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Abstract

Mammography screening aims to reduce the number of breast cancer deaths by early
detection of the disease, which is one of the leading causes of deaths for middle aged
women in the western world. The risk from the x-ray radiation in mammography is
relatively low but still a factor in the benefit-risk ratio of screening. The characteri-
zation and optimization of a digital mammography system is presented in this thesis.
The investigated system is shown to be highly dose efficient by employing a photon
counting detector in a scanning multislit geometry.

A novel automatic exposure control (AEC) is proposed and validated in clinical
practise. The AEC uses the leading detector edge to measure the transmission of the
breast. The exposure is modulated by altering the scan velocity during the scan. A
W-Al anode-filter combination is proposed.

The characterization of the photon counting detector is performed using the detec-
tive quantum efficiency. The effect of the photon counting detector and the multislit
geometry on the measurement method is studied in detail. It is shown that the de-
tector has a zero-frequency DQE of over 70% and that it is quantum limited even at
very low exposures.

Efficient rejection of image-degrading secondary radiation is fundamental for a
dose efficient system. The efficiency of the scatter rejection techniques currently
used are quantified and compared to the multislit geometry.

A system performance metric with its foundation in statistical decision theory
is discussed. It is argued that a photon counting multislit system can operate at
approximately half the dose compared to several other digital mammography tech-
niques.
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2 CHAPTER 1. INTRODUCTION

1.1 Mammography

In Europe it is estimated that every two minutes a women is diagnosed with breast
cancer and every sixth minute someone dies from the disease. This translates to
about 275 000 diagnoses of breast cancer per year in the European Union (EU)
and approximately 88 000 deaths. For women in the EU, breast cancer is the most
frequent form of cancer and the leading cause of death in the 35-59 years age range [1].
Mammography screening aims to detect breast cancer early and thus improve the
chances of curing the disease. Over the past 40 years seven randomized controlled
trials (four from Sweden) have measured the deaths from breast cancer among a study
group offered mammography screening and a control group. Three trials measured
statistically significant reductions in breast cancer mortality in the 23-32% range
and three measured statistically non-significant reductions in the 14-20% range. In
2001, Tabar at al. showed a reduction in breast cancer deaths of at least 50% using
data from the organized screening programmes initiated in Sweden in 1986 [2]. The
benefit of mammography screening can be considered established for women aged
50-69 years and recommendations vary for women aged 40-49 years [3]. In 1998,
22 countries world wide had implemented population based screening programmes to
some extent [4]. In 2003, an EU council recommendation was adopted recommending
member states to implement screening programmes for women aged 50-69 years [5].
In 2006, 11 out of 25 member states offer nationwide mammography screening –
Belgium, the Czech Republic, Estonia, Finland, France, Hungary, Luxembourg, the
Netherlands, Sweden, Spain and the United Kingdom.

Screen-film mammography systems have been used during the evolution of the
mammography screening programmes. Screen-film mammography has been consid-
ered the most sensitive modality for early detection of breast cancer. When performed
optimally, 69-90% of breast cancers are found with the technique [6]. Disadvantages
with screen-film mammography are the radiation and that the sensitivity for detect-
ing breast cancer is diminished in radiographically dense breasts, which limits its
usefulness in high-risk younger women [3, 6]. Minimizing radiation risk is important
in general as manifested by the ALARA (as low as reasonably achievable) principle.
Radiation risk is a factor in the benefit–risk ratio of mammography [7]. To quan-
tify the risk from radiation in mammography, the average glandular dose (AGD) is
used. The efficacy of mammography rely on that the systems are optimized with
respect to the benefit–risk ratio and that the AGD and image quality is monitored
in quality control programmes. Another problem with screen-film mammography
is the low specificity; only 5-40% of the detected lesions recommended for biopsy
are malignant [8], which results in unnecessary biopsies and patient stress. Digi-
tal mammography has been developed during the past two decades with the aim of
overcoming some of these issues.
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1.2 Digital mammography

1.2.1 Energy integrating technology

Computed radiography (CR) was considered for digital mammography as early as
25 years ago. The technology was mainly an adoption of CR plates used for general
radiography. CR plates use a storage phosphor to absorb x-rays and convert its
energy into trapped charges in the phosphor crystal lattice. After the exposure the
image of the accumulated trapped charges is scanned with a laser, which causes the
trapped electrons to return to their original state within the phosphor. The phosphor
is doped to create energy transitions, which causes blue light to be emitted as the
electrons return. It is the blue light that is collected and digitized into an image. The
amount of blue light from an absorbed photon and thus the photon’s contribution to
the total value of an image pixel is proportional to the energy of the photon. The CR
plates have evolved from having 100 µm pixel size to systems with 50 µm pixel size
(Kodak, Konica-Minolta, Agfa, FuijFilm). The system from Fuji has been improved
by collecting the blue light on both sides of the plate [9]. CR systems are employed
with conventional screen-film mammography systems by replacing the film-screen
cassettes with CR cassettes. Among the weaknesses are the low resolution due to
scattering of the red laser in the phosphor and the added noise from the low collection
efficiency of the blue light.

The next technical advancement was to use a scintillator (that absorb the x-ray
and converts its energy to visual light) coupled to a charge-coupled device (CCD)
(that converts the visible light to an electrical signal that can be digitized). The
scintillator has to be optically coupled to the CCD, e.g. by using optical fibres. In
mammography, a relatively large field of view is required to image the entire breast.
The first CCD based digital mammography systems had relatively small detector area
and were used for stereotactic localization and biopsies, procedures in which only a
part of the breast need to be imaged. A system with a field a view large enough for
mammography was referred to as full field digital mammography system (FFDM).
A scanning FFDM system from Fischer Imaging used a smaller CCD based detector
to scan the larger field of view. Another FFDM system from Lorad tiled several
smaller CCD detectors to create the larger field of view. Both these approaches were
discontinued. In 1999, an FFDM system was introduced by General Electric, which
replaced the CCD with an a-Si flat-panel with a thin film-photodiode array. The
photodiode array records the light from the scintillator deposited on-top. The charge
generated by the photodiodes is accumulated in a storage capacitor at each pixel. CsI
manufactured with a columnar structure to guide the light towards the photodiode
beneath was used as scintillator. The readout electronics take up a portion of the
pixel area, which is thereby insensitive to x-rays and makes it difficult to reduce the
pixel size below 100 µm. Among the weaknesses are the relatively large pixel size,
degradation of resolution from visual light spread in the CsI and memory effects in
the detector often referred to as ghosting.
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Figure 1.1: Left: Picture of the latest model of the MicroDose Mammography system
from Sectra Mamea. Center: Schematics of the scanning multislit system. Right:
Schematics of the Si-strip detector for photon counting detection.

