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Abstract
The aim of this study was to investigate how the activator type affects the performance of X-ray scintillators. To this
aim the behavior of scintillator materials was modeled under X-ray excitation conditions, similar to those used in
imaging techniques. The model describes the light emission efficiency, the spectral compatibility with optical detectors
(films, photodiodes, and photocathodes), and the imaging capabilities of a scintillating layer. Using the model equations
the role of the activator type in scintillator performance was examined. Activators affect some important properties of
materials, like the intrinsic X-ray to light conversion efficiency, the spectrum of the emitted light, and the light
attenuation coefficients. The performances of a high-efficiency material (Gd2O2S) combined with either Tb3+ or Eu3+
activators were compared. Results showed that the terbium-activated material exhibited high emission efficiency
(number of emitted photons per incident X-ray) and modulation transfer function (spatial resolution and image
contrast) while the europium activated material showed slightly better signal-to-noise ratio properties at low spatial
frequencies. Both materials were found to exhibit high spectral compatibility with currently used modern optical
detectors. In conclusion, the choice of activator may improve spectral compatibility, but care must be taken because it
may also alter emission efficiency and image quality. # 2001 Elsevier Science Ltd. All rights reserved.
Keywords: Medical scintillators; Phosphor screens; Scintillator efficiency; MTF; DQE

1. Introduction
One of the most important properties of scintillation
radiation detectors used in medical imaging systems, is
the compatibility between the scintillator’s light spectrum and the spectral sensitivity of the optical detector
(photocathodes, photodiodes, CCDs, photographicradiographic films, etc.). Poor spectral compatibility
causes a decrease in the detector’s sensitivity and image
quality. In that case, in order to obtain high-quality
results, the detector and, thus, the patient will have to be
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exposed to higher radiation doses. To improve spectral
compatibility, activators may be employed during
scintillator preparation, so that light spectra are
modified to fit the sensitivity of existing optical
detectors; Gd2O2S has been combined with Eu3+
activator in detectors using CCD arrays, and with
Tb3+ activator in radiographic cassettes using orthochromatic films (Zweig and Zweig, 1983; Arnold, 1979;
Curry et al., 1990; Gurwich, 1995; Gambaccini et al.,
1996; Yaffe and Rowlands, 1997). CsI has been used
with Tl when combined with silicon photodiodes and
with Na when coupled to photocathodes (Mistretta,
1979; Haque and Stanley, 1981; Neitzel, 1997; Spahn et
al.,1997; Yaffe and Rowlands, 1997). However, the
type of activator may seriously affect the emission
performance of the scintillator, a fact to which, to
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our knowledge, little attention has been paid. The
type of activator affects: (i) the intrinsic X-ray to
light conversion efficiency (Tanaka et al., 1976;
Alig and Bloom, 1977) and (ii) the attenuation
(absorption and scattering) of light created within the
scintillator material, by means of light wavelength shift
(Van de Hulst, 1957; Gurwich, 1975; Arnold, 1979);
light photons of shorter wavelengths are easier
attenuated. Both these factors affect the intensity
of the emitted light and the quality of the image
produced.
In this work a theoretical model using experimental
data was developed to study the role of the activator in
the imaging performance of scintillators. The study is
mainly concerned with the properties of granular
scintillators; e.g. those employed in the form of layers
containing scintillating grains. This type of detector is
used in radiographic screens, in image intensifiers, in
detectors of digital x-ray imaging systems, in portal
imaging detectors used with linear accelarators, etc.
(Arnold, 1979; Gurwich, 1995; Yaffe and Rowlands,
1997). Single-crystal scintillators, used in positron
emission tomography or in single-photon emission
computed tomography, differ from granular ones mainly
in their intrinsic light scattering properties. The results
of this work could also be interesting, however to a
lesser extent, when considering the type of detectors with
nongranular scintillators.
Scintillator performance was evaluated by the following parameters:
1. The detector optical gain (DOG), which expresses
the emission efficiency of a scintillator by means of the
number of emitted light photons per incident X-ray
photon.
2. The modulation transfer function (MTF), which
expresses image contrast and spatial resolution.
3. The detective quantum efficiency (DQE), expressing
the output signal-to-noise ratio (SNR) with respect to
the input signal-to-noise ratio.
4. The spectral matching factor, giving the compatibility between the spectrum of the emitted light and the
spectral sensitivity of the optical detector.
The model was applied to a Gd2O2S scintillator,
activated either with terbium (Tb3+) or europium
(Eu3+) activators. Gd2O2S was chosen because it is a
very efficient material characterized by: (a) high density
(7.44 g/cm3), high effective atomic number (59.5), and,
hence, high X-ray absorption efficiency in the energy
range used in diagnostic imaging (Arnold, 1979; Zweig
and Zweig, 1983; Gurwich, 1995) and (b) low semiconductor energy band gap resulting in high intrinsic Xray-to-light conversion efficiency relative to other
materials (Alig and Bloom, 1977; Gurwich, 1995;
Kandarakis et al., 1997). Tb3+ and Eu3+ activators
were considered since they are often used to produce
light spectra in the ‘‘green’’ and ‘‘red’’ regions of the

