured to allow only the larger
one to increment the counter of this channel, while the smaller pulse is disregarded.
The partial pulse-height spectrum from the events that in this way can be recorded
has a lower limit corresponding to half the energy of the least energetic photons,
Fig. 7.10. The partial pulse-height spectrum from spilled over charge can now be
disregarded since no such false events are counted. The threshold level can there-
fore be set as low as possible with respect to noise, safe below the spectrum from
true photons. In addition to eliminating the efficiency reduction due to double
counting, the count rate is independent of the exact threshold level and immune to
variations between electronic channels. The artifacts induced by the spread of elec-
tronic thresholds is thus removed. Another consequence of coincidence conditioning
is that the detector channels get an ideal square response and a spatial resolution
that is independent of the exact threshold level.
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Although signals reduced by charge sharing lead to mistakes in assigning weights
to detected pulses, the situation is significantly improved for the operator specified
weight-functions. The use of weighting based on two or three bins achieves 89%
and 90% weighting efficiency. Dividing the pulse-height spectrum into several bins
that are to be provided different weights, however, again leads to a spread in count
rate between channels since the exact location of division will vary. This imposes
a strong demand on trimming of individual channels and probably a need for nor-
malization of pixel values.

Weighting with factors proportional to the signals to the power of minus three
is still pointless as it, although greatly improved, yields 77%, which is still worse
than conventional counting. The weights could however be compensated in the
following way. By careful modelling and simulations of a detector, the distribution
of pulse-heights from photons of certain energy may be calculated (these are the αijk

above). The distributions may then be used to calculate the probability distribution
of photon energies for a detected signal of certain amplitude. A weighted average of
the E−3-function, with weights provided by these probability distributions, could
then be used to construct signal weights. That kind of compensated weight-function
was calculated for the silicon strip detectors and yielded 91% weighting efficiency for
anti-coincidence conditioned signals. For small signal distortions, the compensated
weight-function approximates the function providing highest efficiency and 91% is
the best efficiency that may be achieved with anti-coincidence configuration. Also
in the worse case without anti-coincidence the compensations provides a reasonable
function and yields about the same efficiency as weighting with two or three bins.
It seems, however, not in any case worthwhile implementing this function as the
simple weighting with few bins provides practically the same efficiency.

Since it is known that coincident signals from shared events derive from photons
with average energy in the upper region of the spectrum the readout electronics
with dual weighting and coincidence conditioning may be modified in the following
way. In the original configuration, pulses above the noise threshold are simply put
in the lower or upper bin depending on if they exceed an upper threshold level.
The modification is that all coincident pulses from shared events are put in the
upper bin, regardless of their size. The idea is that this configuration should not
be fooled by the pulse-height reduction from charge sharing. When calculated,
the improvement is, however, less than 2%. This configuration is still useful as it
allows detailed tests of the coincidence conditioning that may eliminate all effects
of charge sharing in a conventionally counting system. Those tests are described in
Chapter 8.

It should be recognized that more sophisticated electronics could be used in
order to optimize the weighting efficiency. The best configuration would be to
add coincident signals, thereby reconstructing the photon energies to allow optimal
E−3-weighting. Calculated weighting efficiencies for all configurations discussed in
this section are summarized in Table 7.2.3.

At last some comments about the uncertainties of the results presented in this
section. Since the same photon spectrum was used to calculate SNR of the mod-
elled detector and the reference system, no uncertainties are imposed from dose
estimates. While the cross-sections used are probably very reliable and deviations
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Table 7.1: Weighting efficiency for a silicon strip detector with charge-sharing.
The pitch is 50 µm and the wafer thickness is 500 µm. The breast is irradiated by
a 30-kVp tungsten spectrum filtered with 0.5 mm aluminum. A 5 mm tumor in a
5 cm breast with with 50% adipose and 50% glandular tissue and surrounded by 5
mm skin is assumed. The first row of tabulated efficiencies is without coincidence
conditioning (CC), the second row is yielded when the smaller of two coincident
signals os disregarded and the third row corresponds to adding signals on adjacent
channels.

Counting 2 bins 2 bins 3 bins Signal−3 Compen-
modified sating

No CC 0.77 0.81 - 0.82 0.62 0.81
CC 0.86 0.89 0.91 0.90 0.77 0.91

from real cross-sections would have little impact on the relative efficiencies, the only
uncertainties that may significantly alter the results are those associated with the
charge distributions from the detector simulations.

The distortions of the electric potential below the oxide layers has the effect
of reducing the field strength in the bulk detector. The extent of the distortions
depends strongly on the manufacturing and is expected to vary between detectors.
In the simulations, it was assumed that the potential between the strips was raised
to one forth of the biasing voltage. At maximum, this increases the transit time
of the charges with one third. The influence of this model parameter on charge
sharing is relatively weak, as the spread due to diffusion is proportional to the
square root of the transit time. For reasonable changes of the field distortions, the
variations of the charge spread is not more than 10%. The impact of such variations
was estimated by redoing some of the calculations with the charge distributions
rescaled 10%. As expected, the derivative of registrations with respect to threshold
changes by the same fraction as the distribution width is increased or decreased. So
does also the amount of photons that are not singe-counted. According to Eq. 7.14
this means that also the reduction in DQE because of charge sharing changes by
approximately the same fraction. The highest achievable DQE is thus within 1%
from what is predicted above, since the reduction due to charge sharing was 6%. The
dependence between reduction of dose-efficiency and width of the charge spread,
however, was found to be more complicated. The fraction that the reduction in
dose efficiency changes turned out to be less dependent of the width of the charge
spread. The weighting efficiencies of Table 7.2.3 are affected less than 1% for 10%
changes in charge spread.
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Chapter 8

Detector Verification

Extensive measurements were performed to verify the imaging properties of detector
and electronics. The components were tested both separately and in experimental
imaging devices consisting of a single detector with 128 of its 768 strips connected
to an ASIC, Fig. 8.1. The performance of these devices was compared to the expec-
tations derived in Chapter 7, in particular MTF, NPS and DQE were investigated.
From these measurements it is straight forward to predict the behavior of a full-size
multi-slit imaging system, scaled up from the test modules, that could be used for
mammography. For this reason the experiments on the test devices were performed
under conditions relevant for mammography. An almost full scale prototype, de-
signed for mammography, was also built and tested. This is described in Chapter 9.

The conventional way of comparing imaging systems is to measure their detec-
tive quantum efficiency (DQE), but we know from Chapter 3 that a fair comparison
requires more ingredients than the DQE accounts for. It is described in this chap-
ter how the DQEs of the experimental imaging devices were derived and how they
should be interpreted. We recall from Chapter 6 that the DQE is derived from mea-
surements of quantum efficiency (QE), modulation transfer function (MTF) and
noise power spectrum (NPS). The verifications of these are successively described
below, starting from Section 8.2. We begin with a description of the equipment
that was used.

8.1 Equipment

The silicon strip detectors were described in detail in Chapter 5. Leakage current
measurements were performed with probe-stations at the site of the manufacturer.
Otherwise the detectors were at all times mounted in test modules, also comprising
one ASIC and additional circuits for biasing.

8.1.1 ASICs

In the original design, the ASICs were configured to perform simple pulse counting
without coincidence circuits implemented. Test devices were experimentally eval-

93
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Figure 8.1: Experimental prototype with one 768-channel detector (large grey
area to the right) and six 128-channel ASICs (the black components immediately
left of the detector). The detector is about 40×24 mm2. Only one ASIC in the
center was connected in the measurements described in the text. Bond-pads and
guard-structure is seen in the image.

uated and the prototype multi-slit system was based on these ASICs. As demon-
strated in Chapter 7, charge sharing inside the silicon detector means that simple
pulse-counting is not equivalent to ideal photon counting. A dependence between
count rate and discriminator level is induced and DQE and dose efficiency are
reduced. When the gain from coincidence conditioning (CC) was realized, a new
ASIC was designed in order to try to eliminate the effects caused by charge sharing.
Most tests that were previously performed were repeated both with and without
CC. The measurements on the two configurations were done immediately after each
other in the same setup in order to assure an exact comparison1 for evaluation of
eventual gain from using CC. Furthermore, the detectors were in both cases aligned
with very high precision in order to provide identical conditions. The aim of this
investigation was to see whether the new ASIC is a good candidate for replacing
the old one in a full-scale multi-slit system. The repeated measurements including
the original ASIC gave consistent results and only the later data will be presented
here.

Apart from the coincidence conditioning the new ASIC was equipped with an
additional threshold level and counter for each channel, to allow the testing of dual
energy imaging and 2-bin energy weighting. The function was according to the
modified 2-bin weighting described in Section 7.2: single pulses above the noise
threshold increment the lower or upper counter depending on if they exceed the

1The conditions that otherwise might change are those associated with the x-ray tube. These
include focal spot size and energy spectrum.
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second threshold level and coincident pulses always increments the upper counter
in the channel with highest signal. Each counter on the new ASIC had nine bits
while the old ASIC had 16 bit counters.

Both ASICs have 128 channels and exactly the same analog circuits. Each
threshold level may be trimmed individually using three bit registers. The trim
step sizes are variable but controlled by only one operator specified parameter for
all thresholds on one ASIC. In the ASIC with double thresholds, the design yielded
twice as large trim steps on the upper level compared to the lower. This is unfortu-
nate as the pulse-height spectrum in the region of the upper level is relatively large,
which means that higher precision is needed to mitigate the spread of count-rates
between channels. No evaluation of 2-bin weighting or dual energy imaging have
therefore been attempted with this ASIC. Throughout the measurements of this
chapter, the upper level was set at maximum at all times so that the upper counter
only recorded coincident signals. Coincidence is flagged when the discriminator
pulses, digital signals that are active when the shaper signal is above the threshold,
on two adjacent channels coincide. The first pulse to appear is then counted while
the second is rejected. The correct signal should thereby be registered since it is
larger and reaches therefore the threshold level first. If two adjacent channels have
different threshold levels, there is a small region around the border between these
channels were false signals reach the lower threshold level first and the wrong chan-
nel is fired. The count rates are in this way influenced by the electronic channel
variations, but this effect should be small as long as the variations are reasonably
low and the threshold levels individually trimmed. There is no double counting
induced by this effect that would decrease DQE and dose efficiency. Both the old
and the new ASIC have eight shift registers that collect the contents of the counters
after each acquisition interval prior to data transfer.

8.1.2 Experimental setup

The detectors were in most of the experiments irradiated by x-rays. These were
provided by a water-cooled x-ray tube dedicated for crystallography2 and able to
run continuously without time-limit. The tube voltages could be varied in steps
of 5 kVp between 10 and 60 kVp and the currents could be varied between 10
an 60 mA in steps of 5 mA. The tube had a tungsten anode and a nominal focal
spot size of 12.0 times 0.40 mm2. A focal spot size of about 0.46 mm in the scan-
direction (normal to the silicon wafer) and 0.40 mm in the perpendicular direction,
reasonable for a mammography system, was achieved by positioning the detector
at a 2.2◦ anode angle. Such a small angle imposes a relatively large uncertainty on
the size and also leads to a high degree of self-filtration making the spectrum a bit
harder than a normal tungsten spectrum for mammography. This was traded for a
realistic degree of focal spot blurring. The tube had a 300 µm beryllium window.

The energy spectrum at 30 kVp, which was always used and filtered with 0.5 mm
aluminum foil when a realistic mammography spectrum was desired, was recorded
by a CdZnTe-detector of high energy resolution. This showed that the spectrum in

2Philips x-ray diffraction tube PW2274/20 powered by Philips high tension generator PW1830.
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essence resembled a 32-kVp spectrum from a 20◦ anode angle (which is an angle
typically used) filtered with 1 mm aluminum. Tabulated spectrum for 32 kVp was
therefore used when predicting the experimental data theoretically.