In 2002, a flat-panel detector was introduced by Hologic. Instead of the scintilla-
tor, an a-Se photoconductor was deposited on the flat-panel and charge was thereby
created directly at the interaction site of an absorbed x-ray photon. An electrical field
guides the charges to the a-Si thin-film transistor pixel array. The charges created
during the exposure are accumulated in a capacitor at each 70 µm pixel. Among the
weaknesses are memory effects and poor stability of the a-Se.

1.2.2 Photon counting technology

In 2003, the MicroDose Mammography (MDM) system was introduced by Sectra
Mamea. This system is the main focus of the investigations made in this thesis. The
system uses a direct photon counting detector in a scanning geometry as illustrated
in Fig. 1.1. The x-ray beam is collimated to a fan beam matching the pre-collimator.
This fan beam is enclosed in a scatter protection device that blocks secondary ra-
diation from the air volume before the pre-collimator to reach the patient. The
pre-collimator transforms the beam to several equidistant line beams. Beneath the
breast support there is a detector box containing a post-collimator and the x-ray
detector. The detector is comprised of several lines of photon counting Si-strip de-
tectors matching the line beams exiting the breast. The fan beam, pre-collimator,
post-collimator and detector trace, with a continuous motion, an arc with the axis
of rotation co-linear with the x-ray tube focal spot. The source-to-image distance is
70 cm, the field of view (FOV) 24 × 26 cm2, the pixel size 50 µm and the air gap
2 cm.

The Si-strip detectors are similar to the ones used for tracking particles in high
energy physics experiments [10]. On the backside, the sensor has a continuous elec-
trode. On the opposite side, the linear detectors are segmented into pixels by Al
strip electrodes, which we refer to as channels. The linear detectors are mounted
parallel to the slits in the pre-collimator with the Al strips pointing back to the x-ray
source. The detectors are 500 µm thick and mounted nearly edge-on with respect
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to the x-ray beam. The strip pitch and the length of the focal spot determine the
spatial resolution in the slit direction (perpendicular to the chest wall). In the scan
direction (parallel to the chest wall) pixels are created by retrieving the number of
counted photons from each channel every 50 µm during the continuous scan. In this
dimension it is the stepping distance and the width of the line beams that determine
the spatial resolution. The width of the line beams are defined by the slit width in the
pre-collimator and the width of the focal spot. The slit width of the post-collimator
as well as the projected width of the Si-strip detectors onto this dimension is wider
than the width of the line beams including the penumbra. This enables 100% pri-
mary transmission through the post-collimator after proper alignment and 100% fill
factor in irradiated areas [Paper 2]. The purpose of the post-collimator is to prevent
scattered photons from hitting detector and electronics.

Each strip forms a separate reversed bias PIN-diode, which is fully depleted by
a bias voltage and virtually no current flows unless photons interact in the sensor
and create electron-hole pairs. Electrons drift to the electrode on the backside and
holes towards the strip on the front side of the sensor. The motion of drifting charges
induces currents to the electrodes. Each strip is wire bonded to a separate pulse-
counter. The counter is incremented if the pulse is above an electronic threshold
level. Several thousands of electron-hole pairs are typically created for each photon,
whereas the noise level in the electronics is on the order of 200 electrons root-mean-
square. Thus, it is possible to set the electronic threshold as to detect the current
pulses induced by absorbed photons while not detecting the noise from the electron-
ics [Paper 4].

The detection process is direct in the sense that there is no intermediate step that
involves visual light diffusion, which typically degrades the MTF.

1.2.3 Transition to digital mammography

The transition from screen-film to digital mammography has been slow. The tran-
sition started with the CR systems 25 years ago but it is not until 2006 that this
technology was approved by the Food and Drug Administration in the United States.
Another example is that it is only recently that the FFDM systems are referred to
as digital mammography systems. One reason for the slow transition is the high de-
mands on image quality. Small (100-300 µm) microcalcifications and lesions of subtle
contrast must be detectable in the mammograms. The efficacy of screen-film mam-
mography has been proven in randomized controlled trials and it seemed reasonable
to require that digital mammography should have similar physical performance. It
was soon realized that it was difficult to match the resolution of screen-film systems,
while the contrast resolution could be improved. The scientific community therefore
had to argue that the resolution of the digital systems available was adequate and
that the improved contrast transfer at lower frequencies was more important for the
imaging task. This had to be proven in clinical trials in which the sensitivity and
specificity was measured against screen-film. In 2005, the performance of several dig-
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ital technologies was demonstrated to be equal to that of screen-film mammography
in a large clinical trial [11].

A screen-film has a relatively narrow exposure window in which a small exposure
difference (the result of for example a lesion) yields a visible optical difference in the
developed film. This led to the development of automatic exposure control (AEC)
systems with radiation sensors beneath the screen-film. The AEC terminates the
exposure when the film is adequately exposed. Digital mammography detectors have
a much wider dynamic range. In addition, the contrast can be modified before the
image is displayed on a monitor or printed on a film. This means that a digital image
is not limited by the display contrast in the sense that a film is and therefore an
AEC system was no longer required to yield good image quality. In fact, most digital
mammography systems were not equipped with an AEC as they were introduced.
It was not until 2006 that digital systems were required to have an AEC by the
European guidelines [12]. There is a limit to the extent a signal difference (the result
of for example a lesion) in the digital image can be visualized in the displayed image.
This limitation can be quantified by the signal-difference-to-noise ratio (SDNR) [13].