visible electromagnetic spectrum, respectively (Gurwich,
1995; Gambaccini et al., 1996; Cavouras et al., 1996;
Cavouras et al., 1998a). Green or red lights are very
useful in medical imaging, since they match very well to
the spectral sensitivity of a large variety of optical
detectors.

2. Materials and methods
In this study the following assumptions were made:
The scintillator has the form of a layer similar to the
phosphor screens used in radiologic imaging or to the
scintillating crystals of nuclear cameras.
The scintillator consists of phosphor grains embedded
within a binding material.
X-ray absorption takes place only by the photoelectric
effect.
X-rays fall perpendicularly to the detector surface.
2.1. Model description
The emission of light by an X-ray excited scintillator
may be modelled as a four-stage process expressed by
Eq. (1):
Z Emax
Z wO
 X ðEÞ
 L ðwo Þ ¼
 o ðEÞ
 X ðE; wÞ
ZQ ðE; wo Þm
F
j
F
0


gL ðs; wÞ dw dE;

0

ð1Þ

 L ðwo Þ is the emitted light photon fluence
where F
representing the scintillator’s output signal. wo is the
total coating thickness of the scintillator, often expressed
 X ðEÞ is the incident X-ray
as coating weight (mg/cm2),F
X
photon fluence averaged over the scintillator’s area, F
is considered as the input signal and describes the first
stage of the process corresponding to the X-ray
incidence, E is the energy of an X-ray photon, 
ZQ is
the average X-ray quantum detection efficiency (QDE),
0
describing the second stage of X-ray absorption, m
is the average number of light photons created within
the scintillator per X-ray photon absorbed. This number
expresses the third stage of the light emission process,
which corresponds to the conversion of X-rays into light
within the material.
The second integral in Eq. (1) expresses the transmission of light (from the point of light creation to the outer
surface) through the scintillator material. This integral
defines the light transmission efficiency corresponding to
the fourth stage of the emission process. 
gL ðs; wÞ is the
average probability of a light photon, generated at depth
w, to escape the scintillator (Swank, 1973) s is a
coefficient expressing the attenuation of light inside the
scintillator and is defined as the reciprocal of the light
diffusion length (Hamaker, 1947; Ludwig, 1971; Swank,
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 X is a function describing the relative distribu1973). j
tion of X-ray absorption events at various depths w. For
 X gives the probability that an
a given w, the value of j
absorbed X-ray photon is absorbed at depth w (Swank,
1973; Van Metter and Rabbani, 1990; Kandarakis et al.,
1999).
The first integral in Eq. (1) expresses the integration
over the spectrum of the incident X-ray beam. Emax is
the maximum energy of the spectrum. The second
integral corresponds to the integration over the depth of
X-ray penetration within the scintillator. The function