The detector was placed 700 mm from the focal spot of the x-ray tube. At
this distance, the strips are parallel with the divergent beam. For measurements in
which realistic conditions were simulated, a slit made from two 2 mm thick copper
plates having straight edges with smooth surface was put 110 mm in front of the
detector. A 50 µm foil was used to define a gap of this size, but edge-scans later
revealed that the true slit width was closer to 70 µm.

Many of the measurements required a high precision positioning of objects in
front of the detector, e.g. for making edge-scans or generating images. Two linear
stage-motors, acting perpendicularly, were able to select positions with approxi-
mately one micrometer accuracy in two dimensions.

The setup was controlled by a PC, equipped with a National Instruments card3

for communicating with the ASIC and with a NextMove PC card for controlling
the motors. During a data-acquisition sequence, the stage-motors could provide
discrete steps and between these, photon counting was performed with a specified
dwell time.

8.2 Quantum efficiency

8.2.1 ASIC performance

The readout electronics must provide a speed and noise performance allowing effi-
cient registration of photon signals at the high rates that are present. Furthermore,
it must be reasonably uniform since different acceptances between channels will cre-
ate image artifacts (see Section 4.2). The following measurements were performed
on the ASIC without CC but the results are representative for both ASICs as they
share the same analog part.

Figure 8.2 shows well-behaved pre-amplifier and shaper signals generated from
a triangular pulse at 350 kHz. The shaping time was for these measurement tuned
to 250 ns. The chips were then able to count synchronous pulses at 5 MHz rate,
which is more than a magnitude higher than the maximal expected mean photon
rate in mammography. Threshold s-curves were generated to quantify the noise dis-
tribution and uniformity of discriminator levels. Calibration signals with constant
amplitudes were fed into the pre-amplifiers, and the number of pulses exceeding
the threshold was registered for a sequence of threshold levels. The real threshold
level could be defined as the point with 50% registration probability, and trimming
reduced the standard deviation of real threshold values from 800 electrons to 100
electrons. Since it takes on average 3.6 eV to create one electron-hole pair, this
corresponds to about 0.4 keV. It was estimated from the charge sharing simula-
tions that this threshold dispersion will cause a spread of about 2% in count rate.
Channel normalization of the raw data is therefore needed in order to visualize the
low contrasts present in a mammogram without artifacts.

3The National Instruments card was PCI-DIO-32HS.
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Figure 8.2: Oscilloscope screen shots showing the pre-amplifier (a) and shaper (b)
responses from a triangular pulse at 350 kHz rate. The screen length is 10 µs.

The noise distribution of a channel is the derivative of its s-curve, and the mean
r.m.s. noise was found to be 200 electrons. This corresponds to less than 1 keV
which is an order of magnitude lower than the least energetic photons to be detected.
Thus, it should be possible to set the threshold level below the signal amplitude
generated in the channel where the interaction occurred, even with pulse-height
reduction up to 50% due to charge sharing and additional losses in the regions with
reduced CCE. The expected losses beneath the oxide are however very uncertain,
and further measurements on the detector have to be performed before this is
proved.

8.2.2 Leakage currents

The detector performance must be verified in many ways. Firstly, the channel yield
must be sufficient. Channels are considered broken when their dark-currents are
too large or if two or more adjacent channels are in contact. The manufacturing
cost is highly dependent on the requested yield if better than 99% is asked for. It
is however fairly constant if less than 98% yield can be accepted.

The test diodes for process control provided at 28◦C and 155 V bias on average
800 pA/cm2 with variations between 400 pA/cm2 and 1200 pA/cm2. This agrees
with the expected currents (100 pA/cm2-400 pA/cm2) for a uniform area at 20◦C
and depletion voltage.

A probe-card was manufactured with 31 probe needles; one for every 25:th
strip and one for the guard ring. The detector is biased and the current from
the 25 adjacent channels is successively measured through one needle at the time
while the rest are grounded. The currents from the floating electrodes between
the probed strips are not completely collected and the dark currents are thereby
underestimated. However, this is a fast method for determining the overall detector
behavior and it indicates if there are abnormal currents generated anywhere. The
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probe-card measurements were also performed at 155 V bias and 28◦C. The result
was that most strips had a dark current in the range 40-80 pA corresponding to
20-40 pA/strip at 20◦C. This is almost one order of magnitude higher than the
currents generated from the test diode. The guard-ring currents were on average
70 nA which is comparable to the sum of all strip currents. The current from the
backside was also measured and equaled as expected the total currents from all 31
needles.

Single strip testing was performed on one representative detector using three
probe needles placed on a triplet of adjacent channels. The current from the central
needle was measured while the other two were grounded and the triplet was moved
across the detector, mapping the leakage currents from all strips. The detector was
biased with 140 V and the temperature was 28◦C during this measurement. The
average current was 300 pA and the standard deviation was less than 100 pA, cor-
responding to a mean dark-current around 150 pA/strip at 20◦C. While the probe
card measurements underestimated the dark currents, single strip testing using
only three needles overestimates them since currents from more distant channels
also contribute to some degree. These measurements provide thus an upper limit,
probably doubling the real leakage currents. This particular detector had around
40 pA/strip at 28◦C measured with the probe-card, and obviously the single-strip
provides some 7-8 times higher currents. The two methods indicate that the leakage
current from a strip in an average detector is in the interval 50 pA to 150 pA at
20◦C.

The probe-card measurements additionally verified that the channel yield with
respect to leakage currents was considerably better than 99%. Images taken with
these detectors also confirm that less than 1% of channels are lost due to short-cut
between adjacent electrodes.

It is important to verify that the assumed temperature dependence of the leak-
age currents is valid for this detector, since the environment could be considerably
warmer than room temperature. The probe-card measurements were therefore
performed on five detectors at a number of specified temperatures up to 100◦C,
Fig. 8.3. The measurements demonstrate a slightly weaker dependence between
leakage currents and temperature than was expected. The rule of thumb saying
that the current doubles for every 8◦ temperature rise typically over-exaggerated
the increase a factor five over the measured temperature interval. The data indi-
cated instead that 9-11◦ increase is required for doubling the leakage currents.

8.2.3 Pinhole scans

As we have seen in the previous chapters, it is straightforward to calculate the the-
oretical detector efficiency for different spectra. However, in reality the dead-layers,
in particular those deriving from heavily doped regions, are not exactly known. It
is also wrong to assume that all photons that are absorbed will be interpreted and
recorded as one photon. Charge sharing and possibly reduced charge collection
efficiency will lead to both double counting and unregistered photons depending on
their energy relative to the electronic threshold level, and depending on where the
absorption occurred. It is therefore interesting to measure the responses to photon
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Figure 8.3: Measured leakage current integrated over all strips, I, as function of
temperature, T . The different symbols represent different detectors. The straight
line is a fit of the data to the form I ∝ 2T/10.

interactions at known positions inside the detector. Since the detector geometry
and therefore electric field distributions are uniform in the longitudinal direction, it
is only needed to measure how the response varies in a cross-section perpendicular
to the strips.

This can be accomplished with a pencil x-ray beam that is parallel with the
detector strips and pointing at a specific position in the cross-section. All primary
photon interactions will occur at this position provided that the detector is perfectly
aligned. A hole in a tungsten plate selected the pencil beam and was scanned over
the cross-section in steps of 10 µm to form a complete map of the response from
a group of channels. The transmission profile of the hole was measured with edge-
scans in two perpendicular directions and had 20 µm FWHM. The tube voltage
was 25 kVp when the detector response was mapped.

The hole size limited strongly the achievable resolution, but the pinhole scans
proved to be a useful tool to overview the channel responses. Qualitative stud-
ies of how the response is affected by for example different bias-voltages or ASIC
parameters could be made. In particular, double counting and regions of reduced
registration efficiency could be detected and used as indicators. In general, several
scans were performed with different discriminator levels to better view how the
response related to the different parameters tested.

The alignment was also achieved using the pencil beam. By scanning it and
recording the response of the detector channels, positions of detector edges and
channel boundaries could be determined within a few micrometers. The alignment
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precision was thereby very high; about 0.05 degrees around all three rotational axes.
With the pinhole centered in a channel, the pulse-height spectrum is neither

affected by signal sharing nore possible charge losses that occur around the border
between channels. A detected photon spectrum could in this way be reconstructed
by sweeping the discriminator level and differentiating the recorded data. By com-
paring the upper and lower ends of these spectra with the calculated energies and
repeating this procedure for a number of tube-voltages, an energy calibration was
achieved. The lowest calibration point was given by the onset of noise that occured
at about 1 keV. It is estimated that the uncertainty from the calibration is about
1 keV and a few channels of average behavior were chosen to represent the entire
ASIC.

Maps of the detector response for different discriminator levels in the ASIC
without CC are shown in Fig. 8.4. At low threshold levels, an increase in the total
response (integrated over all channels) is observed around the border between chan-
nels, Fig. 8.4a. This verifies the predicted double counting caused by charge sharing
between two adjacent channels. Since double counting degrades the dose efficiency,
it is preferable to choose a higher threshold level that provides more uniform count
registration, Fig. 8.4b. The observation of distinct double counting therefore proves
that imaging with simple pulse-counting electronics is not limited by the reduced
CCE underneath the oxide layer or by electronics noise. This is consistent with
the results from the ASIC noise measurements. For a higher threshold level, the
amount of double counting is further reduced, but more photon interactions are not
registered since they correspond to events where the charge is split in a way where
the resulting signals fall below the thresholds of the two adjacent channels. The
latter effect is severe if the threshold is chosen too high, Fig. 8.4c. The pinhole-
scans are useful in finding the discriminator level that maximized the DQE. Since
reasonable scan-times only allow a small group of channels to be imaged, it is im-
portant to view channels with discriminator levels near the center of the threshold
spread.

In order to investigate the relationship between detector response and bias-
voltage, pinhole scans were performed for a number of voltages up to 250 V. These
tests were made with the old ASIC. The registration efficiency increased up to 155 V
after which it was almost constant. For threshold levels exceeding the one producing
uniform registration, tUni , a small but clearly visible increase in registration at the
border between channels was observed between 155 V and 250 V. This is explained
by a lower charge-spread causing less events with reduced pulse-height. For the
same reason, a decrease is expected instead in this region for thresholds below
tUni, since less double counting occur. Instead, no difference was observed at these
thresholds, which could mean that the reduction is compensated by diminishing
regions of poor charge collection efficiency. This could indicate charge losses, but
the small impact from increasing bias almost 100 V suggests that these regions are
sufficiently small that they do not to cause problems at 155 V. This voltage was
therefore used during the following measurements.

It was further observed that breakdown of three out of 128 channels had oc-
curred somewhere between 200 and 250 V. Acceptable noise level allowing photon
counting was for these channels achieved below 120 V, which is unfeasible. The ad-
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Figure 8.4: An x-ray pencil beam of 20 µm diameter and parallel to the strips,
scanned a cross-section containing three detector channels, each channel of 50 µm by
500 µm size (pitch times wafer thickness). The response (i.e. number of registered
photon counts) was recorded, and the area was mapped for different threshold levels.
The channel boundaries are indicated in the figures and the strips are centered in
each channel on the lower side. At low threshold level around 4 keV, double counting
was observed between channels (a). A uniform registration was observed for higher
threshold level (b), and when the threshold was raised further, photons were lost
due to reduced pulse-height from charge sharing and possible charge losses (c).
Note the different scales and that the images are compressed a factor two across
the wafer. The small gradient that occurs even for the center image is due to a
larger effective thickness of the edge dead-layer near the front side.

jacent channels still functioned properly at the high bias voltages. It is not possible
to conclude a safe voltage from this single measurement, especially since depletion
voltages vary between detectors. No other channel breakdowns have ever been
observed for any detector, and bias voltages up to 155 V are thus completely safe.

