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Abstract This paper reviews the
different techniques available and
competing for full-field digital mam-
mography. The detectors are de-
scribed in their principles: photo-
stimulable storage phosphor plates
inserted as a cassette in a conven-
tional mammography unit, dedicated
active matrix detectors (i.e., flat-
panel, thin-film transistor-based de-
tectors) and scanning systems, using
indirect and direct X-ray conversion.
The main parameters that character-
ize the performances of the current
systems and influence the quality of
digital images are briefly explained:
spatial resolution, detective quantum
efficiency and modulation transfer
function. Overall performances are
often the result of compromises in
the choice of technology.
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Digital detectors for mammography: 
the technical challenges

Introduction

The production of analog or digital mammography imag-
es is based on two distinct concepts of image formation.
The screen-film system provides a large, continuous sen-
sitive surface with a high resolution. By definition, digi-
tal mammography systems use spatial signal sampling
that on the contrary limits image resolution. The screen-
film system is directly sensitive to the impact of X-rays
and stores a visual trace of this impact as a latent image
after exposure. However, this capability of both record-
ing and displaying the image has a drawback: while the
detection of X-rays requires broad exposure latitude that
limits the image contrast, image readability on the con-
trary requires a high contrast [1]. These two opposite 
requirements lead to compromises for the choice of the

screen-film combination defined once and for all by its
characteristic curve [2]. In a digital system on the other
hand, image acquisition and display are two independent
processes with the advantage of a generally linear re-
sponse between the intensity of transmitted X-rays and
the electronic signal recorded by the system (wide dy-
namic range). The image display can be optimized by
adjustment of the display curve (linear or non-linear,
window settings) before printing the film or during visu-
alization on the monitor [1, 2].

The physical properties of the digital image (contrast,
resolution and noise) can vary noticeably according to
the detection technology used [3–5]. The high level of
performance required in mammography is a challenge
for digital technology [6]. In this article, we will review
the principles of the various types of detectors used for
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this specific application. The main parameters that char-
acterize the performances of current dedicated systems
and influence the quality of digital images will be ex-
plained. A glossary of the terms commonly used for the
description of digital imaging systems is added to this 
article. The terms defined in the glossary are indicated
with an asterisk (*).

Available technologies

Three broad classes of detectors are currently available
for full-field digital mammography: photostimulable
storage phosphors (PSP), active matrix detectors and
scanning systems [7]. The two latter categories use either
indirect or direct conversion of X-ray photons into elec-
tronic charges.

Photostimulable storage phosphors

This removable detector is inserted as a cassette in a
conventional mammography unit. Its concept is similar
to that of the intensifying screen used in analog mam-
mography. Conventional intensifying screen irradiation
induces a change of the energy state of the electrons of
the crystalline network from a baseline energy state to an
excited state. The number of excited electrons is propor-
tional to the irradiation on each point of the screen.
Spontaneous return of these electrons to the fundamental
state is accompanied by the emission of a light propor-
tional to the number of excited electrons (i.e., to the irra-
diation).

With PSP plates [8, 9], the excited electrons are
trapped into the crystalline structure where they remain
stable for some time. After exposure, a laser beam of ap-
propriate wavelength releases the trapped electrons, in-
ducing the emission of light (i.e., photostimulation). The

light emitted at each point of the PSP plate is obtained
by scanning the screen with the laser beam. Light is col-
lected then converted into an electrical signal and ampli-
fied by a photomultiplier before digital conversion [10].

This type of detector has been used for several years
in radiology. Recent developments in the structure of the
components [11] have improved the performance of
these systems so that PSP plates can now be used in
mammography. In the current Fuji system (Fig. 1), light
collection is strongly improved by the use of a transpar-
ent support that permits readout of both surfaces of the
photostimulable screen [12]. The spatial resolution is
50 µm for the 18×24-cm2 and 24×30-cm2 available fields
of view.

Full-field active matrix detectors

This dedicated flat-panel, thin-film transistor-based de-
tector is integrated into the digital mammography unit.
Figure 2 illustrates both indirect and direct conversion.

Indirect conversion

Indirect conversion detectors [13, 14] use a scintillator,
which converts the absorbed X-rays into visible light
photons. These photons are then converted into electron-
ic charges using an amorphous silicon (a-Si) photo-
diode* matrix before analog-to-digital conversion. As in
other clinical applications [15, 16], current technology
for breast imaging [17, 18] uses structured scintillators,
typically cesium iodide (CsI). Phosphor crystals within
the scintillator form needle-like elements that channel
the light emitted onto the photosensitive elements, there-
by reducing the lateral spread of visible light (Fig. 3).
The spatial resolution obtained with the General Electric
system is 100 µm for a 19×23-cm2 field of view.

