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Abstract 

On the basis of their fundamental principle of operation Radiation Detectors can be divided 

into two main categories: (a) Energy integrating devices and (b) Particle (photon) counting 

devices. Detectors operated in energy integrating mode produce an output electronic signal, 

which is directly proportional to the total radiation energy absorbed within their mass. On 

the other hand detectors operated in photon counting mode produce a series of time 

separated output pulses, each one originating from a corresponding photon absorbed in the 

detector. Most systems employed in Diagnostic Radiology and Radiation Therapy Portal 

Imaging (i.e. flat panel arrays)) are energy integrating. Nuclear Medicine detectors are 

principally photon counting devices. Some photon counting prototypes (silicon strip arrays, 

Medipix) are also used in Diagnostic Radiology. Considering the physics of photon detection, 

detectors can be characterized as “direct” or “indirect”, depending on whether photon 

energy is directly converted into an electronic signal or whether the energy conversion 

process passes through an intermediate stage of radiation to light conversion (i.e. 

scintillation). Description of detector performance is currently based on the Linear Cascaded 

Systems Analysis (LCSA) theory, incorporating signal and noise analysis in both space and 

spatial frequency domains. Within this theoretical interpretation basic quality metrics, such 

as the Modulation Transfer Function (MTF), the Noise Power Spectrum (NPS) and the 

Detective Quantum Efficiency (DQE) can be defined and evaluated. Methods of experimental 

evaluation as well as novel detector design (flat panel or ring configurations) and 

development follow the basic principles of this theory. 

 

Introduction 

Most imaging systems are built on a radiation detector aiming to map the spatial distribution 

of photons incident on its front side facing the radiation source (human body). This front face 
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may be either a flat surface, in projection imaging, or a ring-arc shaped surface, in 

tomographic imaging. Imaging detectors are very often referred toasposition sensitive 

(PSD)or two dimensional detectors (2DD).Ιn Diagnostic Radiology (DR) and Portal Imaging 

(PI) for Radiation Therapy (RT), detectors are most often operated in energy integration 

mode. Theyproduceanoutputsignalproportional to the sum (integral) of photon energies 

imparted within their mass. In Nuclear Medicine (NM) detectors are photon counting systems, 

i.e. their output consists of a number of electronic pulses corresponding to the number of 

incoming photons interacting with detector mass. Concerning the physics of radiation 

detection, modern image detectors can be classified into three principal categories: (i) 

Luminescent materials (e.g.  scintillators and phosphors), (ii)Photoconductors or electrostatic 

detectors. (iii) Semiconductors.[1-3]. 

 

Direct and Indirect Systems 

Scintillators (phosphors) are fluorescent materials (fast luminescence, i.e. conversion of 

absorbed energy into light within a very short time). The ability to absorb and convert 

radiation into light (absorption efficiency and conversion efficiency) as well as the light 

emission duration (decay time) are of high importance for medical imaging detectors. The 

light produced by a scintillator iscapturedbyanopticalsensororphotodetector (e.g. 

photocathodes and photomultipliers, photodiode arrays, charge coupled devices-CCDs, 

complementary metal-oxide semiconductors-CMOS, films etc) optically coupled to the 

scintillatorto convert its light into electronic signal (charge, current, voltage), which is then 

suitably processed to form an image. Scintillators such as Cesium Iodide (CsI), gadolinium 

oxysulfide (Gd2O2S) and some other rare earth based compounds are very often used in 

image detectors employed in Diagnostic Radiology. OntheotherhandinNuclearMedicine, 

where short decay time is a prerequisite, Sodium Iodide (NaI) as well as CsI are mostly 

employed. In special NM applications demanding extremely short decay time, such as 

Positron Emission Tomography (PET), Bismuth Germate (BGO) and fast emitting Cerium 

activated Gadolinium or Lutetium Orthosilicates (GSO, LSO) have been employed. 

Scintillators (phosphors) employed in projection imaging are usually in the form of large area 

flat phosphor screens or scintillating screens (in Diagnostic Radiology)or large area flat 

single crystals (in Nuclear Medicine). Large area multi-crystal arrays are also used in both 

DR and NM. Scintillators in the form of nanograins (nanophosphors) as well assingle crystals 

with two ion activators seem to be of particular interest for DR and NM applications. Most 
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current photodetectors used in x-ray detectors (photodiodes, CCDs, CMOS) are based on 

silicon (Si), either in its crystalline or in the amorphous silicon form (a-Si). In addition 

cadmium telluride (CdTe), as well as organic materials have been used. On the other hand 

photocathodes are usually incorporated in special devices called photomultiplier tubes (PMT), 

which capture light and produce largely amplified number of electrons at their output. 

Magnetic field resistive Silicon Multipliers (SiPM) are recently introduced to avoid magnetic 

effects in combined MR-PET imagers. [1,3,4,5, 6]. 