Ever since the introduction of the first FFDM systems, clinical trials showing
digital mammography’s efficacy have been desired and required for the technology
to become widely accepted. Instead of conducting a randomized controlled trial to
compare digital mammography with a control group which is not offered mammog-
raphy, the digital mammography trials have been designed to compare its sensitivity
and specificity to screen-film mammography. Until 2005, the Oslo I [14], Oslo II [15]
and Lewin [16] studies were the large clinical trials that had been conducted. With
these studies it was realized that the difference between digital and screen-film mam-
mography in screening for breast cancer was small relative the study design, i.e. it
was difficult to show statistically significant differences. In 2005, a study which en-
rolled 49528 women showed that for breast cancer screening digital mammography
has significantly greater diagnostic accuracy than film for women with dense breasts,
women under 50 years and pre- and peri-menopausal women. For the entire popula-
tion studied, digital was equivalent to film [11]. The reason for the improved accuracy
in women with dense breasts is likely the separate acquisition and display. It allows
image processing to visualize small contrast differences, e.g. between a cancer and
adjacent dense tissue. For the majority of the digital systems studied, the improved
performance was achieved at a lower x-ray dose than film [17]. This is likely the
result of the superior detector performance of the digital systems. There are several
other advantages with having digital mammograms, e.g. it facilitates archiving and
transport, telemammography and computed aided detection.

A clinical trial is very expensive, time consuming and difficult to design so that
statistically significant results can be shown. The reason for this is the small number
of cancers present in a normal screening population. The performance of an individ-
ual mammography apparatus has to be verified by physical metrics that are more
accurate, less expensive and less time consuming to determine. The performance
in clinical practice has to be inferred from these physical metrics and the results
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of clinic trials performed on a similar system. Standardized procedures for physical
characterization of screen-film mammography had evolved in quality control guide-
lines and standards from the International Electrotechnical Commission (IEC). It is
believed that the efficacy of breast cancer screening is correlated to the implementa-
tion of best practise quality control programs. Therefore quality control guidelines
have been adopted in the EU with the first edition in 1992 [12]. In 2006 the fourth
edition of these guidelines were adopted, which now included a chapter treating digi-
tal mammography. An IEC standard [18] for measuring digital detector performance
is also near completion.

In mammography a projection image of the breast is acquired. The breast is firmly
compressed during acquisition in order to minimize movement, reduce structural
overlap in the image, reduce x-ray attenuation and thereby x-ray dose and reduce
the amount of scattered photons. Scattered radiation is a major source of image
quality degradation. Nearly half of the photons reaching the detector beneath a
medium sized breast are scattered photons. In screen-film mammography grids are
used to try to block photons not pointing back to the x-ray source. The improvement
from using a grid can be seen by the improved image quality in the developed film.
These grids also blocked some of the primary radiation. In screen-film mammography
the dose to the detector has to be maintained since the dynamic range is limited.
Therefore the radiation dose has to be increased as the grid is introduced. Metrics
were developed to quantify the increase in radiation dose and the improvement in
image quality. With the somewhat arbitrary dose that can be used with the digital
detectors these metrics were no longer ideal and the benefit of the grids was no longer
evident.
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1.3 Overview of the thesis

I started research and development work on the photon counting digital mammog-
raphy system from Sectra Mamea in 2000. Today the system is installed in over
10 countries. During this time standards, metrics and AEC systems suited for the
digital technology have evolved. The main results from my research were published
in peer-reviewed journals. These papers form the basis of this thesis. The theoretical
description of image quality pioneered in the 1940’s is outlined in Chapter 2. Chap-
ter 3 describes the design and evaluation of the AEC system. Chapter 4 describes
the physical characterization of the system.
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2.1 Introduction

Assessment of image quality in digital mammography has developed along with the
improvement of medical imaging devices. Over the recent decades a revolution in
the theoretical description of medical imaging quality has occurred through the ap-
plication of modern imaging theory [19]. Image quality assessment can be divided
into two stages. The first stage is the quality of the data as perceived by the ideal
Bayesian observer. The second stage as it is perceived by an observer using displayed
data as input [13]. In this section we consider the quantitative assessment of the
first stage. Such assessments can be used for quality control, in design optimization
and for comparing different systems. In addition, it can be used for understanding
outcomes of second stage assessment, e.g. clinical trials.

Rose introduced the quantum efficiency in 1946, which in the 1970’s was extended
to the detective quantum efficiency (DQE) using applied linear systems theory [20,
21, 19]. The DQE is frequently used to quantify detector performance in digital
mammography and an IEC standard will soon be released on DQE measurements
for digital mammography [18]. Rose also introduced a model to quantify the image
quality in terms of SDNR. The theory was later formalized in the framework of
statistical decision analysis. The 54:th ICRU report [13] describes the SDNR concept
in detail and proposes a framework within which the diagnostic quality of images
produced by a variety of clinical imaging devices can be evaluated.

Using this framework we define an absolute measure of image quality as the
spatial-frequency dependent SDNR2. In analogy with the relative DQE measure, a
signal-difference quantum efficiency (SDQE) is defined.

2.2 Signal-difference-to-noise ratio

Rose [20] showed that image quality is directly related to the signal-to-noise-ratio
(SNR). The spatial-frequency dependent noise equivalent quanta (NEQ) was later
defined as

NEQ(ω) ≡ SNR2(ω) =
MTF2(ω)

NNPS(ω)
, (2.1)

where MTF is the modulation transfer function and NNPS is the normalized noise
power spectrum [21, 22]. The noise equivalent quanta is the number of Poisson-
distributed quanta that would produce the same SNR given an ideal detector. A
spatial-frequency dependent DQE is defined as the ratio of the noise equivalent quanta
over the incident number of quanta or equivalently as the ratio of the square of the
output SNR over the square of the input SNR, i.e.

DQE(ω) =
NEQout(ω)

Qin

≡ SNR2
out(ω)

SNR2
in(ω)

, (2.2)

where Qin is the incident number of Poisson-distributed quanta. To model a known
low-contrast target on a uniform background we define o(x) as the function that
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yields the contrast of the target against the background as a function of position. We
define an object shape function, s(x), from o(x) = C · s(x) where C is the maximal
contrast of the target against the uniform background. In the limit of a low-contrast
target, the figure of merit for the detection of this target by the ideal observer is
given by

SDNR2
ideal =

∫ ∞

−∞
|O(ω)|2NEQ(ω)dω = |C|2

∫ ∞

−∞
|S(ω)|2NEQ(ω)dω, (2.3)

where O(ω) and S(ω) are the Fourier transform of o(x) and s(x) respectively [13, 22].
The low-contrast assumption justifies the assumption that the noise is the same in
the background and beneath the target. With these definitions, the object functions
s(x) and S(ω) are defined only by the target shape and independent on the imag-
ing system, whereas C and NEQ(ω) depend on imaging system, input contrast and
incident number of photons. The known signal on a known background model corre-
sponds to the specific task of detecting an isolated target. The ideal observer SDNR
is the upper limit on observer performance.