gL may be fourier-transformed and be represented in the
spatial frequency domain, as a function of spatial
frequency u (Swank, 1974; Dainty and Shaw, 1974;
Nishikawa and Yaffe, 1990). The latter describes the
frequency of periodic variation of a physical parameter
in space (e.g. number of light photons in a unit of
length). In the case of sinusoidal light variation, spatial
frequency describes the number of maxima or minima
per unit of length along an axis on the scintillator
surface. Hence u is often expressed in cycles per cm.
However, in X-ray imaging special patterns containing
interlaced lead and transparent lines (line pairs) of
varying widths, and hence of varying spatial frequencies,
are used to experimentally evaluate spatial frequency
dependent imaging parameters. Thus spatial frequency
may be also expressed in line pairs per cm (lp/cm)
(Dainty and Shaw, 1974; Curry et al., 1990, Cavouras et
al., 2000); it can be easily conceived that large objects
(few variations per unit length) in an image contribute to
the low-frequency image content while small objects
(many variations per unit length) correspond to high
frequencies. From Eq. (1), it is shown that the emitted
light fluence, may be also represented in the spatial
frequency domain as a function of spatial frequency
 L ðu; wo Þ.
F
An additional factor that must be considered in Eq.
(1) is the spectral matching factor (Giakoumakis, 1991;
Cavouras et al., 1998a). The latter describes the spectral
compatibility between the emitted light and the spectral
sensitivity of the optical detector. Using this factor,
the effective light photon fluence may be defined as
follows:
 L;eff ðu; wo Þ ¼ F
 L ðu; wo Þcl
F

ð2Þ

where cl is the spectral matching factor defined by the
equation
Z
Z
cl ¼
jL ðlÞSD ðlÞ dl=
SD ðlÞ dl;
ð3Þ
Dl

Dl

where jL ðlÞ is the normalized spectrum of the emitted
light, SD ðlÞ is the spectral sensitivity distribution
function of the optical detector. l denotes light
wavelength and Dl is the bandwidth of the emitted
light spectrum.
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 L in terms of spatial freUsing the definition of F
quency u, two parameters evaluating scintillator performance, the gain transfer function (GTF)- GP, and the
modulation transfer function (MTF)- MP, may be
defined as follows (Swank, 1973; Van Metter and
Rabbani, 1990; Van Metter, 1992; Cavouras et al.,
2000):
 L ðu; wo Þ
F
GP ðu; wo Þ ¼ 
;
FX ðEo Þ

ð4Þ

 L ðu; wo Þ
F
MP ðu; wo Þ ¼ 
;
FL ð0; wo Þ

ð5Þ

 X ðEo Þ denotes the integral of F
 X ðEÞ over the Xwhere F
ray spectrum and expresses the incident X-ray photon
fluence (input signal). Eq. (4) gives the number of
emitted light photons (NEP) per incident X-ray photon
at various spatial frequencies. Each spatial frequency
value corresponds to a certain size of the object to be
imaged, through which X-rays are transmitted before
entering the scintillator. At zero spatial frequency u=0,
GTF may be defined as the detector optical gain (DOG),
expressed as the number of emitted photons per incident
photon. This is equivalent to the luminescence emission
efficiency (Ludwig, 1971; Swank, 1973; Kandarakis et
al., 1998; Kandarakis et al., 1999), which determines the
brightness of the final image for a given level of X- ray
exposure.
Eq. (5) gives the spatial-frequency-dependent output
signal normalized to the zero-frequency signal. It
expresses the fraction of output signal corresponding
to each spatial frequency value. MTF is used to describe
image contrast and spatial resolution. MTF may also be
found by fourier transforming the point spread function
(PSF). This function describes the spread of output
light, originating from a point source within the
scintillator.
Both MTF and GTF are parameters related to the
scintillator’s output signal. However, the detection
efficiency of a scintillator and the quality of the output
image, are largely affected by the presence of quantum
noise. The latter may be expressed by the statistical
 L (Shaw and Van Metter, 1984; Yaffe and
variance in F
Rowlands, 1997; Cavouras et al., 1998b). To determine
this variance, the fractional variances of FX ; ZQ ; mo ; gL
must be calculated and added (Shaw and Van Metter,
1984; Cavouras et al., 1998b; Cavouras et al., 2000). If
the result of the calculations is fourier transformed, then
the quantum noise may be expressed in the fourier
domain, as a function of spatial frequency, by the noise
amplitude spectrum (NAS)- NP or the noise power
spectrum (NPS)- WP. NPS, which is also referred to as
Wiener spectrum, may be calculated by the following
relation (Shaw and Van Metter, 1984; Nishikawa and
Yaffe, 1990; Van Metter and Rabbani, 1990; Cavouras
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et al., 1998b; Cavouras et al., 2000):
Z Emax
 X ðEÞ
 o ðEÞ2
WP ðu; wo Þ ¼
ZQ ðE; wo Þ½m
F
0
Z w0