Photoconductors are based on the creation of charge carriers (electrons and holes) after 

absorption of ionizing radiation. Charge carriers arriving at the surface of photoconductors are 

captured by electronic components (diodes, transistors, CMOS sensors) acting as storage 

capacitors. Amorphous selenium (a-Se) is the most popular photoconductor in Diagnostic 

Radiology. However materials such as Η2Ι,CdTe etc are becoming increasingly interesting for 

both Diagnostic Radiology and Nuclear Medicine applications. Detectors based on 

photoconductors are often referred to as direct detector systems, since they convert ionizing 

radiation directly into electronic signal.On the other hand, scintillator and phosphor based 

detectors areindirectdetectorsystems. This is because ionizing radiation is first converted into 

light and in a later stage, in the photodetector, light is converted into electrons. In these 

systems additional signal conversion stages (i.e. light generation, light detection and 

conversion) are included in the whole signal propagation procedure. According to the linear 

cascaded systems theory, these additional signal conversion stages may cause signal 

degradation and introduce additional noise sources. 

 

Medical Imaging 

Diagnostic Radiology detectors are designed to detect broad spectrum x-ray beams passing 

through human body; and thus largely and non-homogeneously attenuated, hardened and 

contaminated by scattered photons. Detectors must be capable to accurately map the spatial 

distribution of this non-homogeneous radiation attenuation and simultaneously to reject 

scattered photons. To avoid image quality degradation by scatter, special anti-scatter grids are 

incorporated in front of detectors face. Nuclear Medicine detectors are designed to count one-

by-one photons emitted from regions within the human (or animal) body where radioactive 

isotopes (radionuclides) have been distributed. This distribution must be depicted as 

accurately as possible; correcting for radiation attenuation effects and scatter in human tissues 

intervening in the mid-space between the region of interest and the detector. A large fraction 
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of photons scattered within the human body may be rejected by collimators; devices specially 

designed to delineate the imaged field of view and limit the acceptance angle of photons 

entering the detector. A short description of the principal types and forms of image radiation 

detectors employed in Diagnostic Radiology or in Nuclear Medicine is given below: 

 

Diagnostic Radiology and Portal Imaging 

(i) Active matrix flat panel imagers (AMFPI). A CsI or Gd2O2S phosphor screen or a 

photoconductive (a-Se) layer is deposited on a photodetector consisting of an array of a-Si:H 

photodiodes coupled to thin film transistors (TFT) (active matrix). CMOS based active matrix 

sensors are also lately introduced in a number of systems. AMFPIs are incorporated in most 

modern digital radiography (DR), Full Field Digital Mammography (FFDM) and fluoroscopy 

(DF) units as well as in some computed tomography (CT) systems. They are also employed in 

Portal Imaging, however suitably modified to detect higher energy RT x-rays. [1-3,5]   

(ii) Phosphor screens coupled to CCD arrays. The light from the phosphor screen is usually 

transferred to the CCD via demagnifying fiber optics taper. Detectors may be either in one-

dimensional (linear) form or in two dimensional flat arrays. Screen-CCD based detectors are 

used in digital radiography and digital mammography systems. [1-3, 5] 

(iii) Photostimulated Storagephosphors (PSP). Thesedetectorsarebasedontheso-calledphoto 

stimulated luminescence (PSL) effect;x-ray energy is first 

trappedwithinintermediateenergylevelsofthephosphormaterial. Then it is liberated, in the form 

of light,afterexcitationbya scanning laser beam. Since the energy is temporarily stored within 

the phosphor material, these detectors are called storage phosphors. They are employed in the 

form of reusable phosphor imaging plates (IP) (screens). To obtain digital radiography 

images, the plates (screens) are “read” via a laser scanning device incorporated within the so-

called Computed Radiography (CR) systems. [4] 

(iv) x-ray ComputedTomography(CT) detectors. Tomographic imaging aims to the 

elimination of limited contrast problems originating from overlapping structures. Images of 

consecutive thin slices can be obtained which represent the three-dimensional distribution of a 

structure. Detectors are shaped in curvedarrays incorporating a large number of arc type 

multi-detector rows (MDCT) consisting ofsmallscintillatingcrystal (orceramic) 

elementscoupledtosiliconphotodiodes. Systems with up to some hundreds of detector rows are 

used today. Various scintillators such as CdWO4, BGO, CsI, Gd2O2S etc have been used. The 

signals from the photodiodes are electronically processed, digitized and used to feed the 
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Tomographic image reconstruction algorithm softwarewith input data. Active matrix flat 

panel technology has been also lately introduced in a number of CT systems. [2,3] 

 

Nuclear Medicine 

(i) Anger scintillation cameras and Single Photon Emission Computed Tomography (SPECT). 