Fig. 1 Principle of simultane-
ous dual side reading of the
photostimulable screen by
means of a transparent support.
Courtesy of Fuji Medical 
Systems, France
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Direct conversion

Direct conversion detectors [13] use a photoconductive
material, typically amorphous selenium (a-Se), that con-
verts the absorbed photons into electronic charges [4, 19,
20–22]. The interaction of X-ray photons with amorphous
selenium creates electron-hole pairs producing an electri-
cal current through a bias voltage [4, 13]. Amorphous se-
lenium has a good intrinsic spatial resolution, and this
technology is well mastered [21, 23, 24] as amorphous

selenium was used in radiology in the 1970s for xeroradi-
ography [25]. Selenium is still used today in photo-
copiers. The spatial resolution obtained with the a-Se
technology commercialized by several manufacturers is
70 µm for a 24×29-cm2 field of view (Lorad-Hologic,
Siemens, Agfa), or 85 µm for a 17.4×23.9-cm2 field of
view (IMS Giotto, Instrumentarium Imaging).

Scanning systems

Data are acquired by simultaneous scanning of the breast
by a highly collimated X-ray beam and by the detector
[1, 26–28]. With this geometry, only a fraction of the
emitted X-ray output is used at each step of the exposure
process so that the load for the X-ray tube is higher.
Tungsten-target X-ray tubes with high heat storage ca-
pacity have been specifically designed for clinical appli-
cation [26–28]. Because of the reduction of scattered 
radiation through beam collimation, these systems oper-
ate without a grid, which permits a reduction of the dose
to the patient. This type of detector provides a high spa-
tial resolution with pixel size of 50 µm or less.

Two scanning mammography systems are currently
available. One uses an indirect conversion detector (the
Fischer Imaging SenoScan) and the other a direct con-
version detector acting as a photon counter (the Sectra
MicroDose Mammography).

Indirect conversion “slot-scanning” system

The X-ray beam is collimated to the active area of the
detector (Fig. 4). The system uses a 10×221-mm detector
with a scintillator coupled by optical fibers to a linear 
array of four charged-coupled devices (CCDs; Fig. 5a).
The optical coupling is direct without reduction. The
system comprises groups of 5-µm fibers per 25-µm pixel
(Fig. 5b).

Signal measurement is performed by the time delay
integration (TDI) method [1, 27]; continuous measure-
ment of the signal at each point of the object examined is
performed throughout slot-scanning, which increases the
resulting signal. The effective exposure at a given point
depends on the value of the current in the tube and on
the slot-scanning time. Total scanning time for the entire
field of view is 5–6 s, but each point is only irradiated
for 200 ms. This technique requires a precise synchro-
nization of the mechanical scanning system and readout
electronics to avoid blurring and artifacts. The spatial
resolution is 54 µm for a 21×29-cm2 field of view and
27 µm for a 11×15-cm2 field of view.

Like in the previous a-Si and a-Se full-field systems,
the detector uses an integration process: the signal intensi-
ty in each pixel is proportional to the incident energy
(transmitted X-rays) [29, 30]. This analog signal is then

Fig. 2 Modified from Chotas [4]: signal conversion principle for
full field active matrix detectors: with indirect-amorphous silicon
(a-Si) detectors, as with direct-amorphous selenium (a-Se) detec-
tors, electronic charges are accumulated after X-ray exposure, then
read out by arrays of thin-film transistor (TFT*) switches before
analog-to-digital signal conversion

Fig. 3 Light photons are guided through the needle-like structure
(about 5 µm in diameter each) of the scintillating crystal onto the
photosensitive elements (photodiodes) of the detector. Courtesy of
General Electric Medical Systems, France
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converted into a digital signal (Fig. 6). The readout elec-
tronics of the system is simple, but the detector and the
reading system both generate noise. In general, the mean
energy absorbed during the interaction of an X-ray photon
with the detector varies against the energy of that photon
so that low-energy photons make less contribution to
forming the image (less signal recorded by the detector)
than high-energy photons. Inversely, the informative con-
tent of low-energy photons with regard to image contrast
is higher due to their increased attenuation. With low-
energy photons the signal recorded in each pixel of the 
receptor is lower than with high-energy photons; a higher
irradiation is required for a good image quality [30].

Direct conversion “multi-slit” scanning system

Sectra Imtec AB has recently developed a scanning sys-
tem composed of several linear slits covering individual
pixel rows. The detector consists of a thick layer of crys-
talline silicon with high absorption capacity. The X-ray

interaction creates electron-hole pairs that produce an
electrical signal. This direct conversion detector is used
as a photon counter [31–33] that distinguishes individual
X-ray photons. The resultant pixel size is 50 µm, and the
field of view is 26 cm×24 cm.