In analogy with the DQE, it is natural to define a system performance metric as
the ratio of information in the output over the information in the input. The spatial-
frequency dependent DQE(ω) can yield great insight on system noise and signal
transfer characteristics, and is often used as a fundamental quantity to characterize
detector performance [Paper 4]. In analogy, rather than considering a ratio between
two scalar ideal observer SDNR2s that depends on the object function S(ω), a spatial-
frequency dependent SDNR is defined as

SDNR2(ω) = |C|2NEQ(ω) (2.4)

and a spatial-frequency dependent signal difference quantum efficiency is defined as

SDQE(ω) =
SDNR2

out(ω)

SDNRin

=
C2

out

C2
in

NEQ(ω)

Qin

(2.5)

[23]. The fraction Cout/Cin is sometimes referred to as the large-area contrast-transfer
function [22]. Thus, the SDQE is determined by the combination of the large-area
contrast-transfer function and the SNR-transfer function. As with the interpretation
of the DQE(ω) it is important to consider how the object function S(ω) weights
different spatial frequencies when interpreting the SDQE(ω) [24].

The DQE is a relative measure that per definition relates the performance of a
detector to the ideal detector. Similarly, the SDQE is a relative measure that relates
the performance of a system to a reference system. In analogy with the DQE the
reference system should be an ideal system. However, we could choose a sub-optimal
reference system. In general, the reference system does not have to use the same
incident spectrum. Instead, Cin and Qin are measured with the reference system at
the same AGD as used when Cout and Qout was measured.

Measuring the spatial frequency dependent NEQ is relatively complicated [22, 25,
26]; it is therefore convenient with a simpler model of image quality when appropriate.
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Using Parseval’s theorem and assuming a flat-topped object of area A,

∫ ∞

−∞
|S(ω)|2dω =

∫ ∞

−∞
|s(x)|2dx = A. (2.6)

If uncorrelated noise is assumed the variance of the pixel values is σ2
bg = NPS(0)/Apixel,

where Apixel is the area of a pixel [22]. If it is also assumed that MTF = 1 where
S(ω) has significant values and that s(x) describes a flat-topped square of area Atarget

(with edges that coincides with the edges of pixels) Eq. 2.3 can be written as

SDNR2
σ = |C|2 S2

bg

NPS(0)

∫ ∞

−∞
|S(ω)|2dω = |C|2 Atarget

Apixel

SNR2
pixel, (2.7)

where Sbg is the mean pixel value in the background and SNRpixel = Sbg/σbg.
If the pixel values of a system are Poisson-distributed, Sbg = σ2

bg and SNR2
pixel =

Sbg. Such as system is referred to as quantum limited. In addition to the assumptions
made in Eq. 2.7, the Rose model assumes a photon counting quantum limited system
with N = Sbg/Apixel counted photons per unit area. Eqs. 2.3 and 2.7 then simplify
to

SDNR2
Rose = |C|2AtargetN. (2.8)

In chapter 3 the SDNRRose is used to model the system and SDNRσ is used to
validate the model. The SDQE of Eq. 2.5 is used as figure of merit in the beam
quality optimization of the AEC. In chapter 4 the SDNRRose and the SDQE are used
to investigate the effect of scattered radiation on system performance. The chapter
also includes discussions on the measurements of the DQE, NEQ and the SDQE.
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3.1 Introduction

The goal in medical x-ray imaging is to obtain the image quality required for a given
detection task, while ensuring that the patient dose is kept as low as reasonably
achievable. Modern high-speed screen-film combinations have a relatively narrow
exposure window, which has led to the development of AEC systems with radiation
sensors beneath the screen-film. The number of photons that reach the detector
can be controlled via the x-ray tube emission current or by controlling the exposure
duration, the product of the two is referred to as the current time product. The
screen-film and digital systems usually obey a reciprocal law so that the detector
signal is determined by the current time product without the need to know the
emission current and exposure duration separately.

The broader dynamic range and ability to alter the display contrast made it pos-
sible to use the digital systems with manual exposure control or with look-up tables
that specify the exposure parameters for different breast thicknesses. The reason
for an advanced AEC system in digital mammography is therefore minimization of
radiation dose [12]. The AEC systems used with screen-film mammography were
initially designed only to control the optical density by terminating the exposure
at the correct moment. These systems evolved into also controlling the beam qual-
ity [27, 28]. As AEC systems were eventually designed for the digital systems, the
automatic beam quality selection was usually considered from the beginning [29]. A
CR system uses the dedicated AEC sensors of the analog unit which it is employed
with, whereas direct digital radiography systems can use the imaging detector itself
as the AEC sensor [Paper 1].

The SDNR and the AGD depend on several factors in the imaging chain: the
beam quality, the breast and the current time product. These factors should be
optimized to maximize the benefit-risk ratio for each exposure. The SDNR also
depends on other system properties, such as the detector and the scatter rejection,
which should be optimized when the system is designed. By compressing the breast
for each exposure, the thickness is reduced and it is fixated, which leads to increased
SDNR and reduced AGD. In this chapter an AEC for scanning digital mammography
is introduced. The topic of the first section is the beam quality optimization published
in Paper 3, followed by a section on the theoretical evaluation of the AEC published
in Paper 1. The last section discusses the research on the physical evaluation of the
AEC published in Paper 5.

3.2 Beam quality

Paper 3 uses a theoretical model of the MDM system to calculate the SDNR. The
model is described and validated in Åslund et al. [30]. The theoretical model is similar
to the Rose model. The MDM detector is photon counting and quantum limited in
the entire exposure range for which it is used [Paper 4]. This is the reason why the
SDNRRose used in the model agrees well with the SDNRσ used to validate the model.
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Using SDNRσ rather than the SDNRideal relied on assuming uncorrelated pixel values
and that the MTF was unity where S(ω) has significant values. The MDM system
has no correlations in the noise in the scan direction and little correlation between
the pixel values in the slit direction [Paper 4]. For smaller targets the assumption
about the MTF will not hold. In situations where the pixel values are correlated
or the MTF is not unity where S(ω) has significant values, which is usually the
case, modeling the SDNR as SDNRσ may still be useful. If it can be assumed that
the shape of the spatial frequency dependent factors of the noise and the MTF are
constant in the cases being compared, SDNRσ can be used in relative comparisons.
An example of such a case is the optimization of the beam quality [31]. There are
some considerations to be made when implementing the low-contrast target in such
an optimization [32].