½
jX ðE; wÞ
gL ðu; s; wÞ2 dw dE
0
Z Emax
 X ðEÞ
 o ðEÞ
þ
ZQ ðE; wo Þm
F
Z0 wO
 X ðE; wÞ

gL ð0; s; wÞ dw dE:
j
0

tent in the final image. Additionally DQE has been
found to be the parameter of most importance for
detectors of modern digital imaging systems (Moy,
2000).
2.2. Calculations

ð6Þ

It must be noted that Eq. (6) holds only in the case
where m0 follows Poisson statistics, which is a reasonable assumption (Shaw and Van Metter, 1984; Nishikawa and Yaffe, 1990).
The overall performance of a scintillator may be
described by the signal-to-noise ratio (SNR). The latter
is often expressed by the detective quantum efficiency
(DQE)-ZD , defined as follows (Dainty and Shaw, 1974;
Shaw and Van Metter, 1984):
ZD ðu; wo Þ ¼

½SNRo ðu; wo Þ2
;
SNR2I

ð7Þ

where SNRo is the output signal-to-noise ratio and
SNRI is the input signal-to-noise ratio. Taking into
account Eqs. (1), (4), (5), the output signal-to-noise ratio
may be written as
SNR2o ðu; wo Þ ¼

 L ðu; wo Þ2
½F
½NP ðu; wo Þ

2

¼

 L ðu; wo Þ2
½F
WP ðu; wo Þ

 X ðEo Þ2
½GP ðu; wO ÞF
¼
;
WP ðu; wo Þ

 o ðEÞ ¼ ZC E=ðhc=lÞ;
m

ð8Þ

where we have considered that N2P=WP.
The input signal-to-noise ratio may be determined by
considering that the incident X-ray photons follow
Poisson statistics. The signal-to-noise ratio may be
written as the ratio of the mean value of FX over the
variance of FX (Shaw and Van Metter, 1984; Cavouras
et al., 1998b; Cavouras et al., 2000). However, in
Poisson statistics, the variance is equal to square root
of the mean value of FX . Hence, the input signal to noise
ratio may be written as
 X ðEo Þ:
SNR2 ¼ F
ð9Þ
I

Thus, the detective quantum efficiency may be written
as
 L ðu; wo Þ2
 X ðEo ÞGP ðu; wo Þ2
½F
½F
ZD ðu; wo Þ ¼ 
¼ 
FX ðEo ÞWP ðu; wo Þ
FX ðEo ÞWP ðu; wo Þ
¼

 L ð0; wo ÞMP ðu; wo Þ2
½F
 X ðEo ÞWP ðu; wo Þ :
F

 X;
 L ; GP ; MP ; WP ; ZD ,aS the functions F
To determine F
 o; j
 X; g
L ; jL ; SD describing the four stages of the

ZQ ; m
X-ray excitation and light emission process were
determined as follows:
 X was calculated using previously published
1. F
theoretical models (Tucker et al., 1991) describing the
spectral distribution of the incident X-ray photon
fluence. The maximum energy Emax of the X-ray
spectrum was set equal to 30 keV. Additionally, the
spectrum was considered to be produced by a molybdenum anode X-ray tube and filtered by an additional
0.5 cm filter of aluminum, to simulate attenuation by
human tissue (breast).
2. 
ZQ ðE; wo Þwas calculated considering exponential Xray absorption governed by the X-ray absorption
coefficient and the thickness of the scintillator. Absorption coefficients were calculated using data on Gd, O
and S from published tables (Storm and Israel, 1967).
 o ðEÞwas calculated by the equation
3. m

