Available online at www.sciencedirect.com NUCLEAR

. INSTRUMENTS
sc-sncs@omscf & METHODS

IN PHYSICS

—_— — RESEARCH
ELSEVIER Nuclear Instruments and Methods in Physics Research A 538 (2005) 615-630 Sectiond
www.elsevier.com/locate/nima

On the response of Y;3Als0;,: Ce (YAG: Ce) powder
scintillating screens to medical imaging X-rays

I. Kandarakis®*, D. Cavouras®, I. Sianoudis®, D. Nikolopoulos™®,
A. Episkopakis®, D. Linardatos®, D. Margetis®, E. Nirgianaki®, M. Roussou®,
P. Melissaropoulos?, N. Kalivas®, I. Kalatzis?, K. Kourkoutas®,
N. Dimitropoulos®, A. Louizi®, C. Nomicos', G. Panayiotakis®

“Department of Medical Instruments Technology, Technological Educational Institution of Athens, Agion Spyridonos Street,
Egaleo, Aigaleo, 122 10 Athens, Greece
®Department of Physics, Chemistry and Materials Technology, Technological Educational Institution of Athens, 122 10 Athens, Greece
CLaboratory of Medical Physics, University of Athens, Greece
dLaboratory of Medical Physics, University of Patras, Greece
®Department of Medical Imaging, “‘Euromedica” Medical Center, 2 Mesogeion Ave., Athens, Greece
TDepartment of Electronics, Technological Educational Institution of Athens, 122 10 Athens, Greece

Received 28 January 2004; received in revised form 27 July 2004; accepted 6 August 2004
Available online 16 September 2004

Abstract

The aim of this study was to examine Y3Als01,:Ce (also known as YAG:Ce) powder scintillator under X-ray imaging
conditions. This material shows a very fast scintillation decay time and it has never been used in X-ray medical imaging.
In the present study various scintillator layers (screens) with coating thickness ranging from 13 to 166 mg/cm? were
prepared in our laboratory by sedimentation of Y3Als0,,: Ce powder. Optical emission spectra and light emission
efficiency (spectrum area over X-ray exposure) of the layers were measured under X-ray excitation using X-ray tube
voltages (80-120 kVp) often employed in general medical radiography and fluoroscopy. Spectral compatibility with
various optical photon detectors (photodiodes, photocathodes, charge coupled devices, films) and intrinsic conversion
efficiency values were determined using emission spectrum data. In addition, parameters related to X-ray detection,
energy absorption efficiency and K-fluorescence characteristic emission were calculated. A theoretical model describing
radiation and light transfer through scattering media was used to fit experimental data. Intrinsic conversion efficiency
(nc ~ 0.03—0.05) and light attenuation coefficients (¢ ~ 26.5 cm?/g) were derived through this fitting. Y3Als0,,:Ce
showed peak emission in the wavelength range 530-550 nm. The light emission efficiency was found to be maximum for
the 107 mg/ecm? layer. Due to its “green” emission spectrum, Y3Als0;,:Ce showed excellent compatibility (of the order
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of 0.9) with the sensitivity of many currently used photodetectors. Taking into account its very fast response
Y3Al50,,:Ce could be considered for application in X-ray imaging especially in various digital detectors.

© 2004 Published by Elsevier B.V.
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1. Introduction

Scintillators or phosphors are used as radiation
to light converters in radiation detectors of a large
variety of medical imaging applications (from
conventional and digital X-ray radiography and
X-ray computed tomography to positron tomo-
graphy and portal imaging). Most radiation
detectors consist of a scintillator/phosphor layer
coupled to an optical detector (photographic
emulsion film, photocathode, photodiode, etc.)
[1-5]. Among the principal criteria to take into
account in evaluating scintillators for X-ray
medical imaging applications are: the X-ray
quantum detection and absorption efficiency, the
emission of K-characteristic radiation, the intrinsic
radiation to light conversion efficiency, the light
emission efficiency, the spectrum of the emitted
light and the spectral compatibility to optical
detectors incorporated in medical imaging detec-
tors.