In the beam quality optimization, the spectral quantum efficiency [33] is used as
figure of merit. The spectral quantum efficiency is the SDQE in Eq. 2.5 with the
reference system defined as the investigated system using the ideal monochromatic
x-ray beam. Beam quality optimizations have been performed previously both for
screen-film systems [34, 35, 36, 37] and digital systems [38, 39, 29, 40, 33]. The beam
quality depends on anode material in the x-ray tube, filter materials in the x-ray beam
and the tube voltage (U). With the exception of the work by Fahrig et al. [38], most
work on optimization of these parameters has been performed without a constraint
on the SDNR2-rate or imaging time. However, the SQE usually increases [41] with
filter thickness while the SDNR2-rate decreases. The opposite is often true for tube
voltages where an increased U decreases the SQE but increases the SDNR2-rate [30].
A decreased SDNR2-rate must be compensated for by an increased imaging time for
maintained SDNR. There are clinical disadvantages with too long acquisition times,
such as patient discomfort and image blurring from patient movement. There are
also technological limitations, such as the heat load and emission limitations of the
x-ray tube. Therefore an SDNR2-rate constraint always exists and consequently the
optimization of beam quality should be made with this constraint if the optimal
parameters are to be found. Finding the optimal filter material is an example where
it makes much sense to optimize under iso-SDNR2-rate condition.

The main conclusion from this work is that an Aluminium filter material is appro-
priate for the MDM system when using the Tungsten anode x-ray tube, particularly
if a single filter is used for all breast thicknesses [30]. A modest improvement in SQE
of less than 4% could be achieved by using optimal K-edge filters. If the use of K-edge
filters were to be implemented on the system, one would have to consider that an
optimal filter for one breast thickness is suboptimal for another breast thickness.

Fahrig et al. [38] predicted that higher tube voltages and harder beams were op-
timal in digital mammography compared to screen-film mammography. Williams et
al. [42] showed that the hardest beam resulted in the highest SQE for four inves-
tigated digital mammography systems. Similar to our findings, they show that the
Tungsten anode outperformed the Molybdenum anode. The MDM system can be
considered optimized when using a fixed W-Al anode-filter combination for all breast
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Figure 3.1: SQE versus tube voltage for filters made of Al (Z=13), Mo (Z=42), Rh
(Z=45) and Cd (Z=48). The SQE is a metric quantifying the dose efficiency or
SDNR2 AGD−1. The filter thickness is changed for each point along the plotted lines
so that the SDNR2-rate is constant. This means that the imaging time to achieve
a target SDNR for each point in the graph is the same, whereas the AGD typically
differs.

thicknesses. The remaining parameter to control is the tube voltage, which according
to Williams et al. had only a slight affect on the SQE. The peaks in Fig. 3.1 corre-
spond to the optimal tube voltages of some filter materials. These tube voltages yield
the same SDNR2-rate and are higher than the tube voltage that would be found if
the filter thickness had been fixed in the comparison. The AEC of the MDM system
should optimally use the tube voltage as found in an iso-SDNR2-rate comparison
given that the system is indeed operating at that SDNR2-rate. If it is possible to
improve the SQE by changing the tube voltage while maintaining the same filter, it
means that a different SDNR2-rate is acceptable. The iso-SDNR2-rate optimization
should then be re-executed and the outcome is likely to be a tube voltage close to
the iso-SDNR2-rate tube voltage found previously, but this time with a new filter
thickness [30].

3.3 AEC for a scanning system

Apart from the beam quality selection, the goal of the AEC is to control the current
time product so that the target SDNR is achieved. A system with stable and pre-
dictable image quality can be adjusted exactly to the desired benefit-risk ratio. This
is the reason for the strict requirements on reproducibility in image quality set by
the quality control programmes even for the digital systems [12].
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Figure 3.2: SDNR for a fixed current time product versus breast thickness and three
homogenous glandular fraction by weight breast compositions. The SDNR is nor-
malized to one for the 50 mm thick breast of 50% glandular fraction by weight
composition. The SDNR is calculated for a low-contrast 0.1 mm Al target embedded
in a homogenous breast.

If an ideal quantum limited system is assumed and the Beer-Lambert law is used
to describe the number of transmitted photons trough a homogenous breast we get

SNR2
pixel = p0e

−µt, (3.1)

where p0 is the number of photons impinging on the breast, µ is the linear attenuation
coefficient of the breast and t its thickness. Eq. 3.1 describes that the required number
of photos impinging on the breast to achieve a target SDNR grows exponentially with
breast thickness. The required exposure to the breast and the required current time
product therefore also grows exponentially with breast thickness for a fixed target
SDNR. Typically, the SDNR is allowed to decrease with breast thickness [12] and
in practice contrast detail scores for both digital and screen-film systems decrease
with breast thickness [43]. The MDM system is configured with a target SDNR as a
function of breast thickness.

The transmission of photons trough the breast is not as dependent on the com-
position of the breast as it is on the thickness as can be seen in Fig. 3.2, which was
generated using the theoretical model of the MDM system [30]. This is the reason
why several digital systems chose to use look-up tables where the required current
time product for each breast thickness was given. The early version of the MDM
system (D20) uses such methods.

To minimize the AGD the current time product should be controlled so that the
SDNR in the image is equal to the target SDNR. To do this accurately an AEC
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system must measure the actual breast transmission. While the AEC of an area
system can control the exposure of a pixel by changing either the emission current
or the exposure length, a scanning system controls the exposure by changing the
emission current or the scan time. To minimize the scan time, the MDM system uses
the maximal emission current and changes the scan time. Modeling the x-ray beam
during a scan is challenging since intensity variations must be small or compensated
for as to not render the image unusable [44]. However, intensity variations modulated
via changes in scan velocity are relatively easy to monitor and the MDM system can
therefore compensate for this when constructing the image. For digital systems, the
densest region has the most statistical noise and hence fundamentally the lowest
image quality. To be able to minimize the dose and avoid underexposures, also
digital system should control the exposure based on the transmission of the densest
part [Paper 1]. The AEC of area detector systems may use a low-dose pre-exposure
to optimize exposure parameters and find the densest region [29, 45]. A scanning
system must use a different approach to find the densest region. One AEC design
has been described for scanning digital mammography in which the emission current
was determined based on the transmission of the densest region found in a low-dose
pre-scan [44]. The approach investigated in Paper 1 and Paper 5 is one where the
exposure is modulated during the scan by varying the scan velocity based on the
measured transmission by the leading detector edge. The goal is to minimize the
SDNR in each region of the image, with the constraint that it should be less than or
greater than the target SDNR. The benefits are expected to be reductions in dose and
scan time as compared to the constant velocity scan that yields the correct SDNR in
the densest part.

