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3.1. Phosphors 

Most mammographic image receptors employ a phosphor at an initial stage to convert x-

rays into visible light. Phosphor screens are typically produced by combining 5–10 μm 

diameter phosphor particles with a transparent plastic binder. The use of phosphor 

materials with a relatively high atomic number causes the photoelectric effect to be the 

dominant type of x-ray interaction. The energy of an x-ray is much larger than the 

bandgap of the phosphor crystal and, therefore, in being stopped, a single interacting x-

ray has the potential to cause the excitation of many electrons in the bulk and thereby the 

production of many light quanta. After their production, the light quanta must 

successfully escape the phosphor and be effectively coupled to the next stage in image 

formation. It is desirable to ensure that the created light quanta escape the phosphor 

efficiently and as near as possible to their point of formation. Since the probability of x-

ray interaction is exponential, the number of interacting quanta and the amount of light 

created will be proportionally greater near the x-ray entrance surface (Yaffe and 

Rowlands 1997).  

 

3.2. Film-Screen systems 

The radiographic film is the most widely used detector in diagnostic radiology. The most 

important component in a radiographic film is the sensitive to the radiation layer called 

‘emulsion’. The emulsion comprises of a gelatin in which AgBr or AgI grains are embed. 

Films have either single or double emulsions.  

In routine mammography, nowadays films combined with a phosphor screen made 

of CaWO4 or Gd2O2S:Tb are used almost exclusively as image receptors. The application 

of non-screen x-ray film is either no longer recommended or explicitly forbidden because 

of the high radiation exposure. Often the sensitivity of the image receptor is characterized 

by the so-called ‘system dose’, which is usually defined as the air kerma at the location of 

the image receptor needed to obtain the receptor-specific exposure. The system dose of a 

modern film–screen system is about 1–3% of that of the non-screen film (Säbel and 

Aichinger 1996). In mammography, films are always single sided and used with a back 

screen only. This is to avoid any possibility of ‘parallax unsharpness’ which may arise 
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from the two images in double sided film (Law 2006). In figure 3.1 the cross section of a 

simplified film-screen detector is shown. 
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Figure 3.1. Cross section of a simplified film-screen detector. 

 

 

3.2. Digital versus Film-Screen Mammography 

Film–screen mammography is still the gold standard for the detection and diagnosis of 

breast cancer. Film–screen combinations provide excellent detail resolution (image 

sharpness), which is very crucial for imaging microcalcifications and very small 

abnormalities that may indicate early breast cancer. Nevertheless, film-screen systems 

have certain limitations (Säbel and Aichinger 1996, Yaffe and Rowlands 1997): 

• Narrow dynamic range (1:25), which must be balanced against the need for wide 

latitude (1:100). The slope of the characteristic curve of the radiographic film 

determines the contrast properties and the attenuation difference between a lesion and 

the surrounding tissue which can be seen in the image. Masses and 

microcalcifications are therefore hardly visualized in very dense breasts by film–

screen combinations. 

• Noise associated with film granularity. 

• Inefficient use of the incident radiation. 

By contrast with the film–screen technique, in digital mammography with the help 

of the windowing technique the detectability of subtle details is limited only by noise. 

Digital mammography thus has the potential for improving the display of poorly 

contrasted details. Comparative studies between digital and screen-film mammography 

have shown that digital mammography provides similar image quality (Haus and Yaffe 

2000, Lewin et al 2001) and sometimes better (Obenauer et al 2002) compared to screen-
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film mammography in terms of detecting breast cancer. Digital mammography has many 

advantages over conventional mammography (Berns et al 2002, Huda et al 2003): 

• Wider dynamic range. 

• The magnification, orientation, brightness and contrast of the mammographic image 

can be altered after the examination has completed. 

• Improved contrast between dense and non-dense breast tissue. 

• Faster image acquisition (less than a minute). 

• Shorter examination time (approximately half of the time in conventional 

mammography). 

• Easier image storage. 

• Transmission of images for remote consultation with other physicians. 