For the new ASIC, pinhole scans were used as an initial test of the coincidence
circuits ability to reject false pulses. In the ideal case, a uniform map would result
at low thresholds. Figure 8.5 shows a comparison between the two ASICs when
scanned at low (and almost equal) discriminator levels. With the new ASIC, the
amount of double counting is strongly reduced, although not 100%. The missed
double counts are probably due to a difference in time of arrival of the two pulses
longer than the first discriminator pulse. In order to quantify the efficiency of
the coincidence circuits and additionally estimate charge losses, other methods
providing greater precision must be used.
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Figure 8.5: The silicon strip detector’s response to x-rays as a function of position
in a cross-section perpendicular to the strips. x is along the axis defined by the
linear detector and y is across the wafer. y = 0 µm is slightly behind the detector’s
backside and y = 600 µm is slightly in front of the 500 µm thick detector. Four
channels are centered at x = 10, 60, 110 and 160 µm, respectively, and it is the
sum of the responses from all channels that is plotted as function of the position of
an x-a ray pencil beam. The discriminator level was 2-3 keV during the measure-
ments. Left: The response with simple pulse-counting readout. Double counting
yields a strongly increased response on the boarder between channels. Right: Co-
incidence conditioning rejects most double counts, but a small enhancement is still
seen between channels.

8.2.4 Edge-scans

The channel responses could be studied with nearly micrometer resolution along
the detector wafer by scanning the sharp edge of a tungsten plate immediately in
front of the detector. The detector was still positioned edge-on. A five millimeters
distance between detector and plate could be achieved, resulting in a focal spot
blurring of less than three micrometers. The resolution across the wafer is less
critical and was defined by a 40 µm wide slit defined by two tungsten edges placed
between the scanned plate and the detector. The slit had a slight angle relative
the detector, and different channels thereby corresponded to different coordinates
across the wafer. Edge-spread functions were in this way achieved for different
discriminator levels and their derivatives yielded profiles of the channel responses.

A very high statistical level was necessary in order to reconstruct the sharp
response functions. This led to substantial scan times that limited the imaged
regions. Edge-scans were therefore only performed for a group of channels in a
region where the slit defined a profile around 100 µm from the backside of the
detector. This was thought to be representable since the detector is to be irradiated
from the backside. It also provides a strong signal of double-counting. The tube
voltage was only 25 kVp in order to get as sharp response as possible from the edge
and the spectrum was filtered with 10 mm PMMA (poly methyl methacrylate) to
make it more predictable for comparison with theory.
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Figure 8.6: Channel responses derived from edge-scans with the detector posi-
tioned edge-on. A narrow slit defined these channel profiles at about 100 µm from
the backside of the detector. A 25-kVp tungsten spectrum was used. The slightly
lowered response in the center of channels is a reconstruction artifact. Left: Re-
sponse profiles for the ASIC without coincidence conditioning. The widest profile
was generated with a threshold that was 4±1 keV. The widths decrease as the
threshold was raised 2.4±0.3 keV and 3.8±0.3 keV, respectively for the two other
profiles. There is an almost linear dependence between response width and thresh-
old. Right: Profiles recorded when coincidence conditioning was used. Threshold
levels of 2.1, 3.2 and 4.4 keV (each with 1 keV uncertainty) provided response
profiles of equal widths.

The measured edge-response functions were divided into five segments that were
fitted with high degree polynomials. These were assembled forming a smooth func-
tion with continuous derivative that when calculated provided the channel response
functions. Fitting curves to the data, consisting of wide almost linear regions with
sharp corners in between, turned out to be a difficult task. The exact shapes of
the corners of the essentially rectangular response functions were very sensitive to
the exact fitting parameters and some structures, e.g. a small dip in the center
of the channels, often appeared. However, the important features discussed be-
low, including full width at half maximum (FWHM) and fraction double counting,
turned out to be independent of the exact interpolation parameters and could thus
be objectively quantified.

Measured channel responses for different discriminator levels and for both ASICs
are displayed in Fig. 8.6. Whereas the ASIC without CC provided responses with
widths linearly decreasing with discriminator level, the new ASIC yielded almost
identical responses up to 5-6 keV threshold. FWHMs of the latter curves were on
average 49 µm, while those of the former deviated less than 5 µm from theoretical
predictions based on detector simulations. With the filtration that was used, the
lower end of the spectrum is at about 11 keV and signals that split up equal on two
adjacent channels therefore begin to disappear when the threshold approaches 6
keV. The onset of reducing response widths for the coincidence conditioning ASIC
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is therefore expected at this threshold. The highest threshold allowing all absorbed
photons to be counted will be denoted tmax.

When the response is integrated over all channels, the ASIC without CC pro-
vided large peaks around the channel boundaries, Fig. 8.7. At thresholds up to 4
keV, the peak amplitudes are twice the registration in the center of channels. This
proves that discriminator levels may be set allowing all photons at the boarders
being double counted and none lost. It additionally predicts that ideal photon
counting could be achieved by use of coincidence conditioning. By forming a func-
tion defined at each position by the response of only the channel where there was
absorption (representing the number of registered photons as function absorption
coordinate), γu may be estimated. The integrated response from all channels yields
γd. It was deduced in this way that a 2 keV discriminator level led to 30-35%
double counting.

Double counting was strongly reduced with the new ASIC, Fig. 8.8. Using the
same method as above, the data showed about 5% double counting at 2 keV thresh-
old. The upper counter of this ASIC provided the number of coincident pulses that
would additionally have caused double counting in absence of coincidence circuits.
Using these counter values, it was again estimated that 35% double counting would
have occurred thus revealing that the CC was about 85% efficient.

The contributions of the response from the lower and upper counters have been
plotted separately in Fig. 8.9. As expected, coincident signals are recorded around
the channel borders. The distributions of coincident counts are shifted towards their
respective channels although there is a great overlap. This means that the ASIC was
to some degree able to determine in which channel the absorptions occurred. At the
low discriminator level used when the data behind Fig. 8.9 was recorded, there was
in general no tendency of favoring channels when counting coincident signals. This
is promising since it is the signal shared photons that causes the spread in count
rates between channels. As the discriminator level increased, however, channels
became favored and it became increasingly difficult to assign coincident events to
the right channel.

These measurements show that ideal counting may be performed with increased
efficiency of the CC and is not limited by noise or charge losses. It is nevertheless
interesting to estimate how big the charge losses are. The highest discriminator level
providing a factor two higher response on the border between channels is in fact
tmax and gives an indication of charge losses that, if they exist, are largest there.
Without charge losses this level would be almost 6 keV for the spectrum used. The
spatial resolution of this experiment leads to more rounded corners of the deduced
response profiles than they are in reality. This leads to an underestimate of tmax.
It is difficult to say how big effect this is and the data could be consistent with
zero charge losses. The observed 4 keV therefore sets an upper limit of 50% charge
losses in the worst region.

The threshold at which the profile width start to decrease when a CC-ASIC is
used should be a much more precise indication of the charge losses as the FWHM
is much less affected by resolution than is the positions and shapes of the corners
of the response profiles. While the widths indicated that tmax was close to 6 keV,
the real threshold had about 1 keV uncertainty. The charge losses were therefore
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Figure 8.7: Measured response profiles for three adjacent channels when no coinci-
dence conditioning was used. The discriminator level was 2-3 keV. The thin curve
indicates the total response, integrated over all channels, at a certain position.
There is at this threshold level 100% double counting at the channel borders.
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Figure 8.8: Response functions similar to those of Fig. 8.7 and using a threshold in
the same interval, but recorded with coincidence conditioning. The double-counts
are not 100% rejected, but strongly reduced.
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Figure 8.9: The same responses as in Fig. 8.7, but with the contributions of the
two counters indicated separately with thin curves. The counts from coincident
signals provides for each channel peaks at its borders.

probably between 0 and 20% at the boarder between channels. However, it was
reported in [102] that charge losses were indicated when a similar detector was
irradiated from the front-side, but not from the backside. This could mean that
there are regions very near the interface between silicon and oxide where signal
losses occur if photons interact in them. This would not show in the edge-scans
presented here since no interactions took place that close to the oxide.

Similar edge-scans were also performed with the detector tilted 4◦ and its back-
side irradiated by a 30-kVp spectrum filtered with 0.5 mm aluminum and 40 mm
PMMA. The spatial resolution of this measurement is expected to be slightly lower
because of the higher mean energy and since the distance between edge and beam
entrance in the detector is a few millimeters longer (the entrance was about five
millimeters behind the multi-guard region). However, these edge-scans provided
estimates of the amount of double counting and the registration efficiency under re-
alistic imaging conditions. These estimates together with the absorption efficiency
dictates the quantum efficiency that is needed in the calculations of the DQE.

These edge-scans additionally verified that the CC efficiency is 85-90% and
provided estimates of charge losses in a similar way as described above. In partic-
ular, the response widths with CC indicated 10-20% losses at the border between
channels while tUni was 30-40% lower than theoretically predicted.

8.2.5 Channel uniformity

The efficiency is of course affected by the spread of channel threshold levels. While
an average channel is set to the optimal threshold, other channels will have increased
double counting or reduced registration efficiency.

The discriminator levels were trimmed automatically using an algorithm that
minimizes the spread of count rate at the lowest threshold above noise. For testing
the uniformity of count rates a 30-kVp spectrum filtered with 0.5 mm aluminum
and an additional 40 mm PMMA provided a realistic spectrum. The detector was
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Figure 8.10: The curves show the average counts induced per absorbed photon as
function of discriminator level. A 30-kVp tungsten spectrum filter with 0.5 mm
aluminum and 40 mm PMMA was used when these curves were recorded. Whereas
the curve representing normal pulse-counting steadily increases at low thresholds,
the coincidence conditioning (CC) saturates the average registration to a large
degree as it rejects double-counts. Also included is a curve generated with a pencil
x-ray beam, selected by a pinhole, irradiating only the central part of a channel.
There are in this case no effects from charge sharing and a distinct plateau results
below the lowest photon energies.

tilted 4◦ which is the best angle as predicted by theory. At very low thresholds, the
standard deviation of the count rates, expressed as fractions of the median rate,
was 2.1-2.3% for the ASIC without CC, in good agreement with theory. As the
discriminator level was incremented, the spread became larger and was about 4%
at tUni. The reason is that the discriminator levels do not have exactly the same
dependence on the threshold parameter set by the operator.

The results for the other ASIC was a disappointment. While theory predicts
a strong reduction of channel spread, relative deviation from the median channel
was 3.7-3.9% for thresholds up to tUni. The dependencies between average regis-
tration per photon and threshold were recorded for both ASICs and are displayed
in Fig. 8.10. tUni, derived from edge-scans, was used to normalize the curves as
it provides on average one count per photon for the ASIC without CC. The curve
corresponding to this ASIC has at low thresholds a slope that is in good agreement
with the measured spread of count rates. The curve generated with the other ASIC
flattens out at low thresholds since it rejects double counts. Assuming 0.4 keV
standard deviation of discriminator levels, the slope in this region corresponds to a
relative spread of count rates that is less than 1%.