The aim of the present study was to investigate
the response of Y3Als0,:Ce (also known as
YAG:Ce) scintillator to X-rays employed in
medical imaging. To follow the requirements of
projection X-ray imaging (radiography, fluoro-
scopy) Y3Als01,:Ce was employed as powder
(often referred to as P-46 phosphor) in the form
of granular phosphor screens prepared in our
laboratory. Ce*" ion-doped scintillators are very
attractive for medical imaging applications due to
their very fast response. This has been attributed
to the energy level scheme of the Ce®" ion
including a 4f'ground state configuration, contain-
ing one electron, and a5d' excited state configura-
tion split into five levels due to electric crystal field
effects [6-8]. After excitation an allowed 5d — 4f
radiative transition occurs, which is a mechanism
for fast scintillation decay [6-9]. In addition

Y3Al50;,:Ce exhibits a bright light emission
peaking in the green spectral region, attributed to
strong crystal-field effects [6,10]. This property is
of particular interest for X-ray imaging, since in
modern digital and conventional X-ray imaging
detectors, scintillators are often coupled to optical
photon detectors (e.g., amorphous silicon photo-
diodes, ortho-chromatic films) exhibiting high
sensitivity to green light. Some additional intrinsic
properties of Y3Als0,,: Ce scintillator that may be
of interest for medical imaging applications are as
follows: (1) its volume density (p=4.15g/cm?),
which is comparable to that of other scintillators
already in use (e.g., CsI, Nal, Y,0,S, La,O,S,
etc.), (2) its effective atomic number (Z.;=23.8)
and its radiation detection index pZy;
(pZ% = 1.33 x 10%), which are rather low as
compared to those of the aforementioned scintil-
lators, (3) its energy band gap (Eg=7.01¢V)
between the valence and the conduction bands,
which determines the energy required to create
electron—hole pairs and affects the intrinsic con-
version efficiency of the phosphor material
[1,4-7,11], (4) its K-fluorescence yield (wx =0.67)
[12], determining the probability of K-character-
istic fluorescence X-ray production. This radiation
may either escape the scintillator, thus reducing
the absorbed radiation energy, or it may be
reabsorbed in scintillator and cause image blur-
ring, (5) its refractive index (1.83) affecting the
intrinsic optical properties of the scintillator [13] as
well as the fraction of light collected by the optical
detector.

In this study, the optical emission spectrum and
the light emission efficiency (LE) of the
Y3Al50,5:Ce powder scintillator were determined
under conditions used in X-ray imaging (medical
radiography and fluoroscopy). Measurements
were performed in a medical radiography unit



1. Kandarakis et al. | Nuclear Instruments and Methods in Physics Research A 538 (2005) 615-630 617

emitting polychromatic X-rays from a tungsten
target tube. X-ray tube voltage varied between 40
and 140kVp. Scintillator layers with coating
thickness from 16 to 166mg/cm? covering
most X-ray imaging applications, were prepared.
In addition the optical spectra were employed
to calculate the spectral compatibility of
Y3Al50,5:Ce with the spectral sensitivity of
various optical photon detectors used in X-ray
imaging systems. In addition data concerning: the
quantum detection efficiency (QDE), the energy
absorption efficiency (EAE), the total absorption
efficiency (TAE), the probability of K-character-
istic radiation emission and re-absorption, the
intrinsic X-ray to light conversion efficiency
(absorbed X-ray energy converted into light within
scintillator) and the intrinsic quantum conversion
gain (number of light photons generated within
scintillator per absorbed X-ray) were calculated.
Y3Al501,:Ce, in single-crystal or in ceramic
form, has been previously studied using X-rays,
v-rays, cathode-rays and a-particles for various
non-medical radiation detection applications [14].
High light yields (14000-17500 photons/MeV)
have been reported when Y3Als04,:Ce is excited
by y-rays or other forms of ionizing radiation [15].
Powder Y;Als0,,:Ce has also been evaluated in
the form of granular screens under UV and low
energy (22-50kV) X-ray excitation for non-med-
ical applications, e.g., in detectors in fusion devices
[16]. It has also been used for phosphor conversion
of light-emitting diodes and in single-crystal TV
screens for electron microscopes [17]. To our
knowledge the Y3Als0;,:Ce powder scintillator
has not been previously studied for X-ray medical
imaging applications (i.e., under poly energetic X-
rays excitation employed in X-ray medical radio-
graphy, fluoroscopy and computed tomography).

2. Materials and methods

2.1. Theory and definitions

2.1.1. Optical emission spectrum and light emission
efficiency

In the present study, we have performed optical
emission spectrum measurements under X-ray

excitation. Based on these data the light
emission efficiency was determined by the follow-
ing relation:

0= ( / o V)cu)x-1 (1)

where {; (A, V) is the spectral distribution of the
emitted light energy fluence (optical emission
spectrum), X is the X-ray exposure associated
with the incident X-ray beam, A denotes light
wavelength, 7 is the X-ray tube voltage. The
integral in relation (1) is evaluated over the
emission spectrum wavelength range and expresses
spectrum area and hence the total emitted light
intensity.