Nevertheless, digital mammography has also disadvantages as compared to screen-film 

mammography: 

• It presents lower image sharpness. 

• It is expensive. 

• A method must be developed to compare digital mammographic images with existing 

screen-film images on computer monitors.    

 

3.3. Digital Detectors 

In order to generate a digital x-ray image, the intensity of the incident x-ray beam must 

be sampled in both the intensity and spatial domains. In the intensity domain, the 

magnitude of the x-ray intensity is converted into a proportional electronic signal; this 

signal is then digitized so that it can be sent to a computer where the final image will be 

processed. In the spatial domain, the variation in the intensity signal over the area of the 

object represents the image information. Therefore, it is necessary to coordinate the 

digitized intensity signal with its position within the active imaging area of the detector. 

Any digital radiography solution therefore consists of two parts: the conversion of 

incident x-ray photons into an electrical signal, and the measurement of the spatial 

variation in this signal.  

The digital detectors used in mammography are divided into three categories: 

A. Phosphor-charge coupled devices (CCD) systems. 
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B. Photostimulable phosphors. 

C. Active Matrix Flat Panel Imagers (AMFPI). 

 

3.3.1. Phosphor-CCD systems 

 

3.3.1.1. CCD devices. Charge coupled devices are particularly well suited to digital 

radiography because of their high spatial resolution capability, wide dynamic range and 

high degree of linearity with incident signal. They can be made sensitive to light or to 

direct electronic input. A CCD (figure 3.2) is an integrated circuit formed by depositing a 

series of electrodes, called ‘gates’ on a semiconductor substrate to form an array of 

metal-oxide-semiconductor (MOS) capacitors. By applying voltages to the gates, the 

material below is depleted to form charge storage ‘wells’. These store charge injected 

into the CCD or generated within the semiconductor by the photoelectric absorption of 

optical quanta. If the voltages over adjacent gates are varied appropriately, the charge can 

be transferred from well to well under the gates, much in the way that boats will move 

through a set of locks as the potentials (water heights) are adjusted (Yaffe and Rowlands 

1997).  

 

 

 

 

 

 

 

 

 

 

Figure 3.2. The structure of a CCD array, illustrating motion of stored charge in one 

direction as the potential wells are adjusted under control of the gate electrode voltages 

(Yaffe and Rowlands 1997).  
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3.3.1.2. Optical coupling of a phosphor to a CCD. A phosphor can be coupled to a CCD 

either by a lens/mirror system (figure 3.3(a)) or fibre optics (figure 3.3(b)).    

In a lens/mirror system, a fraction of the emitted light is reflected on a mirror or is 

driven directly to a lens that guides the light onto the CCD. Because the size of available 

CCDs is limited from manufacturing considerations to a maximum dimension of only 2–

5 cm, it is often necessary to use a demagnifying lens.   

In the case of fibre optics, which can be in the form of fibre optic bundles, optical 

fibres of constant diameter are fused to form a light guide. The fibres form an orderly 

array so that there is a one-to-one correspondence between the elements of the optical 

image at the exit of the phosphor and at the entrance to the CCD. To accomplish the 

required demagnification, the fibre optic bundle can be tapered by drawing it under heat 

(Yaffe and Rowlands 1997).  

 

 
(a) (b) 

 

 

 

 

 

 

 

 

 

 

Figure 3.3. The two ways of coupling a phosphor to a CCD: (a) optical coupling and (b) 

fibre optic coupling (Yaffe and Rowlands 1997). 

 

Systems of both designs are used in cameras with a small field of view for digital 

mammography. In such applications, much lower demagnification, typically two times, is 

used, resulting in acceptable coupling efficiency. By abutting several camera systems to 

form a larger matrix, a full-field digital breast imaging system can be constructed similar 

to that presented in figure 3.4. 
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Figure 3.4. A full-field digital breast imaging system composed of a matrix of phosphors 

coupled to CCDs by fibre optics. 