A larger spread of threshold levels would partially explain this discrepancy but
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it is unlikely that the threshold trimming of the CC ASIC was four times worse
than is normally achieved. No good explanation of the spread in count rates has
yet been found.

The third curve in Fig. 8.10 was generated with the pinhole centered in one
channel, thereby avoiding all effects of charge sharing and charge losses. Both
ASICs recorded identical curves with distinct plateaus beneath the lower end of
the spectrum. The count rates between four and eight keV were constant to within
1%. This demonstrates a good behavior of the bulk detector.

8.2.6 Absorption Efficiency

As an imaging device, the detector will be irradiated on the back-side through a
small tilt-angle that needs to be optimized. Theoretical calculations were done in
Section 5.2, and these have to be experimentally verified. Starting from zero angle,
it is anticipated that the efficiency increases as the detector becomes more tilted
due to the decrease in effective thickness of the dead layer. A maximum in efficiency
will be reached before it starts decreasing since the active detector depth shrinks as
well. These characteristics were measured by recording the count rate obtained as
function of tilt-angle. A pinhole was used to center a pencil beam in one specified
channel to avoid charge sharing, thereby making the count rate independent of the
exact threshold setting.

A 30-kVp tungsten spectrum filtered with 0.5 mm aluminum was used for these
measurements. We recall that with the small anode angle used, this corresponded to
32 kVp tube-voltage and 1 mm filtration for a normal anode angle. The difference
in absorption efficiency compared to a normal 30-kVp is theoretically predicted to
be 1%. The measured angular characteristics are in reasonable agreement with
the theoretical predictions for the spectrum used, Fig. 8.11. However, at small
angles there is an indication that the dead-layer from undepleted n+ is less than the
assumed 1.5 µm. A CdZnTe detector, specified to have very close to 100% quantum
efficiency at these x-ray energies, was used to absolute calibrate the efficiency. It
was found that 90±1% of the photons were detected at the maximum. A spectrum
additionally filtered with 45 mm PMMA, corresponding to a 45 mm thick breast of
equal composition adipose and glandular tissue4, provided about 1% lower quantum
efficiency than theoretically predicted. It is thus verified that the high efficiency of
Fig. 5.3 is very close to reality, and an absorption efficiency exceeding 89% may be
achieved for average breasts.

Maximal absorption efficiency is achieved close to where the dead-layer losses
and escaped number of photons are equal, but the highest dose efficiency corre-
sponds to a larger angle. This follows from the increased information at lower
energies: It is better that photons of higher energy escape than losing photons of
lower energy in the dead-layer. A comparison between the angular dependence of
absorption efficiency and energy weighted efficiency is found in Fig. 8.12. Fig. 5.3
indicates that the optimal angle occurs between 3◦ and 5◦, and the detector was
therefore kept tilted 4◦ throughout the following measurements described below,

4This corresponds to a 50 mm breast of average composition.
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Figure 8.11: Measured absorption efficiency as function of tilt-angle for a 30 kVp
tungsten spectrum at small anode angle. The solid curves are theoretical predic-
tions. Upper: Absorption efficiency when the spectrum was filtered with only 0.5
mm aluminum. Lower: Absorption efficiency when 45 mm PMMA is added.
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Figure 8.12: A theoretical comparison between dose efficiency and absorption
efficiency, illustrating that losses in the dead-layer are more severe than photons
escaping the detector. A 4 cm breast exposed to a tungsten spectrum at 28 kVp
and filtered with 0.5 mm aluminum was assumed.

corresponding to efficiency losses between 7 and 13% depending on the energy
spectrum that is transmitted as a function of breast thickness.

8.2.7 Linearity of count rate

The last point in the verification of quantum efficiency is to determine the depen-
dence between absorption rate and count rate. When the absorption efficiency was
measured, the very small transmission through the pinhole made sure that there
were no dead time losses. It must be verified that photons may be counted without
significant losses at realistic rates. The bottleneck is the shaper signals that pile
up at too high rates. For these measurements, no attempts were made to minimize
the shaper relaxation times. The shaper signals were studied on an oscilloscope
and were found to be about 1.0 µs. While these ASIC settings were kept for all
measured data recorded with the imaging devices and presented in this chapter, it
should be pointed out that earlier verifications of the old ASIC set at shaper times
between 250 and 500 ns shaper times yielded images of the same quality and similar
DQE.

A 30-kVp spectrum filtered with only 0.5 mm aluminum was used during these
measurements. The linearity between tube current and output was tested by placing
the pinhole in front of the detector, thereby assuring a linear detector response, and
recording count-rates for all possible currents. It was established that deviations
from a linear behavior was much smaller than one percent. An initially 70 µm
wide slit5 was placed 11 cm from the detector in order to achieve the conditions

5The intention had been to set the slit width to 50 µm, but edge-scans later revealed that the
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Figure 8.13: Measured count rate as function of an effective tube current IEff

corresponding to a 70 µm slit opening and a geometry for mammography. The
curve was recorded with a 30-kVp spectrum filtered by only 0.5 mm aluminum.
There are additional curves describing the real photon rate and the theoretical
count rate based on 0.90 µs dead-time. The latter coincides with the measured
data.

expected in mammography (the source to detector distance was 70 cm as usual).
The tube could not deliver currents higher than 60 mA and the measurement was
repeated with 250 and 600 µm slit openings in order to simulate higher output.
Overlapping count rates for different openings were used to normalize the data.
The recorded count rates could thereby be plotted as function of an efficient tube
current corresponding to a 70 µm slit, Fig. 8.13. A line extrapolated from currents
between 10 and 50 mA is also included in the diagram and represents the real
photon rate.

The dead time loss was found to be (0.7±0.2)% for a 60 mA current corre-
sponding to 68 kHz. However, it must be considered that the photon rate is almost
reduced 50% because of the small anode angle [106]. The transmission through
tissue is normally less than ten percent and dead time losses less than one percent
are therefore expected for tube currents up to 300 mA under normal imaging con-
ditions. This is near the maximal current for a high performance mammography
tube. The dead time losses are thus negligible for the measurements described in

true width was about 70 µm.
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this chapter and would also be insignificant in a full-scale multi-slit system even if
the slits were a few times larger. As further examples, the losses when no object
was present were 5% at 100 mA and 16% at 200 mA, corresponding to 113 and 226
kHz respectively.

At too high rates pile up will cause extendable dead times. The relationship
between true rate R and measured count rate r is then described by

r = R exp(−Rτ), (8.1)

where τ is the dead time associated with a single pulse. This function is plotted in
Fig. 8.13 and coincides with the measured data with τ tuned to 0.90 µs.

8.3 Modulation Transfer Function

We recall that the silicon detector is one dimensional with channel elements that
determine the spatial resolution in only one direction. The resolution is in the other
direction defined by the slit opening. Geometrical blurring, induced by the focal
spot size, also affects the spatial resolution and makes it dependent on the position
in the object volume. The resolutions in the two directions are in fact completely
independent and the imaging system may be considered as two independent one
dimensional devices acting perpendicularly. Measurements of modulation transfer
functions, for both detector and slit, are described in this section.

8.3.1 Theoretical prediction of the MTF

We begin with establishing equations for predicting the MTF in both directions at
an arbitrary position in the object field of this experimental setup. There are a few
things affecting these models that differ from a multi-slit system, e.g. the discrete
scan steps of the experimental setup and the absence of merging images from several
detector lines. These effects are treated in detail in Chapter 9. As discussed, the
MTFpre is affected by detector or slit response and geometrical blurring. It can
therefore be factorized

MTFperp
pre = MTF′detector ·MTFperp

geom (8.2)

along the linear detector array, and

MTFscan
pre = MTF′slit ·MTFscan

geom (8.3)

in the scan direction. According to Eq. 6.2, the factors in frequency space corre-
spond to “line-spread functions” in direct space. Convolution of these into a “total
LSF” is of course equivalent to multiplying their respective modulation transfer
functions. The factors in Eq. 8.2 and 8.3 are preferably defined by their respective
functions to convolute in direct space.

MTFdetector derives from the effective pixel profile which was modelled based
on the charge sharing simulations and is found in Fig. 7.5. This profile depends on
the electronic threshold level. There is an analog function for the slit resulting from



8.3. MODULATION TRANSFER FUNCTION 113

Scan direction

Slit direction

d1

d2

l

Point- 
source

Slit

Detector

Figure 8.14: Magnification and demagnification of the line-spread functions of slit
and detector, respectively.

the exact shape of the slit edges, but it is unknown and the slit will be modelled
with a rectangular function of 50 µm base. The prime signs on MTFdetector and
MTFslit in Eq. 8.2 and 8.3 indicates that we consider respective devices frequency
response in the object plane. This means that the line-spread functions of detector
and slit have been magnified with factors

mx = (l − d2)/l

my = (l − d2)/(l − d1 − d2), (8.4)

(see Fig. 8.14).
MTFgeom accounts for the geometrical blurring caused by the finite focal spot

size. The corresponding “line-spread function” is the image of the focal spot distri-
bution in the object plane, projected onto an infinitely narrow detector or through
an infinitely narrow slit. In the scan-direction, the focal spot distribution is there-
fore scaled by a factor that equals the object-slit distance divided by the source-slit
distance (Eq. 4.2). In the perpendicular direction, the scale-factor is the fraction
that the detector-object distance makes of the source-detector distance (Eq. 4.3).

For practical reasons, the exact focal spot distributions of the crystallography
tube were never measured. Instead, the distributions recorded for the mammog-
raphy tube to be used in the multi-slit prototype (Fig. 8.15) were scaled to the
dimensions expected for these experiments and used to predict geometrical blur-
ring. Deviations from the true distributions should have a very small effect on
the predicted MTF. The focal spot distributions of the mammography tube were
measured using a Real-time FocusMeter (RFM) from RTI Electronics AB.
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Figure 8.15: Focal-spot distributions of the tube to be used in the multi-slit pro-
totype system described in Chapter 9. The distributions were measured at a point
close to the chest-wall and using a 30-kVp spectrum. The distributions were es-
sentially similar when 45 kV was applied. x is in the direction parallel to the
detector-lines and y is in the scan-direction.

8.3.2 MTF measurements

The most common principles for measuring MTF-curves are the slit-method, the
edge-method and imaging bar-patterns. The latter method does not provide the
frequency response for sinusoidal patterns and is therefore not suitable. All these
methods have in common that they measure the MTF in the digital detectors nat-
ural x- and y-directions. A DQE based on MTF-curves provided by these methods
can therefore describe the detector behavior only in these two special directions,
which is a drawback. A method that provides information about the spatial resolu-
tion in arbitrary directions is presented in [107] where discs are utilized to generate
a two dimensional MTF.

The edge-method was chosen and the sharp edge of a 250 µm thick tungsten
plate was used. Normally the edge is placed with its normal at a small angle to
the axis along which the MTF is to be determined. An image is recorded resulting
in rows of pixel elements along the perpendicular axis successively more covered
by the edge. Combining these pixel values provides the edge-response function
(ERF), sampled with fine steps. The relative displacement of the edge between
two adjacent pixels is derived from the pitch and the angle of the edge and it
determines the sampling step size of the ERF. The derivative of the ERF provides
the channel response, i.e the line-spread function (LSF) from which the MTFpre

is determined. However, the experimental setup allowed a more straight forward
procedure of recording the ERF. The edge was simply scanned with 1 µm steps
either parallel or perpendicular to the linear array of 128 connected detector pixels.
The edge-response functions of all channel elements were thereby directly recorded.
128 MTFpre-curves were in this way determined in both directions, and the median
curves were extracted. The drawback of this method is that the measurements
are not performed under the same conditions as when images are generated. The
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difference is only the scan motions, however, and has negligible impact on the ERF
since the motors could perform 50 µm steps with about 1 µm precision.