ð10Þ

Since DQE describes output signal in the presence of
noise, it expresses the complete imaging capability of a
scintillator and quantifies the overall information con-

ð11Þ

where, ZC is the intrinsic X-ray to light conversion
efficiency of the scintillator expressing the fraction of
absorbed X-ray energy converted into light within the
scintillator. The denominator in Eq. (11) expresses the
energy of a light photon. Values for ZC were obtained as
follows: For Gd2O2S: Tb ZC was taken from our
previous experimental studies (Kandarakis et al., 1997)
on this material where, using fitting techniques, it had
been found equal to 0.20. For Gd2O2S:Eu, ZC was taken
equal to 0.12. This value was selected by taking into
account: (a) The value ZC ¼ 0:11 given by (Alig and
Bloom, 1977) for cathodo-luminescence excitation conditions, (b) previous studies that have shown ZC to be
slightly higher under X-ray excitation than under
cathodo-luminescence conditions (De Poorter and Bril,
1975; Cavouras et al., 1996; Kandarakis et al.,1997). For
the wavelength l we have used mean values 
l,
determined from our previous measurements on
Gd2O2S:Tb spectrum and from published data on
Gd2O2S:Eu (Gambaccini et al, 1996), as follows:
Z
Z

l¼
jL ðlÞl dl=
jL ðlÞ dl;
ð12Þ
Dl

Dl

where jL ðlÞ is the spectrum of the phosphor. The values
found were 545 nm for Gd2O2S:Tb and 626 nm for
Gd2O2S:Eu.
4. For the function 
gL ðs; wÞ we have used the solution
of a photon diffusion differential equation (Swank,
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1973), in the presence of a light scattering medium (see
the appendix).
The value of the light attenuation coefficient s for
Gd2O2S: Tb, was taken from previous studies where,
using fitting techniques to experimental data (Press et
al., 1990), it was found equal to 30 cm2/g. For
Gd2O2S:Eu the value of s was estimated by considering
the following: (a) light attenuation is mainly due to
scattering because of the granular form of the scintillator, (b) the size distribution of the grains in the two
scintillators is the same which, according to the data
sheets of a phosphor powder manufacturer (Lumilux,
Riedel de Haen, Germany), has an average value of
7 mm, (c) It has been previously theoretically shown
(Lindström and Carlsson, 1999) that the calculated
scintillator efficiency remains practically unaltered if we
consider that it consists of identical grains of size equal
to the average size of the real scintillator grains, and (d)
since the average size of the grains is larger than light
wavelength, the scattering coefficient is approximately
proportional to lÿ2 (Van de Hulst, 1957). Thus s was set
equal to 23 cm2/g.
 X ðE; wÞ was expressed by the
5. The function j
equation
mðEÞexp½ÿmðEÞw dw
 X ðE; wÞ ¼ R w0
j
;
0 mðEÞ exp½ÿmðEÞw dw

ð13Þ

where mðEÞis the X-ray absorption coefficient calculated
as described above for the detection efficiency 
ZQ . The
numerator in Eq. (13) gives the probability of X-ray
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photon absorption at depth w. The denominator is equal
to the total probability of absorption in a scintillator of
thickness w0.
6. The spectral matching factor cS was calculated
using scintillators’ emission spectra and data on spectral
sensitivity of optical detectors from manufacturers’ data.