 

3.3.1.3. Slot scanned digital mammography. In order to overcome the size and cost 

limitations of available high-resolution photodetectors in producing a large imaging field 

(like the one presented in figure 3.4) slot scanned digital mammographic systems have 

been developed (figure 3.5).  

 

 

 

 

 

 

 

 

Figure 3.5. A phosphor–fibre optic–CCD detector assembly for slot-scanned digital 

mammography (Pisano and Yaffe 2005).  

 

In these systems the detector has a long, narrow, rectangular shape, with dimensions of 

approximately 1 x 24 cm and the x-ray beam is collimated into a narrow slot to match 

this format. Acquisition takes place in time delay integration (TDI) mode in which the x-
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ray beam is activated continuously during the image scan and charge collected in pixels 

of the CCDs is shifted down CCD columns at a rate equal to but in the opposite direction 

as the motion of the x-ray beam and detector assembly across the breast. The collected 

charge packets remain essentially stationary with respect to a given projection path of the 

x-rays through the breast and the charge is integrated in the CCD column to form the 

resultant signal. When the charge packet has reached the final element of the CCD, it is 

read out on a transfer register and digitized (Pisano and Yaffe 2005, Yaffe and Rowlands 

1997). 

. 

3.3.2. Photostimulable phosphors (Computed radiography systems) 

Photostimulable phosphors are commonly in the barium fluorohalide family, typically 

BaFBr:Eu+2, where the atomic energy levels of the europium activator determine the 

characteristics of light emission. X-ray absorption mechanisms are identical to those of 

conventional phosphors. They differ in that the useful optical signal is not derived from 

the light that is emitted in prompt response to the incident radiation, but rather from 

subsequent emission when electrons and holes are released from traps in the material. 

The initial x-ray interaction with the phosphor crystal causes electrons to be excited. 

Some of these produce light in the phosphor in the normal manner, but the phosphor is 

intentionally designed to contain traps which store the charges. By stimulating the crystal 

by irradiation with red light, electrons are released from the traps and raised to the 

conduction band of the crystal, subsequently triggering the emission of shorter-

wavelength (blue) light. This process is called photostimulated luminescence. In the 

digital radiography application (figure 3.6), the imaging plate is positioned in a light-tight 

cassette or enclosure, exposed and then read by raster scanning the plate with a laser to 

release the luminescence. The emitted light is collected and detected with a 

photomultiplier tube whose output signal is digitized to form the image (Yaffe and 

Rowlands 1997).  
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Figure 3.6. A schematic of a photostimulable phosphor digital radiography system (Yaffe 

and Rowlands 1997).   

 

Photostimulable phosphors are widely used in digital mammography because: 

• When placed in a cassette, they can be used with conventional x-ray machines. 

•  Large-area plates are conveniently produced, and because of this format, images can 

be acquired quickly. 

•  The plates are reusable, have linear response over a wide range of x-ray intensities, 

and are erased simply by exposure to a uniform stimulating light source to release any 

residual traps. 

Nevertheless, there are certain disadvantages as well: 

• Due to the fact that the traps are located throughout the depth of the phosphor 

material, the laser beam providing the stimulating light must penetrate into the 

phosphor. Scattering of the light within the phosphor causes release of traps over a 

greater area of the image than the size of the incident laser beam. This results in loss 

of spatial resolution. 

• The readout stage is mechanically complex, and efficient collection of the emitted 

light requires great attention to design (Yaffe and Rowlands 1997). 
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3.3.3. Active matrix flat panel imagers (AMFPI).  

The active matrix flat panel technology is the most promising digital radiographic 

technique (Kasap and Rowlands 2000, Yaffe and Rowlands 1997). It is based on large 

glass substrates on which imaging pixels are deposited. The term ‘active matrix’ refers to 

the fact that the pixels are arranged in a regular two-dimensional grid, with each pixel 

containing an amorphous silicon (a-Si:H) based switch that is usually a thin film 

transistor (TFT). The pixel switch is connected to some form of pixel storage capacitor 

that serves to hold an imaging charge induced by the incident radiation. The typical 

dimension of a flat panel system for digital mammography is 18 cm x 24 cm (Zhao and 

Rowlands 1995). There are two approaches for this kind of systems: the indirect and 

direct detection. 