Traditionally, MTF and DQE measurements aim at characterizing the image
receptor only and not the complete imaging system. Scatter grids are generally
removed when the quantum efficiency is measured and the systems ability to reject
scatter-noise and the spectral efficiency are not accounted for. The conventional
way of measuring modulation transfer function is to place the edge or slit as close
to the detector as possible, thereby minimizing focal spot blurring and isolating
detector performance. This has previously been sufficient since the screen-films or
digital area receptors have been more or less interchangeable in otherwise similar
mammography units. The imaging performances are thereby affected in the same
way by geometrical blurring and grids.

The situation is quite different when considering scanned multi-slit systems.
We know from Section 4.5 that the MTF perpendicular to the scan direction could
be measured in the conventional way, but an edge close to the detector leads to
worst possible focal spot blurring in the scanning direction. The MTF in this di-
rection depends on the collimator configuration and is independent of the detector.
Despite the inconsistent appearance, the analog way of measuring MTF compared
to the traditional approach would be to keep the edge near the detector or near the
collimator, depending on the direction for which the MTF is to be determined.

Unfortunately, problems appear when trying compare imaging performance of
different systems. Since the resolution has a different dependence on position in
object field for a scanned slit system compared to a system based on area detector
or scanned slot imaging, the geometrical blurring must somehow be included in the
comparison. In fact, x-ray tube, collimator and detector lines are all important
components that together determine the performance of a scanned slit system and
they should all be accounted for somehow.

There is indeed a lack of standards how to make quantitative comparisons be-
tween all existing systems possible. The author has chosen to measure and present
MTF- and DQE-curves according to two approaches. The first approach is analog
to the traditional DQE measure, according to which MTFs of slit and detector
were generated with minimal geometrical blurring included. The second approach
is aimed at presenting system MTF- and DQE-curves that directly relates to the
imaging performance, thereby allowing comparisons between systems based on arbi-
trary techniques. The measurements were in this case made as realistic as possible,
simulating a real imaging process and thereby including all vital system parts. This
makes more sense for the scanned multi-slit system since it must be looked at in
a more complete context with the x-ray tube integrated. Following this approach,
the edge was placed at the expected level for the center of an average breast.
The modulation transfer functions measured this way include realistic focal spot
blurring and are thus reduced compared to the isolated detector and collimator
performance. MTF-curves recorded with this approach will be denoted as system
MTFs in the following and have corresponding system DQEs. This is opposed to
curves for detector or for slit.

We recall that the experimental setup had a realistic geometry with a 700 mm
distance between source and detector, and the distance between pre-collimator and
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detector was 110 mm, compatible with the largest expected breast sizes. An av-
erage sized breast will have its center about 35 mm from the detectors, and the
edge was therefore kept at this distance in the measurements of complete system
performance. This approximates the minimal distance that can be achieved, both
between breast center and detector and between pre-collimator and breast cen-
ter. For the traditional measurements, the edge was placed 5 mm and 10 mm
from detector and slit respectively. These were the smallest distances that could
be achieved as determined by the way these devices were mounted. The 30-kVp
tungsten spectrum was filtered with 0.5 mm aluminum and 40 mm PMMA.

As the MTF defined by the detector depends on the discriminator level, the
same level had to be used as used for imaging. The CC ASIC was set to approxi-
mately 4 keV, a threshold where 100% registration efficiency is expected. The other
ASIC was set to a threshold slightly below tUni.

Initial tests using the pinhole collimator verified that the strip fan-out matched
the beam divergence and all strips where perfectly aligned with the x-ray beam.
After the alignment was verified, the edge-scans were performed and MTFpre-curves
were calculated from the measured line-spread functions.

Figure 8.16 shows MTFpre-curves for the detector, with and without coincidence
conditioning. Also shown are theoretical expectations based on modelled channel
responses and including the slight geometrical blurring that occur 5 mm in front of
the detector as predicted by Eq. 8.3. In the case of no CC, a 10 keV discriminator
level was assumed. The measurements verify that the 10% levels are in both cases
exceeding 16 lp/mm. The imaging device utilizing CC provides a resolution close
to that of ideal 50 µm rectangular channel responses.

The system MTFpre in the direction of the detector, recorded at a typical center
of breast position, are displayed in Fig. 8.17. There is still a good agreement with
theory, and the effect of geometrical blurring is small, although clearly visible.

The results of the other direction say less about the fundamental properties
of imaging systems based on this technology. The two copper plates would surely
be replaced in a real application by thinner precision made collimators of heavier
material. However, it is still demonstrative to analyze the behavior in this direction
as well. This shows which resolution could be easily achieved and the MTF-curves
and DQEs may be compared with achieved image quality. The edge-scans showed
that the slit in reality had a much wider gap than was intended. The full width at
half maximum of the transmission profile was on average 72 µm (Fig. 8.18). The
slit MTFpre and the system MTFpre are shown in Fig. 8.19 (these are common for
both types of ASICs). The measured slit width was used to calculate theoretical
MTFpre according to Eq. 8.2. While the theoretical slit MTFpre therefore is almost
identical to the recorded, the agreement is also very good for the system MTFpre.
This verifies that the focal spot in reality is close to 460 µm. Because of the wider
slit opening and the position being closer to detector than slit, the system MTFpre

is significantly worse in the scan direction. The frequency of 10% MTF occurs near
10 lp/mm. It is clear that a multi-slit mammography system would benefit from
having an asymmetric focal spot with its short side in the scan direction.

The digital MTFs were calculated for later use in the DQEs. These are displayed
in Fig. 8.20 and Fig. 8.21. Although arbitrary sampling intervals are possible, both
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Figure 8.16: Measured MTFpre for the detector, with and without coincidence
conditioning (CC) used. The theoretical models assumed a 10 keV discriminator
level in case of no CC, and a rectangular response function in case of CC.
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Figure 8.17: System MTFpre along the detector axis.“CC” and“No CC” indicates
whether coincidence conditioning was used. The edge was for these measurements
scanned 35 mm in front of the detector, simulating an average position in an object.
Geometrical blurring is thereby included and the curves directly provide the systems
spatial frequency response in a realistic situation.
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Figure 8.18: The slit transmission profile derived from edge-scans.
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Figure 8.19: The MTFpre of the slit and the system MTFpre in the scan direction.
This was recorded with a tungsten edge scanned 35 mm in front of the detector.

for the imaging devices of this setup and in a full scale multi-slit system, a 50 µm
square sampling grid was assumed. This is the most probable sampling of a multi-
slit mammography system and was used for generating all images shown at the
end of this chapter. The Nyquist frequency is thus 10 lp/mm for which these
imaging devices are strongly undersampled in the detector direction. The MTFpre

of a multi-slit system is predicted to be lower and that kind of system is therefore
not undersampled to this strong degree. While the MTFpre demonstrates the high
potential of silicon strip detector and of direct detectors general, the vast aliasing
makes them and the EMTF-curves difficult to interpret in the context of a 50 µm
sampling grid. The EMTF-curves were combined with noise power spectra in order
to deduce the DQE as described in the following.
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Figure 8.20: System and detector EMTFs along the detector axis. These were
derived from the measured MTFpre of Fig. 8.16 and 8.17. Note that the vertical
scale does not begin at zero.
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Figure 8.21: System and slit EMTFs. These were derived from the measured
MTFpre of Fig. 8.19.
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Figure 8.22: Measured noise power spectrum when ASIC without coincidence
conditioning is used. The spectrum is constant in the scan direction (y-direction)
meaning that there is no correlation between pixel values in this direction.

8.4 Noise power spectrum

The noise power spectrum measurements simply consist of recording a large number
of flat images under realistic conditions. The effect from having a finite image size
is that the real NPS becomes convoluted with a sinc2-function, and a too small size
will therefore distort the measured NPS. The test module limited the image sizes
to 128×128 pixels and the impact on NPS from this was evaluated.

For each ASIC, 256 images were recorded providing sufficient statistics. In
order to achieve a realistic spectrum, the 30-kVp tungsten spectrum was filtered
with 0.5 mm aluminum and 45 mm PMMA, corresponding to an average breast.
Each channel was provided with a constant normalization factor in a way that the
image columns in the scan-direction acquired the same average pixel value. This
was the only image processing made. The total number of counts from the images
were 1.69·107 and 1.90·107 for the ASICs with and without CC, respectively.

The two-dimensional NPS was calculated according to Eq. 6.11 and is displayed
in Fig. 8.22-8.23 (Eq. 6.12 was also used as a cross check and verified the results).
Uniform white noise is observed in the scan-direction, indicating that there is no
correlation between pixel values along this axis. This is quite unique for mammog-
raphy systems and the noise power generally decreases with frequency. This is the
behavior of the other direction, an effect from charge sharing causing double counts
that correlates adjacent pixel values.

A closer examination reveals that both NPS are smooth, without abnormal fea-
tures in any direction. Profiles parallel to the scan-direction and the perpendicular
direction were therefore representative and suitable quantities to be included in the
noise equivalent quanta and DQE (it is often necessary to use profiles at a small
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Figure 8.23: Measured noise power spectrum when ASIC with coincidence condi-
tioning is used.

angle to the natural detector axis in order to avoid abnormalities). The NPS along
the ux axis could in both cases be averaged over a number of profiles as the lack of
correlation in the y-direction made them constant. The derived NPS-profiles were
then fitted by polynomials, Fig. 8.24 and 8.25.

There were no counts in any channel when the x-rays were switched off and the
average pixel values of each channel were equal to the variances. The individual
pixel values were thus perfectly poisson distributed and contained no noise. NPS(0)
over S, the average signal from all images, then provides the fraction of registered
photons that were double-counted according to Eq. 7.11. This yielded 11.7% and
4.6% for the ASIC without and with CC, respectively, which is in good agreement
with 12-14% and 4-5% that was derived from edge-scans. The edge-scans had also
shown that all absorbed photon were registered by the CC ASIC and only 0-2% were
missed by the other ASIC for the thresholds used. Knowing from measurements
the fractions of double counting, the registration efficiencies and the absorption
efficiency, the true number of photons transmitted through the phantom could be
calculated. These are 1.93·107 (no CC) and 1.82·107 (CC) corresponding to 0.39
and 0.37 mGy.

Simulations were performed in order to verify that the NPS shapes are con-
sistent with the detector models described in Section 7.2. A grid with 128 times
128 elements was filled by randomly picking numbers from a poisson distribution
with an expectation value representing the average number of registered photons
in a pixel. Each grid value was then used as the number of trials in a binomial
distribution, each trial with a certain probability of incrementing either of the two
adjacent values in the the same row. This probability thus represented the fraction
double counted photons. 256 images were in this way simulated and the NPS was
calculated in a way identical to that of the measured images. The same fraction of
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Figure 8.24: Measured noise power spectra and fitted polynomials up to the
Nyquist frequency. No coincidence conditioning was used here. The total signal S
was 1.90·107 counts.
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Figure 8.25: Measured noise power spectra and fitted polynomials up to the
Nyquist frequency.The total signal S was 1.69·107 counts. Coincidence conditioning
was used here which results in a more constant NPS along the ux-axis and reduces
the NPS at low frequencies.
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Figure 8.26: A comparison between the NPS recorded using the ASIC without
coincidence conditioning and a simulated NPS. The almost constant curves describe
the scan direction while the decreasing curves correspond to the perpendicular
direction. The simulations assumed the same number of registered photons and
the same fraction of double counting as was derived from the measured NPS. The
simple model used in the simulations provides excellent agreement.

double counting and average number of registered photons was used in the simula-
tions as deduced from measured NPS. Simulated NPS for the ASIC without CC is
compared to measured NPS in Fig. 8.26. The excellent agreement (which was also
found for the other ASIC) shows that the very simple model based on only poisson
distributed photons of which a certain fraction are double counted fully describes
these imaging devices.