In this mode, the signal intensity in each pixel is pro-
portional not to the incident energy, but to the number of
X-ray photons counted (Fig. 6). Counting the photons
can be regarded as an X-ray imaging system that increas-
es the contribution of low-energy photons to the forma-
tion of the image. Such a process is an improvement
compared to the classical integration process [28]. Only
photon-matter interactions above a given energy level
are counted by the detector. This system eliminates the
noise from the detector and associated electronics, whose
level is lower than this cut-off value, but its disadvantage
is the complex readout electronics. With this system, the
only noise source is the fundamental uncertainty in the

Fig. 4 Principle of the slot-scanning system using a highly colli-
mated fan beam that covers the active area of the detector. Data
are acquired by simultaneous scanning of the breast by the X-ray
beam and the detector, both attached to a pivoting arm in the
gantry of the digital unit. The movement of the detector inside the
mammography unit (front view) is represented in transparency.
Courtesy of Fischer Imaging, France

Fig. 5 a The 10×221-mm detector in the SenoScan is composed
of a scintillator coupled by optical fibers to a linear array of four
CCDs. Courtesy of Fischer Imaging, France. b Details of the fiber
optic coupling module without demagnification, consisting of an
array of 5×5 optic fibers (pixel size, 25 µm). Courtesy of Fischer
Imaging, France
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statistical distribution of the incident X-ray photons (i.e.,
the number of detected photons). The imaging system is
said to be “quantum limited” [29, 30]. With a pixel size
of 50 µm (10 lp/mm), Sectra asserts that good quality
imaging is obtained for 1/5 of the usual doses [34, 35].

Parameters determining the performance 
of the detector

Spatial resolution

Spatial resolution* determines the dimensions of the
smallest visible object. It is measured under special high
contrast and low noise test conditions using a low kilo-
voltage and a high mA s value [29, 30, 36, 37]. These
measuring conditions are therefore very different from
the exposure parameters used in the diagnostic setting. 
A higher spatial resolution improves image sharpness. It 
allows better detection of small details in the image. In
particular, a higher spatial resolution improves the mor-
phological analysis of microcalcifications.

Nyquist frequency

The maximum spatial resolution that can be visualized in
an image is defined by the Nyquist frequency* (also
called cut-off frequency) of the detector calculated from
the pixel size, specifically the center-to-center spacing
between pixels or pitch [29, 37].

According to Nyquist’s sampling theorem, the cut-off
frequency is equal to: 

In practice, this means that a detector with a pixel size 
of 100 µm has a cut-off frequency of 5 line pairs/mm.
Objects smaller than 200 µm are therefore not detected.
Visualization of smaller objects requires a detector with
a smaller pixel size, i.e., with a higher cut-off frequency.

Modulation transfer function (MTF)

MTF* characterizes an additional aspect of the detec-
tor’s performance. The MTF quantifies the loss of con-
trast in the image of a given object related to use of this
detector [29, 30, 32, 33, 36–38]. The MTF is conditioned
by the physical properties of the detector, so that two dif-
ferent detectors may have different MTFs. Loss of con-
trast depends on the dimensions of the object X-rayed,
i.e., the spatial frequencies contained in the image be-
tween 0 and the cut-off frequency of the detector. The
MTF varies between 1 and 0, where 1 corresponds to
complete transmission of the contrast of the object over
the entire grey scale of the image and 0 corresponds to
no transmission of this contrast, i.e., loss of visualization
of this object. By definition, the MTF of an imaging sys-
tem is equal to 1 for zero spatial frequency. MTF de-
creases as spatial frequencies in the image increase, but
is independent of the pixel size.

Detective quantum efficiency (DQE)

DQE* expresses the efficiency with which a detector
uses the incident photons to form an image. DQE is in-
fluenced by the noise generated by the detector and by
its spatial resolution [29, 32, 33, 36, 37]. The DQE of an
ideal detector would be equal to 1: all X-ray photons
reaching the surface of the detector would be used to
form the image, and this detector would not generate any
noise. The DQE of a real detector is less than 1 and 
reflects degradation of the signal-to-noise ratio (SNR)
occurring between the detector input and output:

DQE depends on spatial frequency. In general, the higher
the spatial frequency, the lower the detector output signal
and the higher the noise. This process leads to a reduc-
tion of the SNR at the detector output, and therefore to a
reduction of the DQE of the system.