These devices are used for both planar and tomographic imaging of gamma-ray emitting 

radionuclide distributions. A collimator is placed in front of a large area single crystal 

scintillator; usually from NaI:Tl or CsI:Tl. A flat panel array of some decades of 

photomultipliers (PMTs) is used to capture the light emitted by the scintillator and to produce 

electronic signals. Normally each gamma-ray photon, if absorbed, should be represented by 

one electronic pulse. The latter, after suitable processing, is employed to determine the spatial 

position of each count in ),( yx  coordinates. In addition to the Anger camera structure, 

various other designs including multi-crystal scintillators, silicon avalanche photodiodes as 

well as CdZnTe semiconductors have been proposed and used. SPECT systems are often 

based on Anger camera detectors incorporating one, two or more such cameras rotating 

around the patient. Planar images of radionuclide distribution, obtained at various angles 

during rotation, are used as input data to a Tomographic reconstruction algorithm. Ring 

shaped detector configurations, consisting of multiple scintillator crystals or single cylindrical 

shaped-crystals coupled to photomultipliers or photodiodes, are also used in some systems.       

(ii) Positron Emission Tomography (PET). PET detectors are designed to capture annihilation 

photons. Fast and thick Scintillators coupled to PMTs, avalanche photodiodes or SiPMs, 

arranged in ring shaped structures, are used. [6]  

 

C. Linear Cascaded Systems Analysis 

Generalanalysisofimagingdetectorsperformancecanbeappliedthroughtheuseofthetheoryoflinea

rcascaded stages systemsanalysis (LCSA).cascadedstageslinearsystemstheory). Systems 

having the properties of linearity, shiftinvarianceandergodicitymay conveniently be modeled 

through this theory by decomposing the imageformation process inaseriesofstages, each one 

representing a particular physical process contributing to image formation (e.g. radiation 

absorption, conversion into secondary information carriers (light photons or electrons), 

electronic processing and amplification, display etc). Within this modeling the output (both 

signal and noise) of a previous stage is seen as the input of the next stage. Stages are 

characterized by their particular signalandnoisetransfercharacteristics and can be divided into: 
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(i) quantumgainstages, (ii) spreading or blurringstages. Depending on the statistics of 

signals, stages can be also characterized as either (a) stochasticor (b) deterministic. 

Gainstagesshowanaveragegain (gi), and an averagegainvariance (σgi
2). Blurring stages are 

characterized by a Modulation Transfer Function (Ti(u,v)). Some examples of stage modelling 

are given below:  

(i) A gainstageisexpressedbytherelation:  

1( , ) ( , )i i ix y g x y    

Where i , 1i  are functions expressing the spatial distribution of output and input signals 

(mean number of quanta) respectively at the i-th stage. For stochastic gain stages, these 

functions and the gain express averages over repeated measurements.  

(ii) A stochastic blurring stage is given as: 

1( , ) ( , ) ( , )i i s ix y x y P x y     

Where **Sdenotesa stochastic blurring process (stochasticconvolution) and Pi(x,y)is the 

corresponding Point Spread Function (PSF). The Noise Power Spectrum (NPS)- ( , )iS u v - in a 

stochastic gain stage can be written as follows:  

2 2
1 1( , ) ( , ) ( , )i i i gi iS u v g S u v u v     

For stochastic blurring stages NPS is 

  2
1 1 1( , ) ( , ) ( , )i i i i iS u v S u v T u v      

Noise has then two components: (a) the correlated noise component (incorporating MTF) and 

(b) the uncorrelated noise component (not including MTF). In case of stages following 

binomial statistical distribution (e.g. absorption or not absorption), the total output signal, the 

total gain is:   

Φι= gιΦι-1=gigi-2Φi-2=gολΦi-2 
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Whereεg1iscalledthePoissonexcessfactor. The effects of gain ( ig ) and blurring ( iT ) of image 

formation are separately shown for each stage. For stages that the product   

2

1

( ) ( )
N

N i i
i

P g T 


 is lower than unity a quantum sink is said to occur, which causes DQE 

degradation. [1,5,7, 10]. 

 

Modeling Radiation absorption and light generation in scintillator detectors 

The light emitted (output signal) by an irradiated scintillating screen may be expressed by 

either the emitted light energy fluence-   (light energy per unit of area) [7-9]: 

0

0 0
0

( ) ( ) ( ) ( , , )C

E

E E E g E dE         

where 0 ( )E  denotes the incident x-ray energy fluence spectral distribution (energy fluence 

per energy interval) at energy E  and 0E is the maximum energy of the x-ray spectrum. ( )E

isthe energy absorption efficiency (EAE), which is the fraction of incident x-ray energy 

absorbed locally at the points of x-rays interaction within the scintillator. C is the intrinsic x-

ray to light conversion efficiency expressing the fraction of absorbed x-ray energy converted 

into light energy within the screen material, g is the light transmission efficiency, which 

represents the fraction of light escaping the scintillator. Finally   and   are optical 

attenuation coefficients Theintrinsic conversion efficiency of a scintillator is:

gC Ehc  /)/( , where /hc  is the average light photon energy, gE  represents the 

average energy that must be transferred by a fast electron (e.g. a photoelectron) to create an 

electron-hole pair in the scintillator material. gE is the forbidden energy band-gap between 

valence and conduction energy bands and   is a parameter related to energy losses to lattice 

vibrations. [7-9]  
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