The AEC evaluated in Paper 1 is implemented on the latest version of the MDM
system (L30). Paper 1 estimates a dose reduction of 12% and a scan time reduction
of 26% for this system. The maximal velocity (0.2 ms−1) and acceleration (2.5 ms−2)
constraints that were used in Paper 1 have been realized to be impractical. A maximal
velocity of 0.2 ms−1 and a maximal acceleration of 0.25 ms−2 are more realistic. The
dose and scan time reductions for various constraints on the maximal acceleration
and velocity are plotted in Fig. 3.3. In Paper 1 the detector was assumed to be
completely outside the field of view in the start and end of the scan. In Fig. 3.3, the
model was modified to take into account that the L30 has 1/3 of the detector width
outside the field of view at the start and end of the scan. These results show that
neither does the performance improve much by increasing the maximal acceleration
above 0.25 ms−2 nor does it improve much by increasing the maximal velocity above
0.1 ms−1.

3.4 Evaluation of the AEC

From 2006, MDM systems (D40) were equipped with an AEC that modulates the
exposure by changing the scan velocity during the scan. The implementation on this
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Figure 3.3: Left: Reduction in entrance surface air kerma (ESAK). Right: Reduc-
tion in scan time. In both cases as a function of maximal acceleration constraint
(Acc) for several maximal velocity constraints (v) using the data and methods of Pa-
per 1. The reductions are relative reductions from implementing a velocity regulation
AEC that modulates the x-ray intensity distribution to match the breast transmis-
sion properties compared to a conventional AEC that creates a homogenous x-ray
intensity distribution.
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Figure 3.4: Left: Glandular fraction by weight estimates for breasts in the 4.5-5.5 cm
thickness range using the data and methods of Paper 5. Center: The required scan
time to reach a constant SDNR as a function of tube voltage for three glandular
fraction by weight breast (GF) compositions. The SDNR is calculated for a low-
contrast 0.1 mm Al foil embedded in a 5 cm thick breast. Right: The actual required
scan times encountered in clinical practise for breasts in the 4.5-5.5 cm thickness range
using the data and methods of Paper 5.

model only allows it to reduce the velocity. The AEC optimizes the beam quality
for each exposure by changing the tube voltage, U . The optimization takes into
account the compressed breast thickness, tb, and the target image quality, SDNRtg.
The target image quality is a function of compressed breast thickness. The system
calculates a target SNR as

SNRtg(tb, U) = SDNRtg(tb)/C(tb, U), (3.2)

where C yields the contrast of 0.1 mm Al against a homogenous background. The op-
timal current time product yields the target SNR. The required current time product
is estimated as

mAsinit(tb, U) = SNR2
tg(tb, U)/φ(tp(tb), U), (3.3)

where φ is the number of counted photons per current time product [Paper 5].
The AEC is currently allowed to change the scan time in the 3-8.5 s range. It

is the readout frequency of the photon counters that is the limiting factor for the
shortest scan time. Tube loading, motion blurring and patient discomfort are limit-
ing factors for the longest scan time. Unlike the compressed breast thickness, which
is automatically tallied, it is difficult to predict the breast composition before the
exposure. Several systems therefore use a low-dose pre-exposure to sample the com-
position before the actual exposure that forms the image. The AEC of the MDM
system does not do a pre-exposure and it cannot change the tube voltage during
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the scan, which means that it must decide on a tube voltage prior to the scan. The
selected tube voltage must be appropriate whatever the composition. In the center
of Fig. 3.4 the scan time is plotted as a function of tube voltage for a 5 cm breast.
The plot was generated using the theoretical model of the system [30]. To the left
are the estimates of breast compositions found in clinical practise and to the right
are the required scan times encountered in clinical practice [Paper 5].

The AEC system is designed to choose the tube voltage with which the SDNR
target is reached within the 3-8.5 s range for a breast of the measured thickness but
with an unknown breast composition. In the selection of tube voltage, the AEC
must sometimes compromise between minimizing the AGD and achieving the SDNR
target in the 3-8.5 range. The scan is initiated with the maximal scan velocity. Data
from the leading detector edge is fed into an algorithm that adjusts the scan velocity
to achieve the target SDNR. The current implementation of the AEC only allows
it to decrease the velocity. One way of perceiving the AEC is to think of it as an
approximately 1 cm2 sensor that is placed beneath the densest region of the breast.
The AEC algorithm is implemented to create redundancy against defective detector
elements and robustness against clips, skin markers and wires [Paper 5].

Data is available on the average breast composition found in a screening pop-
ulation [46, 47, 48, 49, 50, 51]. To evaluate and optimize the AEC design of the
MDM system, the variation of glandular fraction by weight for each breast thickness
was of interest. This is similar to the data presented by Geise et al. [46]. However,
the published data on this format is limited. Therefore, a retrospective study was
performed in which one of the main interests was the actual scan times that were
required to reach the SDNR target. To generalize the results the required scan times
were converted to glandular fraction by weight estimates in Paper 5.

Paper 5 concludes that the 3-8.5 s scan time range is sufficient and that the
concept of adjusting the scan velocity in real-time works in clinical practise. The
AEC on the latest model of the MDM system (L30) uses the same concept but the
implementation also allows it to increase the velocity as evaluated in Paper 1.
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4.1 Introduction

High contrast resolution, as quantified by the number of line-pairs resolved in a
lead-bar phantom or the MTF measured with an edge- or slit-method, is used as
a figure of merit for contrast-limited screen-film mammography systems. Therefore
the high contrast resolution is sometimes used to characterize digital systems as well.
However, digital systems are noise-limited and the fundamental measure of resolution
in a noise-limited imaging system should be defined from the NEQ [24]. The DQE is
considered by many to be the best parameter to describe and characterize the physical
performance of digital mammography detectors [52]. Methods to measure the DQE
have evolved over the past decades. One of the problems is that the DQE results
from different working groups are sometimes incommensurable [52]. A standardized
DQE measurement method for digital mammography was therefore considered of
importance and a standard is near completion by the IEC [18].