In order to test effects of the image sizes, quartets of images were added to-
gether forming larger images of 256×256 pixels. The above procedure was repeated
for these images and there was an excellent agreement between these results and
those of Fig. 8.24 and 8.25, proving that the size is sufficient to avoid distortion
of the NPS. It was also tested whether updating of channel normalization factors
after different number of images changes the NPS. Similar results were obtained
independent of updating intervals, and the derived NPS is therefore representa-
tive for realistic channel normalization. It must be remembered however that the
variations in count rate between channels depend on the energy spectrum of the
photons, and the normalization would therefore be less efficient for a real object
with variations in transmission. This of course increases the noise power. On the
other hand channel variations averages out partially when several detector-lines are
used.
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8.5 Detective Quantum Efficiency

Following Eq. 6.13 the noise equivalent quanta (NEQ) was calculated from measured
EMTF and NPS. The final step in deriving the DQE is to divide the NEQ with the
ideal SNR2 according to Eq. 6.14. The latter is simply the total number of photons
transmitted through the phantom and incident on the detector. The normal way
of finding SNR2 is to measure the dose and compute the number of photons using
knowledge about the energy spectrum of the photons. This was for practical reasons
not a suitable approach for this experimental setup. However, since the fraction
double counted photons, the fraction absorbed photons and the fraction absorbed
but unregistered photons have been measured with accuracy of about 1%, the
incident number of photons could be determined very precisely. SNR2

ideal for the
two imaging devices were 1.93·107 (no CC) and 1.82·107 (CC).

Whereas the MTF in the scan-direction is independent of what imaging device
is used, the NPS and therefore the DQE are not. With the traditional approach of
measuring DQEs based on detector performance only, detective quantum efficien-
cies for the detector and for the slit (remember that these two devices are acting
perpendicularly) are shown in Fig. 8.27. The DQEs at zero frequency are 81% for
the imaging device without charge conditioning and 86% with CC. The measured
quantum efficiency and fraction double counting imposes less than 2% uncertainties
on these values. In the former case, the reduction of digital MTF at higher fre-
quencies is almost cancelled out by the decreasing NPS, creating a nearly constant
DQE up to the Nyquist frequency. However, the presence of strong undersampling
greatly blurs the meaning of this DQE at high frequencies. The slit provides more
normal DQE-curves. The reason is of course that the slit width exceeded 70 µm
which strongly reduces the MTF compared to a 50 µm slit or pitch.

The system DQE, directly relating to the image quality achieved with a com-
plete imaging system, was derived by instead using EMTF-curves measured 35 mm
before the detector, Fig. 8.28. The geometrical blurring has of course reduced the
DQEs as it would for any imaging system. This illustrates the importance of addi-
tionally considering the focal spot when quantifying the performance of an imaging
system. The spot sizes may vary and thereby cause different amounts of geometrical
blurring.

Following the discussions of Chapter 6, the MTFpre and the EMTF comple-
ment each other in describing the resolution of an undersampled system. We have
seen that the MTFpre and the EMTF for the detector in fact differ considerably.
The computation of DQE was therefore also done based upon the MTFpre-curves,
Fig. 8.29. At high frequencies this provided significantly lower DQEs in the direc-
tion of the detector, still however exceeding 0.3 at the Nyquist frequency.

We recall that normal doses in mammography range between 1 and 2 mGy, and
the DQE is normally presented at this dose. It generally decreases when the dose is
reduced as the relative importance of external noise increases. This effect becomes
significant at the low doses for which the DQE-curves presented in this section
were measured. The situation is different for these imaging devices. As the photon
counting rejects all external noise source, e.g. leakage current from detector and
electronics, the DQE is independent of the dose. The agreement between measured



8.5. DETECTIVE QUANTUM EFFICIENCY 125

0 1 2 3 4 5 6 7 8 9 10
0

0.1

0.2

0.3

0.4

0.5

0.6

0.7

0.8

0.9

1

Spatial frequency [lp/mm]

D
Q

E


Detector, no CC
Detector, CC
Slit, no CC
Slit, CC

Figure 8.27: DQEs for detector and slit with and without coincidence conditioning
(CC) used. These DQEs are based on the respective EMTF-curves.
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Figure 8.28: System DQEs based on the system EMTF-curves. The x-axis is along
the linear detector and the y-axis is defined by the scan direction.
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Figure 8.29: The same DQEs as those of Fig. 8.27 and 8.28, but calculated from
respective MTFpre. Left: Detector and slit DQEs. Right: System DQEs.

and simulated NPS supports this statement and an additional circumstance is that
the NPS was recorded using only 25 mA tube current, providing a relatively low
signal rate which would increase the relative importance of some noise sources.
DQEs based on a dose reduced to one fourth (less than 0.1 mGy) were additionally
derived from measured data. These were identical to those previously derived which
proves that no effects show up at extremely low doses. A consequence of the DQE
being independent of dose is that the SNR is exactly proportional to the square
root of patient exposure.

The DQEs at zero frequency differ only 4-5% for the two ASICs. This is a few
percent less than what would have been achieved with a 100% efficient coincidence
conditioning. Whereas these figures perhaps don’t appear as impressing, it should
be remembered that the ASIC without CC is near its optimal performance and is
sensitive to small changes in discriminator level. The CC ASIC would provide the
same DQE for a much wider range of thresholds which is probably an advantage
in a full-scale multi-slit system where thresholds of many more channels need to be
tuned. In addition, the effect from reducing double counts is expected to have a
slightly larger impact on the dose efficiency, which is a more important measure.

8.6 Dose efficiency

According to Eq. 6.19 it is easy to derive the relative difference in dose efficiency
between two systems simply by measuring the contrasts they provide from some
test object and combine these with the DQEs. The measured fractions for double
counting and unregistered photons were used to calculate the expected relative dif-
ferences in DQE and dose efficiency between the imaging devices with and without
CC. It was found that the first factor of Eq. 6.19 contributed about 1% relative
difference, meaning 0.5% relative difference in contrast.

The largest disc of the Gammex RMI 156 mammography phantom (displayed
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in the next section) was imaged with both devices and its contrast calculated. It
was found that (CCC/CNo−CC − 1)=(0.2±0.5)%, which is theory consistent. The
relative differences in dose efficiency and DQE are thus practically the same in this
case. The reason is that both devices have the same scatter rejection, absorbs the
same energy spectrum and are both photon counting.

8.7 Images

Theoretical models and DQE measurements provide helpful indications of system
performance, but it is difficult to predict with precision the achievable image quality.
We have seen that there is a big uncertainty in the translation from DQE to the
ability of resolving image details. The spatial object spectrum varies and likewise
does the relative importance of object frequencies for diagnoses. The interpretation
is further complicated for undersampled digital system associated with aliasing. In
the end, the performance has to be proved by acquiring real images.

Presented below is a few images of phantoms and real tissue, recorded in the
experimental setup using the device without coincidence conditioning. The spatial
resolution is overestimated in these images compared to what would be obtained
in a full-scale multi-slit system where continuous scan motion and adding images
from multiple detector lines widens the point-spread function. However, the channel
variations are larger as they will partially average out when several detector-lines
are used.

An image of 3 cm thick excised breast tissue is shown in Fig. 8.30 together with
a close-up of a region containing microcalcifications. The dose was 0.30 mGy. All
images are of very good quality and thus supports the expectations of high image
quality at much lower patient doses than provided by conventional systems.

Fig. 8.31 shows an image of the Gammex RMI 156 mammography phantom
with objects included simulating fibrils, clusters of microcalcifications and tumors.
The average glandular dose was only 0.30 mGy and all objects but the smallest
disc in the upper left corner were detectable in the original image. In comparison,
the American College of Radiology requires 4 fibrils, 3 groups of microcalcifications
and 3 discs to be visible, which was achieved at 0.15 mGy. At 0.68 mGy, also the
last disc started to become visible. This dose is at least a factor two less than what
is typical for screen-film systems.
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Figure 8.30: Upper:Image of excised breast tissue at 0.30 mGy dose. Calcifica-
tions can be observed in the center of the upper part of the image. Lower: A
close-up of the microcalcifications. The displayed region is 4×4 cm2.
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Figure 8.31: Image of the Gammex RMI 156 mammography phantom (8 cm x
8 cm) obtained with the experimental setup described in the text. Lines have
been added to separate regions containing different objects. All objects but the
smallest disc could be resolved in the original image. The average glandular dose
was estimated to be 0.30 mGy.
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Chapter 9

Prototype evaluation

The measurements described in Chapter 8 were mainly focused at verifying the
performance of the detector as a single component and additionally indicate its
potential use as part of a multi-slit system. With imaging devices consisting of single
detectors, MTF, and NPS were recorded from which the DQE was derived. There
are however additional factors that need to be considered in a multi-slit system.
The DQE will thus differ from the ones presented so far, but the changes are easily
modelled. The predictions for the imaging devices consisting of single detectors are
in this chapter extended to describe a multi-slit system. In addition, initial tests
on an experimental prototype system, able to record full-field mammogram, are
presented. This prototype system was configured with six closely spaced detector
lines recording full-field images that were added in the image reconstruction.

With detectors titled 4◦, the high absorption efficiency is kept for a multi-slit
system. Furthermore, the flat images recorded for the single detectors in Chapter 8
have properties identical to those for individual detector lines of a multi-slit sys-
tem. Each pixel value is thus only correlated through double counting with the two
adjacent pixel values along the detector axis. The pixel values are also completely
uncorrelated with any pixel value of images from any other detector line. Whereas
the MTF is affected by adding images of slightly shifted detector lines, the pixel
values of flat field images contain no spatial information that would reveal the rel-
ative displacements and pass it on to the NPS. It is realized that the reconstructed
image could, with a properly configured multi-slit system, still possess the behavior
of the individual images provided by single detector lines. For the same discrimi-
nator levels, the NPS of a multi-slit system would in this case be identical to the
NPS measured in Chapter 8. The only DQE component that fundamentally differs
between the imaging devices based on single detectors and a multi-slit system is
the MTF.

131
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Figure 9.1: Two ways of distributing channel values from a detector line displaced
a distance δx relative the image grid. The sampling distance is bx. Left: Adding
the channel values to the nearest image pixels. Right: Weighting the channel
values into the image according to the overlap between detector pixel and image
pixel.

9.1 MTF of a multi-slit system

Expressions for predicting the MTF of an imaging system containing only one
detector line and using discrete scan steps was derived in Section 8.3. Each of
Eq. 8.2 and 8.3 contains only two factors representing detector or slit response and
geometrical blurring. We will now investigate additional factors that appear for a
multi-slit system and concentrate on one direction at the time, beginning along the
detector axis.

The detector lines would ideally be aligned with the channels centered on ex-
actly the same array of coordinates along the detector axis (we will denote this the
x-axis). In reality, they will be shifted a distance that is probably greater than
the sampling distance bx (the sampling distance along the detector axis does not
have to be equal to the pitch). The true channel coordinates along the x-axis are
however easily measured and the values of each channel may be added to the closest
column of the image matrix, Fig. 9.1. The image matrix serves as a grid of pix-
els having the dimensions of the sampling distances in respective directions. The
detector lines will thus be randomly shifted a distance δx according to a uniform
distribution limited to the interval [-bx/2, bx/2]. This corresponds to convoluting
the line-spread function with a rectangular function of width equal to bx.

