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 A fluorescent screen converts the X-rays into visible 
light. 

 The emitted light hits a photocathode  

 The electron beam is directed onto a small 
fluorescent screen 

 



 The spatial resolution will generally be less 
than that of a film–screen system because of 
the limited camera resolution. 

 the noise increases slightly 
◦ Due to the additional conversions (light → 

electrons → light) 

 Geometric distortion 
◦ pin-cushion distortion 



 Storage phosphors 
◦ Special case of phosphorescence 

 

 Charged Couple Devices 

 

 Active matrix flat panel detectors 

 

 Photoconductor-based Direct Radiography 



 Absorbed energy is stored 

 The stored energy can be released upon 
stimulation by other forms of energy such as 
laser light.  

 This phenomenon is called photostimulated 
luminescence  

 This type of scintillator is called a storage 

 phosphor or photostimulable phosphor.  

 Light captured by an optic array and 
transmitted to a photomultiplier 





 Stored and Transported in Digital Format 

 

 Hospital Information System 

 

 PACS – picture archiving and communication 
systems 

 

 Computer Processing 

 

 



 Newer detector technologies for digital 
radiography with fast-imaging capability 

 

 These systems produce nearly real time 
images, as opposed to storage phosphor 
systems which require a readout scan on the 
order of a minute and a workflow similar to 
that for screen–film systems.  

 



 Traditional electronic capturing devices, 
including CCDs (charge-coupled devices), 
are almost exclusively based upon Si-crystal 
technology, and for manufacturing reasons 
this restricts the devices to small areas. 

 

 This is because it is difficult and expensive 
to create a large defect-free semiconductor 
crystal. 



 Can easily be made by depositing a 2D array 
of identical semiconductor elements onto an 
amorphous material, such as hydrogenated 
amorphous silicon (a-Si:H). 
 

 A light-sensitive active matrix array can be 
produced by depositing an array of 
photodiodes onto the a-Si:H substrate.  
 

 By coupling it to a fluorescent plate it 
functions as a large and fast flat panel X-ray 
detector. 



 Eliminates the need for a scintillator by using a 
photoconductor such as  
◦ amorphous selenium (a-Se) 

◦ cadmium telluride (CdTe)  

 Photoconductor converts the energy of the X-
ray photons into an electrical conductivity 
proportional to the intensity of the radiation.  

 hotoconductor layer is placed upon an active 
matrix array that consists of a 2D array of 
capacitors deposited onto the amorphous 
substrate.  



 The first captures two radiographic images in 
a short time interval (e.g., 200 ms) and at 
different X-ray tube voltages 
◦ 110–150 kV and at 60–80 kV 

 The second configuration contains two layers 
of scintillator detectors and acquires the 
images in a single exposure. 
◦ The top layer detects and filters most low-energy 

photons, while the bottom layer detects primarily 
high-energy photons.  

 A third configuration is promising but 
immature.  
◦ It uses photon counting detectors 



 Dual-energy imaging relies on the 
dependence of the attenuation coefficient 𝜇 
on the energy 𝐸 (Figure 2.7).  

 In the absence of K-edge discontinuities in 
the used energy range 𝐸𝑚𝑖𝑛, 𝐸𝑚𝑎𝑥  the linear 
attenuation coefficient can be approximated 
as  
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𝜇 𝐸, 𝑠 = 𝑎1 𝑠 𝜇1 𝐸 + 𝑎2 𝑠 𝜇2 𝐸                (3) 

 

𝑎1 𝑠  and 𝑎2 𝑠 are tissue dependent and are 
unknown. 
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 Two Radiographic Images 

 High-Energy first 
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 In case of a single exposure with spectrum 
𝜎𝐿𝐸 𝐸  and two detector layers, the second 
spectrum 𝜎𝐻𝐸 𝐸  is defined as 

 

 𝜎𝐻𝐸 𝐸 =𝜎𝐿𝐸 𝐸 𝑒−𝜇𝑓 𝐸 𝑡𝑓 

 

 𝜇𝑓 𝐸  = Attenuation Coefficient 

 

 𝑡𝑓  = Thickness 

Known 
Characteristics of 
front scintillator 



 Also known as  
◦ Bone Densitometry 

◦ dual-energy x-ray absorptiometry 

 

 Applications 
◦ fracture identification  

◦ measuring bone mineral density (BMD)  

◦ the most accurate method for diagnosing 
osteoporosis 

◦ to assess an individual’s risk for developing 
fractures 



 This multi-energy technique has  
◦ an improved spectral sensitivity 

◦ needs only one radiographic image 

◦ and is insensitive to patient motion 



 Depends on several factors 

 The size of the focal spot 
◦ The anode tip should make a large angle with 

the electron beam to produce a nicely focused 
X-ray beam. 

 The patient 
◦ Thicker patients cause more X-ray scattering, 

deteriorating the image resolution. 

◦ Patient scatter can be reduced by placing a 
collimator grid in front of the screen 

◦ The grid allows only the photons with low 
incidence angle to reach the screen. 