The methods to measure the DQE are designed to remove the effect from all
system components but the detector, e.g. the beam quality, the x-ray tube focal
spot, the scattered radiation and the attenuation in the breast support. However,
it is of interest to compare system level performance. The goal is to be able to use
a physical measure to predict how a system would perform in clinical practise. The
reason is that investigations using human observers suffer from being expensive, time
consuming and subjective. This includes both clinical trials and phantom studies.
One option is the use of computer programs implementing an observer in phantom
evaluations, but these suffer from having varying observer efficiency for different
systems [53]. The effect on system performance from individual components in the
imaging chain has been studied, e.g. beam quality [33], energy weighting [54, 55, 56]
and scattered radiation [57, 58, 59]. Few attempts have been made to define a system
performance metric that can be derived from statistical decision theory and is easy
to determine experimentally [23, 60].

The research conducted on measuring the DQE on a scanning photon counting
system in accordance with the standardized method is discussed in section 4.2 and
Paper 4. The benefits of the efficient scatter rejection with the multislit geometry
versus area detectors and grids are discussed in section 4.3 and Paper 2. System
performance is discussed in section 4.4.

4.2 DQE

Several assumptions are made when using the Fourier-transform linear-systems ap-
proach that forms the basis of the DQE metric. A Fourier based approach requires
that the system is linear and its response shift-invariant. By restricting the region
of interest (ROI) used to determine the DQE it is assumed that the system is ap-
proximately shift-invariant in that ROI [18]. The linearity is usually experimentally
verified for the exposure range in which the DQE is determined [Paper 4].
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Figure 4.1: The MTF measured on the MDM system in the slit direction (perpen-
dicular to the scan direction). The average of five repeated MTF measurements for
three different methods are plotted. 1: A method similar to that used in Saunders
et al., using a 10 mm edge-spread function and a Hanning window to force the edges
of the point-spread function to zero. 2: The IEC method, which uses very little data
conditioning. In this case a 10 mm edge-spread function is used. 3: The IEC method
with the prescribed 50 mm edge-spread function across the edge.
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A slanted edge method is often used to measure the presampled MTF. The pre-
sampled MTF describes the system’s response except for the stage of sampling [22].
In order to get the point-spread function, the method involves the derivation of an
edge-spread function (ESF) as measured across the edge of an opaque test object.
The slanted edge makes it possible to sample the ESF with a finer resolution than the
pixel pitch. Assume we want to measure the point-spread function in the detector
column direction. The edge is then positioned nearly parallel with the detector row
direction. Methods exist in which the oversampled ESF is created from combining
neighboring ESFs as given by pixel columns across the edge [18, 61]. There are also
methods which use the data in the row direction (nearly parallel to the edge) as the
oversampled ESFs [62, 63]. The derivation makes the slanted edge method sensitive
to noise in the ESF. The methods allow different amounts of data conditioning. To
ensure long enough tails of the ESF to detect a low frequency drop in the MTF,
data from approximately 25 mm along the edge is used to generate the ESFs in the
IEC method [18, 61]. The methods have been shown to yield slightly different re-
sults [64, 26]. The standardization of the method is therefore an important step in
making the results portable. For the investigated system the results of three meth-
ods are plotted Fig. 4.1. The more data conditioning - the smoother MTF and the
smaller low-frequency drop. The differences are quite small compared to the error in
the MTF. The errorbars of the MTFs in Fig. 4.1 (as given by the standard error in
the mean calculated from the five MTFs averaged for each MTF in Fig .4.1) overlap
even at the low-frequencies, which is why they were not included in the figure.

The NPS is measured in uniform images that are assumed to have stationary
and ergodic noise. Stationary means that the noise characteristics are the same
throughout the image and ergodic means that a spatial average may be used instead
of an ensemble average. Stationary noise is usually true in low-contrast imaging
tasks while the ergodicity is more difficult to prove [19]. In each uniform image, the
ROI is divided into smaller ROIs (e.g. 258 by 258 pixels), which in some methods
overlap. The smaller ROIs from several images at the same dose may be combined
to reduce the error in the measured NPS. The two dimensional NPS of an ROI is
given by the squared absolute value of the two-dimensional Fast Fourier transforms
normalized with the inverse of the pixel area and the ROI area. The NPS is calculated
as the average of the NPS of the smaller ROIs. A Heel effect may cause a low
frequency non-stationary mean and variance. This low-frequency trend is usually
reduced by subtracting a second-order polynomial surface to the image before the
NPS is calculated. The NNPS is the NPS scaled with the squared inverse of the
mean signal in the ROI. By calculating the NNPS already on the smaller ROIs, the
effect of exposure variations across the image is further reduced [22].

The main conclusions from the physical characterization in Paper 4 are: (1) the
system is perfectly quantum limited even at low exposures, which reflects that the
photon counters block all the detector noise; (2) the system has a high DQE, which
reflects that the edge-on Silicon absorbs most of the incident photons; (3) it is difficult
to decouple system from detector performance of a scanning multislit system.
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Figure 4.2: Left: SPR (mm−1) as a function of distance from primary beam, which
was used to evaluate the post-collimator performance. Center: SPR as a function
of post-collimator slit width. The height of the slits was 6.5 mm. Right: SPR as a
function of post-collimator slit height. The width of the slits was 0.7 mm. In both
cases the slits were separated by 3.5 mm.

4.3 Scattered radiation

A system that scans a larger field of view with a smaller detector reduces the amount
of scattered radiation that reaches the detector. A system with a slot scan geometry
may therefore have a relatively low scatter to primary ratio (SPR) [65] and it is not
evident that a grid would improve the performance in such a geometry [66]. The
multislit geometry has been suggested as one in which very efficient scatter rejection
should be possible [67, 68]. Alignment problems have forced some of these designs to
irradiate outside sensitive detector area [66, 68]. The MDM system was designed to
have a low SPR at a high primary transmission. The sensitive area of the detector on
the MDM system is wider than the x-ray beam as shaped by the pre-collimator. This
makes it possible to have a post-collimator slit width that is wider than the x-ray
beam [Paper 2]. On the D40, the post-collimator is comprised of two sheets with a
separation, h, equal to 6.5 mm to narrow the angular acceptance. The width, w, of
the slits is 0.7 mm and slits are distributed with a pitch, p, of 3.5 mm, i.e. effectively
20% of the area is open. Fig. 4.2 plots the results of Monte-Carlo simulations used to
evaluate the effect of the width and height of the post-collimator [69], which shows
that the parameters of the MDM system should yield a low SPR.