Instead of simply applying a pixel value to the nearest column, one could weight
it into the two nearest columns according to the pixel’s overlap onto these. For
example, a detector channel centered in the middle between two columns would
distribute half its value to each of the two adjacent image pixels. This continuous
way of distributing the pixel values appears to more accurately reconstruct the
image and possibly increase the resolution. Let us quantify what it does on the line-
spread function. A weight-function ω(δx) may be defined describing the fraction
of a detector channel value that is assigned to an image pixel as function of their
relative displacement. The image pixel may be described by a rectangular function
f of width bx. If a function g of the same shape but centered in the detector channel
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is defined, then the weight is provided by the overlap of f and g, Fig. 9.1. This
means

ω(δx) =
∫ +∞

−∞
dxf(x)g(x− δx), (9.1)

where f and g are each normalized to provide unity area. ω(δx) is thus the trian-
gular function

ω(δx) =
{

bx−|δx|
bx

, −bx < δx < bx

0, otherwise.
(9.2)

But since g is symmetric, its argument in Eq. 9.1 may be negated yielding

ω = f ∗ g. (9.3)

Averaging over all δx means a convolution between the line-spread function of
the detector and ω(δx). We recall that simply placing the channel value into the
nearest image pixel meant a convolution between the detector LSF and a function
with a shape identical to those of f and g. According to Eq. 9.3, the extra effort
of weighting channel values into the image matrix gave no better result than an
extra blur of the line-spread function with a rectangular function of width bx. This
can alternatively be seen as reducing the MTF by multiplying it with an extra
sinc-function. Whereas adding channel values into nearest grid points conserves
the noise power spectrum from individual detector-lines, pixel weighting filters it.

Changing to the other direction, a continuous scan motion means that the
object is moved at constant velocity a certain distance ∆y during the dwell time.
The line-spread function is thus convoluted with a rectangular function of this
width. In a way similar to what was described above, the channel values of the
detector lines could be displaced relative the to grid of image pixels. This would
mean that also the line-spread function in the scan direction will be convoluted
once (or twice if pixel weighting is performed) with a rectangular function of width
by. It is possible, however, that the relative displacements are much smaller than by

since a multi-slit collimator with precision patterns would ensure an integer number
of ∆y between successive slits. Readout distances exactly equal to ∆y then means
zero displacement between images from different detector lines.

An additional effect not needed to be considered in the experimental setup of
Chapter 8 is that because of the heal effect, the apparent focal spot size in the x-
direction will decrease with increasing distance from chest wall, Fig. 9.2. Therefore,
not only does the geometrical blurring along the detector axis depend on the height
above the detector (we denote this axes z), but it also varies along the x-axis. This
effect is absent in the scan-direction.

With all effects for a multi-slit system included, the modulation transfer func-
tions may be written

MTFperp
pre (x, z) = MTF′detector(z) ·MTFperp

geom(x, z) · [MTF′add(z)]νx (9.4)

perpendicular to the scan direction, and

MTFscan
pre (z) = MTF′slit(z) ·MTFscan

geom(z) ·MTF′scan(z) · [MTF′add(z)]νy (9.5)
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Figure 9.2: The geometry of a multi-slit system. The anode is pointing at the
patient and its apparent size along the detector axis (denoted sx and s′x here repre-
senting near and far from chest wall, respectively) decreases with increasing distance
from the chest wall. The apparent size is in the scan direction independent of this
distance. Only one collimator slit and detector line are shown, but in reality there
are many of them stacked normal to the page.

in the scan direction (dependencies on ux and uy have been suppressed). Following
the notation of Eq. 9.4 and 9.5, the prime sign indicates that the corresponding
line-spread function is taken at the position were the MTF is evaluated. MTF’add

provides the effect of adding randomly displaced images and is equal to sinc(πmbu),
m being the magnification from Eq. 8.4. ν equals zero, one or two depending on
if images from different detector lines are relatively displaced, and in this case if
pixel values are placed in the nearest pixel of the image grid or if they are weighted
into the grid. MTFscan represents the continuous scan motion and is equal to
sinc(πmy∆yuy). Here ∆y is the relative movement of a slit in its circular motion
around the x-ray source.

Figure 9.3 illustrates the resolution’s positional dependence in the two direc-
tions. They display the spatial frequency that provides 10% MTFpre as calculated
from Eq. 9.4 and 9.5. The calculations were based upon the features of the pro-
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Figure 9.3: Map showing how the resolution depends on position in the object
field. The quantity plotted is the spatial frequency providing 10% MTFpre. Upper:
Resolution along the detector axis. Lower: Resolution along the scan direction.

totype system and assuming νx=1 and νy=0. They were also assuming a 30-kVp
spectrum filtered through an average breast and discriminator level corresponding
to 8 keV. Because of the small apparent focal spot size far from the chest wall, the
magnification increases the resolution along the detector axis, instead of reducing
it.

9.2 Methods and equipment

A complete design description of the prototype system is not within the scope of
this thesis. Descriptions of the exact technical solutions used provide little contribu-
tion to the understanding of fundamental properties of a multi-slit system. Below
is merely a brief description concentrated on parameters that directly affect the
performance and must be included in the rather general theoretical models derived
in Section 9.1.

The prototype system had x-ray tube, multi-slit collimators and detector lines
mounted of a rigid arm that rotated around the focal spot when scanning was
performed. Six detector lines were used and their length was approximately 24
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cm, which made it possible to scan a full-field image. In order to achieve enough
statistics, the scan time was about half a minute with such few detector lines. A
full-scale system would thus require additional lines and possibly an x-ray tube of
higher output. The detector lines were mounted according to the first geometry
described in Section 4.4, with each line scanning almost the entire image-field.

The x-ray tube was a dedicated mammography tube with tungsten anode and
its apparent emission distributions near the chest wall are displayed in Fig. 8.15.
A 0.5 mm aluminum filter was used.

The pre-collimator was made of tungsten and had a precision pattern of 60 µm
wide slits. Each slit corresponded to one silicon strip detector of a specific detector
line. The pre-collimator was positioned approximately 11 cm in front of the de-
tectors. A post-collimator, made also from tungsten and with a precision pattern
of slits, had been mounted directly in front of the detector lines in order to reject
scattered photons from beams corresponding to other lines.

Silicon strip detectors were identical with those tested in Chapter 8, and they
were positioned tightly within the detector lines (see Fig. 4.2) with 70 cm average
distance to the source. Each detector line had small dead intervals because of the
gaps that appeared between the active detector regions of adjacent silicon detectors.
The detector lines were therefore shifted relative each other in order to overlap
these regions with active silicon. The detectors were operated under the same
conditions as they were for the previous tests, irradiated through the backside
with a 4◦ incidence angle and biased with 155 V. No evaluation of the coincidence
conditioning ASIC had began when the prototype system was assembled and it was
configured with simple pulse counting readout.

The scan distance between successive readouts, ∆y, was 50 µm. This was also
used as sampling distance by, defining the pixel size of the final image. A bx of 50 µm
was also used, equal to the detector pitch. The exact positions of channel readouts
from individual detector lines were calculated using images of a test pattern. It was
found that there were also relative displacements along the scan direction. We saw
previously that weighting channel values into the image matrix provides low pass
filtering. Because of the small number of detector lines used in this prototype the
images had relatively low statistics and it was decided to perform pixel weighting
along the detector axis, thereby trading resolution for reduced quantum mottle
(this direction is expected to have better resolution since there is no degradation
from the scan motion). No pixel weighting was performed in the scan direction
and νx and νy were thus two and one, respectively. As a consequence of the pixel
weighting, the NPS is not the same as the one provided by single detectors.

For the MTF-measurements, a tungsten plate with sharp edges was imaged
with a 30-kVp spectrum filtered through 4 cm PMMA. The edges were directed
with their normals at approximately 2.5◦ angle relative the to axis for which the
MTF was to be determined. Edge-response functions were thereby sampled in rows
or columns of the final image matrix and the pixel values from several rows/colums
were combined to a tightly sampled response. The lengths of two perpendicular
edges were measured and could be used as scales in the images. The exact angle of
the tungsten plate could be calculated from its image with knowledge of the scales.
It was thereby also possible to calculate the sampling distances of the recorded
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edge-response functions.
High order polynomials were then fitted to the edge-response functions and

differentiated to yield the line-spread functions. The tails of these were extrapolated
with exponential decay before they were translated into MTFpre.

This procedure was repeated for both directions at a number of positions in the
object field. The resolution’s dependence on x- and z-coordinates could thereby
be compared with the predictions of Section 9.1. More specifically, images were
acquired with the plate at 0, 4 and 9 cm above the object table and at 1, 6, and 12
cm distance from the chest wall for each height.

9.3 Results

The measured MTFs are found in Fig. 9.4-9.6 and theoretical predications accord-
ing to Eq. 9.4 and 9.5 are included in the diagrams. Measured curves are in general
slightly lower than predicted, but the relatively small deviations are probably not
making a significant deterioration of spatial resolution, with perhaps a few excep-
tions where the deviations are larger. The explanation for the decreased MTF
compared to theory probably relies to a large degree in the calibration of detector
positions.

Qualitatively, the measured curves verify the dependence between resolution
and position. Along the detector axis, the curves with z=0 cm would correspond
to the detector’s MTFpre, which is what is usually measured, and the ten percent
level is around 12 lp/mm. This would however improve if positional weighting of
pixel values were not used. Near the chest wall, the MTF along the detector axis
then decreases with increased height because of geometrical blurring. This effect is
reduced further from the chest wall as the focal spot size appears smaller.

In the scan direction, the MTF is seen to increase with z, which is expected since
the geometrical blurring is reduced closer to the collimator. Analog to the detector
MTF, the ten percent level for the collimator is at about 11 lp/mm. Furthermore,
the MTFs show no significant dependence on the distance from the chest wall, in
accordance with the constant apparent focal spot size.

The overall figures of merit should be the MTFs provided at a position centered
in a typical breast. This position is approximated by x=6 cm and z=4 cm where
the ten percent levels occurred at 12 and 10 lp/mm along the detector axis and in
the scan direction, respectively. The MTF of the former direction is better and the
difference would be further increased without the low pass filtering. Part of this
difference is explained by the slits being 60 µm wide compared to the 50 µm detector
pitches, but there is also an additional factor. The projection of the focal spot size
along the detector axis increases with z which leads to worse blurring (Fig. 4.3).
However, the increased object magnification, enhancing resolution, counteracts the
blurring. The situation is different in the scan direction, since both blurring and
demagnification reduces resolution at increasing distance from the collimator slits.
It could therefore be motivated to use a smaller ∆y which would increase both
MTF’scan and MTF’add.

The MTFs are in the scan-direction very similar to those of the simple imaging
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Figure 9.4: MTFpre measured on the prototype system 1 cm from the chest wall.
The MTFs corresponds to the three indicated heights z above the object table. The
faint curves are theoretical predictions. Upper: Parallel to detector. Lower: In
scan direction.

devices tested in Chapter 8. Effects from continuous scanning and adding images
are cancelled by the smaller slit widths and focal spot size in this direction. In the
perpendicular direction however, the frequencies providing the ten percent MTF-
levels are typically reduced by 30%. The MTF is expected to improve significantly
without the applied low pass filtering.