 The light scattering properties of the 
fluorescent screen 

 The film resolution, which is mainly 
determined by its grain size. 

 For image intensifier systems and digital 
radiography, the sampling step at the end of 
the imaging chain is an important factor. 



 The contrast is the intensity difference in 
adjacent regions of the image.  

 Depends on the spectrum of the beam 
◦ the image intensity depends on the attenuation 

coefficients 𝜇(𝐸, 𝑥)  

◦ attenuation coefficient depends on the energy of 
the X-rays 

 Soft radiation, as used in mammography, 
yields a higher contrast than hard radiation. 



 Absorption efficiency of the detector 

 A higher absorption efficiency yields a higher 
contrast.  

 In film systems 
◦ strongly determined by the contrast of the 

photographic film.  

◦ higher the contrast, the lower the useful exposure 
range.  

 

 

 



 In digital radiography 

 can be adapted after the image formation by 
using a suitable gray value transformation 

 

 such a transformation also influences the 
noise, thus keeping the CNR unchanged. 



 Quantum noise is typically the dominant noise 
factor.  

 A photon-detecting process is essentially a 
Poisson process (the variance is equal to the mean) 

 the noise amplitude (standard deviation) is 
proportional to the square root of the signal 
amplitude 

 the SNR also behaves as the square root of the 
signal amplitude 
◦ the dose cannot be decreased unpunished 
◦ would reduce the SNR to an unacceptable level 

 Conversions during the imaging process will add 
noise and decrease the SNR 
◦ photon–electron conversions  



 To quantify the quality of an image detector the 
measure detective quantum efficiency (DQE) is often 
used.  

 The image detector is one element in the imaging 
chain and to quantify its contribution to the SNR, the 
DQE is used, which expresses the SNR transfer 
through the detector.  

 The DQE can be calculated by taking the ratio of the 
squared SNR at the detector output to the squared 
SNR of the input signal as a function of spatial 
frequency: 

 𝐷𝑄𝐸 =  
𝑆𝑁𝑅𝑜𝑢𝑡

2 𝑓

𝑆𝑁𝑅𝑖𝑛
2 𝑓

 

 It is a measure of how the available signal-to-noise 
ratio is degraded by the detector.  



 Scratches in the detector 

 dead pixels 

 unread scan lines 

 inhomogeneous X-ray beam intensity (heel 
effect) 

 Afterglow (Phosphoresence)  



 The X-ray source. 
 A collimator 
◦ to limit the patient area to be irradiated. 

 The patient,  
◦ attenuates the X-ray beam and produces scatter 

 A collimating scatter grid 
◦ absorbs scatter photons 
◦ stops photons with large incidence angle 
◦ photons with small incidence angle can pass right through  
◦ can be made of lead 
◦ not always used in paediatrics b/c the scatter is limited. 

 The detector 
◦ screen–film combination  
◦ an image intensifier coupled to a camera  
◦ a cassette containing a storage phosphor plate   
◦ Active matrix flat panel detector 
◦ dual-layer detector 



 Static (Radiographic) 
◦ made with a film–screen combination 

◦ with digital radiography 

 

 Dynamic (Fluoroscopic images) 
◦ Obtained with an image intensifier 

◦ active matrix flat panel detector 

◦ viewed in real time on a TV monitor or computer 
screen 

 

 



 Other imaging modalities have largely 
replaced a number of X-ray examinations 
◦ Ultrasound 

◦ CT 

◦ MRI 

 

 Examples 
◦ Arthrography (joints) 

◦ Myelography (spinal cord) 

◦ Cholangiography (bile ducts) 

◦ Cholecystography (gall bladder) 

◦ Pyelography (urinary tract) 



 International Commission on Radiological 
Protection 

 

 All workers including physicians 
◦ 20 mSv per year when averaged over five years  

 the public 
◦ 1 mSv per year 

 Strict protection protocols to follow 

 the protection of the body and the thyroid gland 
with a lead apron and collar 

 A dosimeter  
◦ a small device clipped to the personnel’s clothing, 

measures the cumulative absorbed dose. 



 Derived unit of ionizing radiation dose 

 

 Named after Rolf Maximilian Sievert 
◦ Swedish medical physicist 

 

 to represent the stochastic health risk 

 

 One sievert carries with it a 5.5% chance of 
eventually developing cancer 

 

 



Examination Dose 

Dental 0.005–0.02 mSv 

chest 0.01–0.05 mSv 

skull 0.1– 0.2 mSv 

pelvis  0.7–1.4 mSv 

lumbar spine 0.5–1.5 mSv 

intravenous urography 3 mSv 

Barium enema 8 mSv 

endoscopic retrograde cholangiopancreatography 4 mSv 

cerebral angiography 5 mSv 

transjugular intrahepatic portosystemic shunt 
procedures 

70 mSv 

Compare this to the dose equivalent due to 
natural sources, which is 2–3 mSv per year. 