3. Results and discussion
Fig. 1 shows the zero-frequency gain transfer function
GP ð0; wÞ of Gd2O2S:Tb and Gd2O2S:Tb scintillators,
determined for five coating weight values, ranging from
20 to 45 mg/cm2. This range of coating weights
corresponds to the phosphor screen thicknesses often
used in X-ray mammography. The maximum energy of
the X-ray spectrum was 30 keV, which corresponds to a
voltage often employed in mammography. Two curves
are presented for each phosphor, one corresponding to
the light emitted by the scintillator surface receiving the
X-ray beam (reflection mode), and one corresponding to
the light emitted by the non-irradiated side of the screen
(transmission mode). Reflection mode simulates light
emission from the rear side of a conventional radiographic cassette or from mammographic cassettes, while
transmission mode simulates all other types of imaging
radiation detectors (front screen of radiographic cassettes, image intensifier input screens, computed tomography detectors, gamma camera, etc.). As it is observed
the gain is higher in reflection mode. This difference

Fig. 1. Variation of the zero-frequency gain transfer function (emitted light photons/incident X-ray photon) of Gd2O2S:Tb and
Gd2O2S:Eu scintillators, with increasing coating weight, determined in transmission and reflection mode at 30 kVp (approximately
18 keV average X-ray energy).
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between the two modes is due to the exponential
variation of the X-ray absorption and light transmission
with scintillator thickness, and is explained as follows: (i)
 X , describing the distribution of absorbed
function j
photons in Eq. (1), decreases with increasing X-ray
 X takes higher values
penetration depth w and, hence, j
close to the irradiated surface. (ii) 
gL ðs; wÞ, describing
the probability of light photon escape, decreases with
screen thickness and, thus, it attains higher values for
those light photons generated at depth w and directed
towards the irradiated surface, since they travel shorter
distances to escape relative to those photons traveling in
the opposite direction. It can be also observed from Fig.
1 that the gain transfer function increases with increasing coating weight in both modes. This results from the
exponential increase of the X-ray quantum detection
efficiency, 
ZQ ðE; wo Þ, with increasing total scintillator
thickness. Fig. 1 also shows the variation of the
transmission mode GTFðu ¼ 0Þ with coating weight
for both Gd2O2S:Tb and Gd2O2S:Eu. The terbiumactivated scintillator was found to exhibit approximately
30% higher light emission performance than the
europium activated one. This may be explained as
follows: both materials have equal X-ray absorption
 X functions
coefficients and hence the respective 
ZQ and j
are identical. The value of the light attenuation
coefficient s is lower for Gd2O2S:Eu, giving higher
values for the function 
gL . However, the superior
emission efficiency of Gd2O2S:Tb is due to its significantly higher intrinsic conversion efficiency ZC (0.20
instead of 0.12 for Gd2O2S:Eu).
Figs. 2–4 show the results obtained for the modulation transfer function MP ðu; wo Þ of the scintillators. In

Fig. 2 MTF curves corresponding to various coating
weights are presented displaying the decrease of MTF
with increasing scintillator thickness. This is in contrast
to the behavior of GTF(0) with increasing thickness,
indicating that a compromise between image brightness
and image quality should be made in practical applications.
Fig. 3 compares transmission and reflection mode
MTFs. The higher values obtained in reflection mode
may be explained in a similar way as in the case of
GTF(0). Physically, this means that more X-ray photons
are absorbed at depths closer to the irradiated surface.
Hence, light photons created at the same depth have to
penetrate shorter distances when directed towards the
irradiated side. This is equivalent to what is intuitively
accepted for the point spread function of thin phosphor
screens. In thin screens, light spread is restricted within a
limited scintillator area. This corresponds to narrow
PSF curves which, after fourier transforming result in
high MTF curves.
Fig. 4 shows a comparison between the MTFs of
Gd2O2S:Tb and Gd2O2S:Eu for scintillator layers of
35 mg/cm2. Since the intrinsic conversion efficiency, 
ZC ,
appears in both the numerator and denominator in Eq.
(5), the principal factor determining the slight MTF
difference between both materials is the optical attenuation coefficient s. This may be physically explained by
considering that if the light attenuation coefficient is
higher, as in the case of Gd2O2S:Tb, the laterally
directed light photons, which travel longer distances to
arrive at the scintillator surface, are highly attenuated.
Thus, light spread at the output surface is limited within
a small area. This reduces the width of the point spread

Fig. 2. Modulation transfer function of Gd2O2S:Eu scintillator for various coating weights, determined in transmission mode.
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Fig. 3. Modulation transfer function of the 35 mg/cm2 Gd2O2S:Tb scintillator layer in reflection and transmission mode.