Compromises and performances

Spatial resolution and pixel size

The maximum spatial resolution visualized in an image
is equal to the Nyquist frequency, which is inversely pro-

Fig. 6 Diagram of signal integration and photon counting detec-
tion technologies
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portional to the pixel size: a small pixel size corresponds
to a high cut-off frequency and a large pixel size to a low
cut-off frequency (Fig. 7). Objects or details of objects
with a spatial frequency higher than the cut-off frequen-
cy are visualized in the form of artifacts superimposed
on lower frequency objects. This phenomenon is called
aliasing*.

According to the sampling theorem, the size of the
smallest object detectable by digital imaging without
aliasing is equal to twice the pixel size of the detector
[29, 30]. The aliasing effect can be easily identified on
bar-pattern images obtained with line-pair phantom [39].
On mammograms, aliasing should be regarded as an 
additional source of noise in the image that affects the
signal-to-noise ratio, hence the detection process.

When comparing two detectors with different MTFs
but the same pixel size, the aliasing effect is stronger for
the detector with the highest MTF, i.e., the detector that
provides a better contrast transmission at the cut-off fre-
quency, but also non-negligible transmission beyond that
frequency. In order to eliminate aliasing, the MTF of the
ideal detector should be equal to zero beyond its Nyquist
frequency (Fig. 8), which is obviously not possible. This
means that for a real detector, the better the MTF, the
higher the required Nyquist frequency, i.e., the higher 
the spatial resolution to be reached to limit the aliasing
phenomenon.

Finally, the size of the image matrix (in megabytes)
increases as the pixel size decreases. As a result, the

memory size occupied by the image is larger. For small
pixels (≤85 µm) and given the size and resolution of cur-
rent diagnostic monitors (i.e., 2×2.5-K for a total of 5
million pixels), the whole image cannot be visualized
with full resolution. This requires successive visualiza-
tion of parts of the image. At this point, one may under-
line the importance of the image processing step for clin-
ical use [40]. The method of display of digital mammog-
raphy with a dedicated workstation for soft-copy inter-
pretation is also a crucial issue regarding the effective
use of this technique in routine practice [6, 41].

Detective quantum efficiency and spatial resolution

Why is it important to obtain a better DQE?

Image quality depends on the SNR. A reduction of noise
improves the detection of low contrast objects in the im-
age, i.e., small and/or low contrast masses. Noise is in-
versely proportional to the square root of the number of
photons collected to form the image [29, 30, 32, 33, 37].
The SNR can therefore be improved either by increasing
the number of incident photons (through a higher mA s
value), together with an increase in the dose to the pa-
tient, or by using a larger portion of the photons reaching
the detector, which increases the DQE. A better DQE
improves image quality without increasing the dose to
the patient, or even by decreasing this dose.

DQE is improved by using thicker detectors or mate-
rials with a higher attenuation coefficient (µ). New pho-
toconductor elements will be available in the future: cad-
mium zinc telluride (CdZnTe) [42], lead iodide (PbI2),

Fig. 7 MTF curves for two types of detectors A and B with differ-
ent pixel sizes, 70 µm for A and 100 µm for B, respectively. De-
tector A displays a better MTF at all spatial frequencies than does
detector B. Higher spatial resolution is provided by system A with
higher Nyquist (cut-off) frequency (7.2 lp/mm). Lower spatial res-
olution is provided by system B with lower Nyquist frequency
(5 lp/mm). Changing the pixel size in B from 100 to 70 µm would
raise the cut-off frequency of the system from 5 to 7.2 lp/mm, the
shape of the MTF curve being unchanged

Fig. 8 MTF curves for two imaging systems with the same pixel
size of 100 µm, hence the same Nyquist (cut-off) frequency
(7.2 lp/mm). System A that exhibits a higher MTF at the Nyquist
frequency than system B is prone to more aliasing artifacts
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Glossary

Photodiode (or light-sensitive diode) Semi-conductor el-
ement converting light energy into electrical current.
The intensity of the current generated, and therefore
the quantity of electricity produced, are proportional to
the light intensity (itself proportional to the incident ir-
radiation). In the case of indirect conversion detectors,
the electronic charges produced are stored in a con-
denser. Detectors contain one photodiode per pixel.

Thin-film transistor (TFT) Electronic component of an
active matrix in which each element (one element per
pixel) acts like a switch integrated in the reading circuit
to determine the quantity of electronic charges pro-
duced by the photodiode and stored in the condenser.

Charge coupled device (CCD) Electronic component
converting light energy into electrical current. The
quantity of electricity produced, proportional to the
light intensity, is stored directly in the device. CCDs
are used in indirect conversion detectors.