In screen-film mammography where the dose to the detector must be maintained,
two separate metrics are used to assess the performance of a grid. For digital systems
where the dose to the detector is somewhat arbitrary, a scatter DQE can be defined
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to assess the performance of a grid [57]. The scatter DQE is the SDQE of Eq. 2.5
calculated as the SDNR2 of an otherwise ideal system that uses a grid over the SDNR2

of an ideal system (this time the grid is also ideal). Thus, the scatter DQE measures
the efficiency of the scatter device in transferring the available SDNR2. Scattered
photons reach quite far from the primary beam from where it was scattered, creating
a relatively broad scatter point spread function (see Fig. 4.2). This creates a slowly
varying scatter field behind the breast that decreases towards its edges [70]. The
effect on the MTF from a broad scatter point-spread function is on the low spatial
frequencies [71]. If we approximate the scatter point-spread function as infinitely
broad, the MTF would not be affected. The NPS is also not affected by the scattered
photons since they do not induce any correlations in the photons detected by the
assumed ideal counting detector. Thus, the simpler SDNRRose defined in Eq. 2.8 can
be used in the calculations of the scatter DQE.

The scatter field depends mainly on the breast thickness and it is well categorized
by the SPR parameterized as a function of breast thickness and semicircular breast
diameter [72]. The measurements of the SPR for a scanning multislit geometry were
conducted with a beam stop method.

The main conclusions in Paper 2 are: (1) that the two figures of merit used for
screen-film systems (the contrast improvement factor and the Bucky factor) can be
combined into one suited for digital system; (2) the benefit of grids is not evident for
digital mammography; (3) the multislit geometry has nearly perfect scatter rejection
and thus the geometry should be able to operate at approximately 60% of the AGD
at maintained image quality when compared to conventional area systems.

4.4 System DQE

The effect of scattered radiation is excluded in the DQE metric. The scatter DQE
quantifies the SDNR2 transfer through the scatter rejection device. Thus, a system
performance metric could be defined as the DQE of the detector multiplied with the
scatter DQE [58]. On the positive side are: (1) that it is a good approximation
considering that the scatter point-spread function is broad; (2) scattered radiation is
a major source of image quality degradation; (3) the efficiency of the scatter rejection
devices used by different systems differ. On the negative side is that the effect from
other system components are not included, e.g. the beam quality, focal-spot blur and
attenuation in breast support. In Fig. 4.3, DQE measured by Monnin et al. [73] on
several systems and the scatter DQE from Paper 2 are combined. The Sectra MDM
system is the most dose efficient system. Thus, it can be concluded that this system
can provide the same image quality at reduced doses. This conclusion is supported
by phantom evaluations in which image quality of a digital area system employing a
CsI scintillator could be matched at 54% of the AGD [74].

The SDQE defined in Eq. 2.5 is a system performance metric. To determine the
SDQE the output SDNR of the system must be measured using the most suitable
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Figure 4.3: System DQE calculated as the product of the DQE and the scatter DQE
as suggested by Samei et al. [58] using the data from Monnin et al. [73] and Åslund
et al. [Paper 2].

of Eqs. 2.4, 2.7 or 2.8. SDNRσ and SDNRRose are straightforward to measure us-
ing a homogenous phantom with an added low-contrast object [31]. To measure the
spatial frequency dependent SDNR defined in Eq. 2.4, the methods evolved for the
determination of the NEQ [18] can be used but also here with the addition of a con-
trast measurement. Fig. 4.4 compares the SDNR measured with different electronic
thresholds in the photon counters. A higher threshold results in lower NEQ across
all frequencies. The likely reason is that the photons with the lowest energies are
not detected as the threshold is increased. This is also why the measured contrast
decreases with increasing threshold. The threshold corresponding to the peak NEQ
is not the lowest threshold. The likely reason is that the charge sharing and thus the
correlations in the noise increase with decreased threshold. The SNRpixel on the other
hand increases with more correlations, since it smoothes the noise. The SDNR2(ω)
in Fig. 4.4 demonstrates how a comparison between different SDQE would look like.
The SDQE would be the SDNR2(ω) normalized with the square of the input contrast
and the number of incident quanta, which were both constant in this comparison.
The determination of the input contrast is one problem that would have to be solved
for an absolute SDQE measure to be portable between different laboratories. One
would either have to manufacture precise contrasts so that a tabulated contrast value
could be used or calibrate the contrast on a reference system [23]. The last graph of
Fig. 4.4 demonstrates that different optima may be found using the different SDNRs
as figure of merit. The threshold affects the MTF and the correlations in the noise,
which means that the entire frequency range of the SDNR2(ω) should be considered
in an optimization of the threshold. The arguments for the need of a standardized de-
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Figure 4.4: Repeated exposures were made of a homogenous phantom simulating a
5 cm breast with a 0.1 mm Al foil added. The threshold (Th) of the photon counters
was changed between the exposures. A higher nominal Th value corresponds to a
higher threshold energy. 1: NEQ as a function of spatial frequency for different
thresholds. 2: Contrast of a 0.1 mm Al foil for different thresholds. Included in the
graph is also the SNR2

pixel measured in the homogenous background. 3: SDNR2(ω)
as defined in Eq. 2.4. 4: SDNR2

σ/Apixel as defined in Eq. 2.7 with Atarget = 1 mm2

and Apixel = 502 µm2. Included is also the SDNR2(0) as defined in Eq. 2.4.
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finition and method to measure system performance are similar to those of the DQE.
The system performance metric has the additional advantage of at least in theory
being closer to linking physical performance to performance in clinical practise.
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[32] M. Lundqvist, M. Åslund, B. Cederström, and M. Danielsson. Phantom con-
struction considerations. In M. Flynn and J. Hsieh, editors, Medical Imaging
2007: Physics of Medical Imaging, volume 6510 of Proceedings of SPIE. SPIE,
2007.
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