Fig. 4. Comparison of the modulation transfer functions of Gd2O2S:Tb and Gd2O2S:Eu scintillators determined in transmission
mode.

function resulting, after fourier transform, in higher
MTF values for Gd2O2S:Tb.
Figs. 5 and 6 show results obtained for the spatialfrequency-dependent DQE. All data shown correspond
to transmission mode since the differences between both
modes were found insignificant. Fig. 5 is a plot of DQE
for various coating weights. At the low spatial frequency

range, DQE increases with coating weight showing a
variation similar to that of GTF(0). This is in
accordance with the definition of DQE in Eq. (10).
However, the thicker the scintillator layer the higher the
rate of DQE decreases with spatial frequency. Thus, at
high frequencies thin layers exhibit higher DQE than
thick layers. This type of variation is due to a
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Fig. 5. Detective quantum efficiency of Gd2O2S:Tb scintillator for various coating weights, determined in transmission mode.

Fig. 6. Comparison of the detective quantum efficiencies of Gd2O2S:Tb and Gd2O2S:Eu scintillators, determined in transmission
mode.

corresponding variation in MTF (see Eq. (10)), which
increases with decreasing coating weight.
A comparison between the DQEs of Gd2O2S:Tb and
Gd2O2S:Eu is shown in Fig. 6. The two curves are very
close. The DQE of Gd2O2S: Eu slightly exceeds the
DQE of Gd2O2S: Tb at the low-frequency range. DQE is
not significantly affected by the intrinsic conversion
efficiency ZC , since this parameter appears in both
numerator and denominator of Eq. (10). Thus, differ-

ences between both materials are mainly due to the
different values of the light attenuation coefficient s.
Low values of s increase the zero-frequency signal
 L ð0; wÞ and, hence, SNR and DQE are affected in a
F
similar way. This may explain the slight superiority
of Gd2O2S:Eu (s ¼ 23 cm2/g) over Gd2O2S:Tb
ðs ¼ 30 cm2/g) in the low-frequency range. As frequency
increases, the role of MTF, which increases with s,
becomes more evident. This has a slight effect on the
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Table 1
Spectral matching factors
Scintillator

c- Si photodiode

a-Si photodiode

S 20 Photocathode

Film

Gd2O2S: Tb
Gd2O2S: Eu

0.54
0.68

0.92
0.77

0.78
0.59

0.69a
0.91b

a
b

Orthochromatic film.
Film sensitive to red light.

DQE of Gd2O2S:Tb and, thus, both curves coincide for
frequencies higher than 40 lp/cm. Since DQE is an
important parameter expressing the overall performance
of a scintillator, both materials, although different in
GTF(0), may be considered of equivalent imaging
capabilities.
All results presented in this study concerning MTF
and DQE, are within the limits of or, in some cases,
higher to published experimental data obtained on
commercial X-ray imaging detectors (Bunch et al.,
1987; Nishikawa and Yaffe, 1988, 1990; Van Metter
and Rabbani, 1990; Beutel and Kitts, 1996; Williams
et al., 1999; Vedantham et al., 2000; Moy, 2000).
Discrepancies between published experimental data
and our results may be mainly attributed to the fact
that most of these data refer to integrated detector
systems (e.g. scintillators coupled to optical detectors
like films or photodiodes, etc.) and not to single
scintillator layers. Additionally discrepancies may also
be attributed to differences in intrinsic material properties (e.g. grain size, chemical processing with special light
absorbing dyes, higher or lower light reflectivities due to
different binding materials, etc.).
Table 1 shows the calculated values of the spectral
matching factor for combinations of Gd2O2S:Tb and
Gd2O2S:Eu with four optical detectors, namely: (a)
crystalline silicon (c-Si), used in photodiodes or CCD
arrays of computed tomography or digital radiography
detectors, (b) amorphous silicon (a-Si), used in detectors
of flat panel digital radiography systems and in some
computed tomography detectors (Haque and Stanley,
1981; Neitzel, 1997; Spahn et al., 1997), (c) extended
sensitivity S20 photocathode (E/S 20), used in image
intensifiers of conventional or digital fluoroscopy and in
photo-multipliers in nuclear medicine gamma cameras,
and (d) radiographic films of ‘green’ or ‘red’ sensitivity,
used in conventional radiographic cassettes (Arnold,
1979; Curry et al., 1990). As it is observed, Gd2O2S:Eu
shows higher spectral compatibility with c-Si than
Gd2O2S:Tb and with Agfa Scopix LT2B film than
Gd2O2S:Tb with the corresponding Agfa Curix ortho
GS orthochromatic film. On the other hand Gd2O2S: Tb
is better with a-Si. This is very interesting, since a-Si is
employed in some very modern imaging applications. Of
course Gd2O2S: Tb is very well matched to the Agfa
Curix ortho GS film, currently employed in conven-