 

3.3.3.1. Indirect detection. In figure 3.7(a) and 3.7(b) the cross section and a 

microphotograph of a pixel of an indirect AMFPI is presented.  
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Figure 3.7. (a) A cross section and (b) a microphotograph of a pixel for an indirect 

AMFPI (Antonuk et al 2000). 

 

In the indirect detection approach, a conventional x-ray absorbing phosphor, such as 

Gd2O2S, is placed or thallium-doped caesium iodide (CsI:Tl) is grown onto the active 

matrix array. The detector pixels are configured as photodiodes (made of a-Si:H) which 

convert the optical signal from the phosphor to charge and store that charge on the pixel 

capacitance. The advantage of utilizing CsI as the x-ray absorber is that it can be grown 
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in columnar crystals which act as fibre optics. When coupled to the photodiode pixels, 

there is little lateral spread of light and, therefore, high spatial resolution can be 

maintained. In addition, unlike conventional phosphors in which diffusion of light and 

loss of resolution become worse when the thickness is increased, CsI phosphors can be 

made thick enough to ensure high x-ray absorption while maintaining high spatial 

resolution (Yaffe and Rowlands 1997). The signal readout in the active matrix is the 

same for both the indirect and direct method and hence it is described in the next section.  

 

3.3.3.2. Direct detection. In a direct detector for digital mammography, a high atomic 

number photoconductor (for example a-Se or PbI2)  is coated onto the active matrix area 

to form a photoconducting layer that directly converts the incident x-rays into charge 

carriers that drift towards the collecting electrodes under the influence of an applied 

electric field.   

The direct detection systems have advantages compared to the indirect systems. As 

discussed earlier, x-rays absorbed in the screen of an indirect system release light which 

must escape to the surface to create an image while lateral spread of light is determined 

by diffusion. Thus, the blur diameter is comparable to the screen thickness. This blurring 

causes a loss of high-frequency image information which is fundamental and largely 

irreversible. Although the loss can be alleviated when using CsI, the separation between 

fibres is created by cracking and as a result the channeling of light is not perfect. In the 

case of direct detection, since the produced charges are electrically driven towards the 

electrodes, their lateral spread, and hence the image blurring, is not significant (Yaffe and 

Rowlands 1997). Furthermore, the absorption efficiency of a direct detector can be 

maximized with the suitable choice of the photoconductor material, operating bias, and 

the thickness of the photoconductive layer (Kasap 2000). Finally, the direct systems are 

easier and cheaper to manufacture due to their simpler structure (Saunders et al 2004, 

Samei and Flynn 2003). The major disadvantages of direct detectors are the need for 

applying a high voltage to maintain the electric field and the dark current (Pisano and 

Yaffe 2005). 
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 A microphotograph and a simplified physical structure of a single pixel with TFT 

as well as a simplified schematic diagram of the cross sectional structure of two pixels of 

a direct conversion x-ray detector are shown in figure 3.8.  

An Indium Tin Oxide (ITO) electrode (labeled A) is uniformly deposited on the 

photoconducting layer usually with thermal evaporation. This electrode is called the ‘top 

electrode’. The top electrode is positively biased with a high voltage to create an electric 

field in the photoconductor’s bulk that has a typical value of 10 V/μm. Amorphous 

selenium (a-Se) is the most highly developed photoconductor for direct applications due 

to its amorphous state, that makes possible the maintenance of uniform imaging 

characteristics to almost atomic scale (there are no grain boundaries) over large areas, and 

due to its high intrinsic resolution that can exceed 500 lp/mm (Que and Rowlands 1995). 

Typical values for the photoconductor thickness (when using a-Se) ranges from 200 to 

500 μm (Pang et al 1998). Similar to the top electrode, the photoconducting layer is 

thermally evaporated onto the active matrix. As mentioned earlier, when x-rays are 

absorbed in the photoconductor’s bulk, electron-hole pairs are created which under the 

influence of the electric field separate. Thus, the electrons drift towards the top electrode 

while the holes towards the active matrix where they are collected and stored. 