9.3. RESULTS 139

0 2 4 6 8 10 12 14 16
0

0.1

0.2

0.3

0.4

0.5

0.6

0.7

0.8

0.9

1

Spatial frequency [lp/mm]

M
TF

pr
e x=6 cm

z=0 cm
z=4 cm
z=9 cm

0 2 4 6 8 10 12 14 16
0

0.1

0.2

0.3

0.4

0.5

0.6

0.7

0.8

0.9

1

Spatial frequency [lp/mm]

M
TF

pr
e x=6 cm

z=0 cm
z=4 cm
z=9 cm

Figure 9.5: Curves similar to those of Fig. 9.4 but the MTFs were recorded 6 cm
from the chest wall. Upper: Parallel to detector. Lower: In scan direction.
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Figure 9.6: The curves are similar to those of Fig. 9.4-9.5 but the MTFs were
recorded 12 cm from the chest wall. Upper: Parallel to detector. Lower: In scan
direction.



Chapter 10

Summary and outlook

Compared to conventional techniques, a multi-slit imaging system has several fun-
damental advantages. The ability to achieve high image quality at low dose makes
it particularly suitable for mammography. It offers a superior rejection of scattered
radiation and the great absorption depth of slightly tilted silicon strip detectors pro-
vides high quantum efficiency allowing optimal tube voltage even for very large and
dense breasts. The silicon sensors directly convert the photon-energy to electrical
signals, implicating high spatial and energy resolutions. Detector and electronics
operate in photon counting mode rejecting electronic noise. Furthermore, the x-ray
photons are provided equal weights, regardless of energy, when the pixel values
are formed. This is an improvement compared to conventional energy integrating
techniques were photons of higher energy contribute more to the image, contrary
to the information they carry.

It must be stressed that most of these advantages do not show in the detective
quantum efficiency which is the traditional way of quantifying system performance.
Today’s mixture of analog and digital systems and the introduction of novel imaging
technologies require more extensive comparisons of their performance. In particular,
it is important to additionally consider image contrasts as this will invoke effects
like energy weighting and scatter rejection.

The work that has been presented demonstrates that the performance of sil-
icon detectors and ASICs are sufficient to perform noiseless photon counting at
the expected rates. It was additionally verified that the silicon detectors provide
approximately 90% absorption efficiency for a typical spectrum and an MTF with
10%-level at a spatial frequency exceeding 16 lp/mm. The DQE for devices con-
sisting of single detectors in an experimental setup simulating the conditions in
mammography was 81% at zero spatial frequency. The reduction compared to the
absorption efficiency is well understood and is due to photons, preferably of higher
energy, that are counted in two adjacent channels as a result of signal sharing
in the detector. In fact, a very simple detector model, merely assuming Poisson-
distributed photons of which a certain fraction are double counted, predicts the
noise power spectrum in a very precise manner at all spatial frequencies. This
reflects the true digital nature of this technology.
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The signal sharing compromises the gain from improved energy weighting com-
pared to energy integrating systems. However, the implementation of coincidence
circuits, rejecting shared pulses, theoretically removes all effects from signal sharing
and restores ideal photon counting. A prototype ASIC with that kind of feature
was tested and compared to the original design with simple pulse-counting. The
new ASIC did not manage to completely reject all double counts, but improved
the DQE by 5%, in agreement with the fraction of double-counts it was found to
provide. The measurements demonstrated that a DQE equal to the absorption
efficiency would probably be achieved with 100% efficient coincidence circuits. The
pulse rejection relied on the overlap of adjacent comparator pulses and a tunable
time-window for coincidence detection would probably increase the performance,
possibly to 100%.

Calculations show that yet a significant efficiency increase results if the photon
energies are measured and optimal energy weighting is utilized. It is also found that
sampling the photon spectrum with only a few bins achieves dose efficiency close to
continuous weighting. However, charge sharing is considerable for a detector with
50 µm pitch on a 500 µm wafer which complicates estimations of photon energies.
Coincidence circuits are a necessity, but only a smaller part of the gain is achieved
unless the photon signal is recreated by adding the coincident pulses. The supe-
rior performance of silicon detectors provides conditions that could probably make
these energy weighting configurations feasible, but this requires further research.
Furthermore, there are stronger requirements on channel uniformity of the readout
electronics for this kind of energy weighting compared to photon counting, as the
count rates depend more strongly on e.g. threshold levels cutting through a central
part of the pulse-height spectrum.

Images of different phantoms and tissue samples obtained in the experimental
setup demonstrated excellent image quality at much lower doses than in conven-
tional film-screen methods. The measured behavior of both single components and
experimental imaging devices support the estimations of the efficiency gain achieved
by a scanned multi-slit system.

A full scale multi-slit system is expected to have the same efficiency at low
spatial frequencies as the imaging devices based on a single detector. The continu-
ous scan motion and relative displacements between detector lines will reduce the
resolution. These effects are easily modelled and MTF-curves recorded by a first
multi-slit prototype system based on six detector lines verified the theoretical pre-
dictions. It was thereby demonstrated that a high resolution is also possible for a
full-scale system and not limited by misalignments or a degraded scan motion. The
agreement between measurements and models verify that the geometrical blurring
induced by the focal spot size has a relatively strong impact on the resolution. It
is therefore important to minimize the distance between multi-slit collimator and
detectors and additionally use a focal spot of smaller size in the scan direction as
it is more affected by geometrical blurring. Furthermore, it might be possible to
align the detector lines in a way that their relative displacements are significantly
smaller than the sampling distance and this would yield approximately the same
resolution as in the images presented in Section 8.7.

The work that is ahead includes many more tests. In particular, it must be ver-
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ified that the DQE and dose efficiency at low spatial frequencies are conserved and
tests regarding the stability must also be performed. Furthermore, future proto-
type or full-scale systems should have ASICs with coincidence conditioning. These
ASICs could possibly, with a small change in design, offer ideal photon counting
and about 90% DQE at zero frequency. In this case, the gain from improved energy
weighting and scatter rejection, not included in the DQE, is increasing the dose-
efficiency by 40-50% compared to energy integrating full-area detectors. The DQE
of zero frequency is typically 30 to 40% for screen-film mammography [108]. Liu et
al. reported about 28% DQE at zero frequency for a system based on Computer Ra-
diography and approximately 38% and 44% for CCD-based detectors and a-Si/CsI
flat panel detectors, respectively. Based on these figures, a multi-slit system is
expected to yield 3-5 times higher dose efficiency for an average breast compared
to these technologies. This factor further increases for larger and denser breasts
associated with more scattered radiation and higher x-ray energies requiring the
superior quantum efficiency offered by slightly tilted silicon strip detectors.
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Appendix A

Derivation of optimal weights

The contribution from photons of energy, Ei to the contrast signal in a photon
counting imaging system is

si = nb
i − nt

i, (A.1)

with expected uncertainties
σ
′2
i = 〈nb

i 〉+ 〈nt
i〉, (A.2)

where nb and nt is the number of photons in a background area and below a target,
e.g. tumor or calcification. we know that the contrast information content depends
on energy and want to apply weight-factors, wi, yielding pixel values

R =
∑

i

wi(E)ni. (A.3)

The SNR2 becomes

SNR2 =
∑

i wi(nb
i − nt

i)∑
i w2

i (〈nb
i 〉+ 〈nt

i〉)
. (A.4)

A set of measured data, xi, describing the same quantity with expectation
value, 〈X〉, but with different uncertainties, σi, should be combined according to

µ̄ =
∑

i xi/σ2
i∑

i 1/σ2
i

, (A.5)

to yield the best estimate µ̄ providing smallest uncertainty σ according to

σ2 =
1∑

i 1/σ2
i

. (A.6)

The contributions, si from different energies may be look upon as a set of
measured data describing the contrast but with different uncertainties. The contrast
however depends on energy and 〈si〉 is therefore not constant. In order to use
Eq. A.5 and Eq. A.6, we form the quantities

αi =
nb

i − nt
i

〈nb
i 〉 − 〈nt

i〉
. (A.7)
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The expectation values of αi are of course unity, independent of energy, and the
calculations may proceed. The expected uncertainties of αi are

σ2
i =

〈nb
i 〉+ 〈nt

i〉(〈nb
i 〉 − 〈nt

i〉
)2 . (A.8)

Insertions of the new variables into Eq. A.5 and A.6 yields the combined signal,
S

S =

∑
i(n

b
i − nt

i)
〈nb

i 〉−〈nt
i〉

〈nb
i 〉+〈nt

i〉∑
i

(〈nb
i 〉−〈nt

i〉)2
〈nb

i 〉+〈nt
i〉

, (A.9)

and uncertainty

σ2 =
1

∑
i

(〈nb
i 〉−〈nt

i〉)2
〈nb

i 〉+〈nt
i〉

. (A.10)

The SNR2 becomes

SNR2 =

[∑
i(n

b
i − nt

i)
〈nb

i 〉−〈nt
i〉

〈nb
i 〉+〈nt

i〉

]2

∑
i

(〈nb
i 〉−〈nt

i〉)2
〈nb

i 〉+〈nt
i〉

. (A.11)

By comparing Eq. A.11 and Eq. A.4 we can identify the weight-factors

wi =
〈nb

i 〉 − 〈nt
i〉

〈nb
i 〉+ 〈nt

i〉
. (A.12)

We know from Chapter 3 of this thesis that

〈nb
i 〉 − 〈nt

i〉 = 〈nb
i 〉

(
1− exp[−(µt

i − µb
i )d]

)
, (A.13)

and
〈nb

i 〉+ 〈nt
i〉 = 〈nb

i 〉
(
1 + exp[−(µt

i − µb
i )d]

)
, (A.14)

where µb and µt are the linear attenuation coefficients of normal and target tissue
respectively and d is the target thickness. The optimal weight-factors are thus

w ∝ 1− exp[−(µt
i − µb

i )d]
1 + exp[−(µt

i − µb
i )d]

. (A.15)



Appendix B

Signal induction

Defining a positive current out from an electrode, the induced current, i, due to
the movement of a charge q with velocity v̄ is

i = −qĒw · v̄, (B.1)

where Ēw is minus the gradient of the weighting field, W , describing the elec-
trostatic coupling between free charges and a particular electrode. This expression
assumes that the electrodes are connected to low impedances for the signal frequen-
cies of interest. The weighting field is normalized in the sense that the potential
of the electrode for which the signal is calculated is unity and all other electrodes,
have zero potential. There is one separate weighting field associated with each of
the strips.

The total induced charge, Q, at time t1 and due to a particle of charge q that
was liberated at time t0 is

Q =
∫ t1

t0

idt = −q

∫ p̄1

p̄0

Ēw · dl̄ = q (W (p̄1)−W (p̄0)) , (B.2)

where p̄1 is the current position and p̄0 is where the charge appeared. The totally
induced charge due to a pair of which one charge reached the electrode is

Qtot = q (1−W (p̄0)) + (−q) (0−W (p̄0)) = q, (B.3)

where the second term is the contribution from the complementary particle of
the pair, being collected on another electrode where the weighting field of the
considered electrode is zero. It is thereby shown that the totally induced signal
on an electrode equals the charge it collects. The weighting fields are concentrated
around the associated electrode in a strip detector, since it is “screened by the
adjacent electrodes”. The signal contribution from the complementary particle is
therefore negligible unless the interaction occurs very close to the electrode.

149



150 APPENDIX B. SIGNAL INDUCTION



Bibliography

[1] G. Harrell, Chotas and C. Ravin. Digital chest radiography with a solid-
state flat-panel x-ray detector: contrast-detail evaluation with processed im-
ages printed on film hard copy. Radiology, 218:679–682, 2001.

[2] K. Kump and S. Shi Clinical comparison of a new digital x-ray detector system
with a conventional screen film system. Proc. SPIE, 3659:464–470, 1999.
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