tional radiography. Hence, both materials may be used
in various modern imaging modalities depending on
the spectral sensitivity of the corresponding optical
detector.

4. Summary and conclusion
A model describing the performance of scintillator
materials for use in radiation detectors of imaging
systems was described. The model predicts the gain
transfer function, the modulation transfer function, the
detective quantum efficiency and the spectral compatibility with optical detectors. Using this model, the role
of the activator type in the overall scintillator performance was examined by comparing Gd2O2S:Tb and
Gd2O2S:Eu scintillators. The different activator modifies
the intinsic X-ray to light conversion efficiency, the light
emission spectrum and the optical attenuation coefficient. These modifications have the following consequences on scintillator performance: The terbiumactivated material was found to exhibit better output
gain (emitted photons per incident X-ray) and modulation transfer function while the europium-activated
scintillator was found with slightly higher detective
quantum efficiency at low spatial frequencies. Both
materials were found with satisfactory spectral compatibility with modern optical detectors sensitive to red or
green light. Thus, the choice of activator may improve
spectral compatibility with a specific type of optical
detector, but it may also significantly influence emission
efficiency and image quality.
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Appendix
The function 
gL ðu; wÞ has been defined as a solution to
a photon diffusion differential equation (Swank, 1973),
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which describes the propagation of light through light
scattering media, and it is given as follows:

gL ðu; wÞ ¼

r1 ½ðb þ r0 Þesw þ ðb ÿ r0 Þeÿsw 
;
ðb þ r0 Þðb þ r1 Þesw0 ÿ ðb ÿ r0 Þðb ÿ r1 Þeÿsw0
ðA:1Þ

where s is the light attenuation coefficient of the
scintillator, which is equal to the reciprocal of the light
photon diffusion length (Hamaker, 1947; Ludwig, 1971;
Swank, 1973) and it is given as a function of the optical
scattering coefficient, s, and the optical absorption
coefficient, a,:
s ¼ ½aða þ 2sÞ1=2 :

ðA:2Þ

In the spatial frequency domain, s is written as (Swank,
1973):s ¼ s20 þ 4pu2 where s0 is the zero-frequency light
attenuation coefficient.
r0 ; r1 are optical parameters expressing the reflection
of light at the front and back scintillator surfaces defined
as
rn ¼ ð1 ÿ rn Þ=ð1 þ rn Þ;

n¼ 0; 1;

ðA:3Þ

where rn denotes the optical reflection coefficients at the
front (0) and back (1) screen surfaces.
b is an optical parameter which is equal to r,
corresponding to the case of a very thick scintillator
with no light transmission.b has been also expressed as a
function of a and s (Ludwig, 1971):
b ¼ ½a=ða þ 2sÞ1=2 :

ðA:4Þ

Previous measurements (Cavouras et al., 1996; Kandarakis et al., 1997; Kandarakis et al., 1999) have shown
that b and rn had the same value for a large number of
scintillating materials: b ¼ 0:03; r0 ¼ 0:91; r1 ¼ 0:87.
These values were also used for both materials in this
study. Eq. (A.1) corresponds to transmission mode. To
describe reflection mode emission w, in Eq. (A.1) should
be simply replaced by w0–w.
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