The active matrix consists of M x N pixels (for example 3600 x 4800, Zhao and 

Rowlands 1995). Each pixel has three basic elements: the TFT switch, the pixel electrode 

and the storage capacitor. The standard configuration is the one presented in figure 3.8(b) 

where the TFT, the pixel electrode and the capacitor are in the same level. The active 

matrix is characterized by the pixel width (a), the pixel collection width (acoll) and the 

pixel pitch (d) (figure 3.8(b)). The typical pixel pitch for mammography is 50 μm (Zhao 

and Rowlands 1995). The ratio Fcoll= a2
coll/a2 is defined as the collection fill factor 

whereas the ratio Fgeom=a2/d2 as the geometric fill factor (Antonuk et al 2000). In order to 

increase the Fcoll some systems incorporate the storage capacitor and the TFT underneath 

the pixel electrode. This pixel structure is known as the ‘mushroom structure’ (Pang et al 

1998).  The pixel voltage Vp increases as a function of the x-ray exposure. Normally this 

voltage does not exceed 10 V. Nevertheless, under suspended scans or accidental 

overexposures it can reach up to values similar to the high voltage applied on the top 

electrode  a  fact that damages the detector. To protect the detector from high voltages, an  
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Figure 3.8. Direct conversion x-ray detectors: (a) a microphotograph (Antonuk et al 

2000) and (b) a simplified physical structure of a single pixel with TFT (Kasap and 

Rowlands 2000). (c) A simplified schematic diagram of the cross sectional structure of 

two pixels (Kasap and Rowlands 2002). 

 

insulating layer is placed either between the top electrode and the photoconductor or 

between the photoconductor and the active matrix. In this way the trapped charges in the 
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interface between the insulating layer and the photoconductor decrease the electric field 

and hence the VP saturates (Zhao and Law 1998). In addition, this insulating layer 

prevents charges from either the top electrode or the active matrix to be injected into the 

photoconductor’s bulk and reduces aliasing (Zhao and Rowlands 1997). The thickness of 

the insulating layer is (for the case of a-Se) one-tenth of that for the photoconductor.  

As mentioned earlier, the TFTs act as switches on each individual pixel and control 

the image charge so that one line of pixels is activated electronically at a time. Normally 

all TFTs are turned off permitting the charges to accumulate on the pixels electrodes. The 

readout is achieved by external electronics and software control of the state of TFTs 

(Kasap and Rowlands 2002). Each TFT has three electrical connections as shown in 

figure 3.8(b): the gate (G) for the control of the ‘on’ or ‘off’ state of the TFT, the drain 

(D) that is connected to the pixel electrode and a pixel storage capacitor, and the source 

(S) that is connected to a common data line. When gate line i is activated, all TFTs in that 

row are turned on and N data lines from j = 1 to N then read the charges on the pixel 

electrodes in row i. The parallel data are multiplexed into serial data, digitized, and then 

fed into a computer for imaging. The scanning control then activates the next row (i + 1) 

and all the pixel charges in this row are then read and multiplexed, and so on until the 

whole matrix has been read from the first to the last row (M-th row). It is apparent that 

the charge distribution residing on the panel's pixels is simply read out by self-scanning 

the arrays row-by-row and multiplexing the parallel columns to a serial digital signal. 

This signal is then transmitted to a computer system (Kasap and Rowlands 2000). Table 1 

summarizes the required specifications for flat panel detectors for digital mammography. 

 

Table 3.1. Parameters for digital x-ray imaging systems (Zhao and Rowlands 1995). 

 
Detector parameter Value 

Detector size (cm) 18 x 24 
Pixel pitch (μm) 50 
Number of pixels 3600 x 4800
Readout time (s) < 5 
X-ray spectrum (kVp) 30 
Mean exposure (mR) 12 
Exposure range (mR) 0.6-240 
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