Structured scintillator Scintillator whose crystalline
structure is composed of needle-like elements that
channel light down the length of the crystal and mini-
mize lateral spread.

Spatial resolution Spatial resolution is expressed in cy-
cles per mm or, more commonly, in line-pairs per mil-
limeter (lp/mm) and indicates the size of the smallest
structure detectable on a test object measured under
laboratory conditions, which increase contrast while
reducing noise. It is measured by X-raying a phantom
composed of periodic elements (alternating bars and
spaces) of increasing frequency (bars of decreasing
thickness).

Nyquist (or cut-off) frequency Corresponds to a partic-
ular value of spatial resolution defined by the pixel
size of the digital detector. According to the sampling
theorem, the Nyquist frequency is equal to 1/[2 × pixel
size (mm)]. It is expressed in lp/mm. Objects with a
spatial frequency higher than the Nyquist frequency
will either not be visualized or will be visualized in-
correctly (aliasing).

Modulation transfer function (MTF) Describe the abili-
ty of an imaging system to transfer the contrast of a
structure to the final recorded image. In practice, this
reflects the loss of contrast induced by the imaging
system as a function of spatial resolution, i.e., spatial
frequency expressed in line-pairs per millimeter. By
definition, the MTF is equal to 1 for a spatial frequen-
cy of zero and decreases as far as 0 with increasing
spatial frequency.

Spatial frequency The frequency spectrum of an image
can be obtained by its Fourier transform. More simply,
by analogy with a periodic vibratory phenomenon
specified by its frequency (number of cycles per unit
of time, usually expressed in hertz, Hz), a pattern in
the image is characterized by its repetition in space ex-

mercury iodide (HgI2) [43] and gallium arsenide (GaAs)
[44]. The use of iodine in PSPs (BaFI:Eu) has increased
the attenuation coefficient of the plates, resulting in a
considerable improvement of the DQE (from 19 to about
22%) of these detectors [11].

How to increase DQE without altering 
spatial resolution?

Although a thicker detection medium increases the X-ray
absorption, the consequence is a loss of spatial resolution
due to higher scattering. With phosphor-based (i.e., indi-
rect conversion) detectors, the emitted light spreads lat-
erally in proportion to the scintillator thickness. Struc-
tured scintillators, which limit this effect, increase the
DQE while maintaining spatial resolution. For a-Se di-
rect conversion detectors, an electrical field channels the
electronic charges, thus limiting their side scattering.

Direct conversion or indirect conversion

In indirect conversion detectors, the intermediate light
production before obtaining electronic charges may re-
duce the information [45]. Therefore, direct conversion
detectors are very efficient. These can capture a very
narrow signal profile, which improves the MTF, and
hence the quality of the image. The potential drawback 
is to increase the aliasing* phenomenon when using a
detector with a low Nyquist frequency. As explained
above, the higher the MTF of the system, the smaller the
pixel size needed to avoid aliasing.

Conclusion

Currently, various approaches exist to produce digital de-
tectors for mammography. Each technology presents
specific advantages and disadvantages that must be taken
into account to optimize examination protocols. The ra-
diologist’s objective is to obtain accurate diagnostic in-
formation with an acceptable radiation dose to the pa-
tient. Overall performances are often the result of com-
promises in the choice of technology. Digital technolo-
gies for breast imaging are rapidly evolving. Large-scale
evaluation of this new imaging modality is currently un-
der way in North America, including extensive technical
and clinical assessment. At the same time, quality con-
trol protocols are being elaborated in the European
Union [46] and should also contribute to the spreading of
digital mammography.
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pressed in cycles or line-pairs per unit of length. An
object with dimension d (for example, d=0.08 mm)
contained in the image would be associated with a
spatial frequency of 1/2d (1/2×0.08=6.25 lp/mm).

Aliasing Phenomenon resulting from signal undersam-
pling by a digital imaging system, either the detector
or reading system (PSP laser beam). Objects with a
spatial frequency higher than the Nyquist frequency of
the imaging system are replicated as artifacts around
the Nyquist frequency that superimpose on objects
with lower frequencies. The low frequency noise level
is therefore increased, which degrades low contrast
object detection.

Detective quantum efficiency (DQE) DQE character-
izes the ability of a detector to use the transmitted
photons (through the breast, bucky and grid) at the de-
tector input. It is expressed as the ratio of the squares
of the signal-to-noise ratio at the detector input and
detector output. An ideal system, which would not add
any noise, i.e., which would use all photons reaching
the detector, would have a DQE equal to 1. A real de-
tector is increasingly “better” as its DQE approaches
1. The DQE of a system is maximal for zero spatial
frequency and decreases with increasing spatial fre-
quency.
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