Light emission efficiency was also theoretically
evaluated in terms of intrinsic scintillator proper-
ties by the Hamaker—Ludwig theoretical model
[18] (see appendix for details)

Mg = /‘po(E)”lg(E)ch).(Ua B, pn)
X dE//l//O(E)dE 2)

where 7¢ is the intrinsic conversion efficiency, 7, is
the X-ray energy absorption efficiency and
g:(0,p.p,) 1s a function describing the light
transmission efficiency (LTE) of the scintillator.
LTE expresses the light attenuation effects (scat-
tering and absorption), within a granular scintil-
lator layer [18,19]. ¢ is the reciprocal light
diffusion length [19]. f is an optical parameter
related to the reflectivity of a scintillator layer of
infinite thickness [18]. Both ¢ and f are optical
attenuation coefficients related to the light scatter-
ing (s) and to the light absorption coefficient ()
(see appendix). p, is the light reflectivity at
scintillator surfaces [18]. In relation (2), #,; is
averaged over the spectrum Yo(E) of incident X-
ray energy fluence. The X-ray spectrum was
determined following the TASMIP model [20,21].
For mono-energetic radiation, relation (2) is
simplified to the product, 1,=#, nc g;.

¢ and f have been shown to be of importance
for X-ray imaging detectors, since they express
light spread effects within granular scintillators.
These effects degrade image quality, e.g., spatial
resolution and signal-to-noise (S/N) ratio. To
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provide an estimation of image quality, a pre-
viously developed theoretical model [22], taking
into account the value of ¢, was used to predict
image quality parameters, namely: (i) the modula-
tion transfer function (MTF), expressing image
contrast and spatial resolution and (i) the
detective quantum efficiency (DQE), expressing
image S/N ratio transfer efficiency [22-25].

2.1.2. Radiation detection

The efficiency of a scintillator to detect photons
is described by the quantum detection efficiency
(QDE). QDE is the fraction of incident photons
interacting with the scintillator [20]. For poly
energetic X-rays the QDE of a scintillator layer of
coating thickness w is written as

OEO d)O(E)(l — e*(ﬂtot_x(E)/p)W)dE
OEO ¢o(E)YAE '

(nge = 3)
¢o(E) is the X-ray photon fluence (photons per
unit of area) incident on the scintillator. The
spectrum of ¢o(E) may be given in terms of the
X-ray energy fluence spectrum (o= ¢oE [19,20].
ot (E)/p) 1s the X-ray total mass attenuation
coefficient of the scintillator [26,27]. X-ray imaging
detectors are energy integrating systems, i.e., their
output signal is proportional to the X-ray energy
absorbed within the scintillator. Hence, when
evaluating X-ray imaging systems, the calculation
of the energy absorption efficiency (EAE) is also of
importance [20]. EAE may be calculated by the
relation
. (f?o Vo(E)AE (Mml,cn((;))(] _ 67(“"“«’(E)/p)“:)dE

Heot,r

Yo (E)E

’73>E -

4)

Yo is the incident X-ray energy fluence and pioren
is the total mass energy absorption coefficient of
the scintillator. fiyoqen includes all mechanisms of
energy deposition locally at the point of X-ray
interaction within the scintillator’s mass. All
secondary photons, e.g., K-characteristic fluores-
cence X-rays, created just after the primary
interaction effect, are assumed to be lost
[12,26-28]. Thus EAE, being a measure of the
locally absorbed energy, represents more accu-

rately the efficiency of a detector to capture the
useful X-ray imaging signal (i.e., the spatial
distribution of primary X-ray absorption events).
Attenuation and absorption coefficients were
calculated using tabulated data [12,26].

2.1.3. Generation of K-fluorescence characteristic
radiation

When the incident X-ray photon energy just
exceeds the energy of the K-shell for photoelectric
absorption, radiation absorption increases sud-
denly. However, a fraction of the absorbed X-ray
energy may be re-remitted in the form of K-
fluorescence characteristic X-rays. K-fluorescence
photons may either be re-absorbed, away from the
point of primary interaction, or escape the
scintillator. Since X-ray imaging detectors must
precisely register the spatial distribution of the
highest possible amount of incident radiation
energy, both re-absorption and escape of K-
fluorescence photons degrade detector perfor-
mance and image quality. The effects of K-
fluorescence radiation may be important in the
energy range employed in X-ray imaging.

To examine the K-fluorescence effect on detec-
tor performance the scintillator was assumed to be
divided into a large number (/) of elementary thin
layers of thickness Aw. The probability, p}y, of
generating a K-fluorescence photon in the ith layer
of the scintillator, after the incidence of a radiation
photon of energy E, may be written as follows
[29,30]:

w:lup(Z, E)/p] .
WwaKlyﬂq(E’ A4 W,‘).

®)

The index y stands either for a K, or a Kg X-ray
fluorescent photon. w. is the fractional weight of
yttrium, the highest atomic number (Z) element in
the scintillator, exhibiting higher probability for
photoelectric interaction. [up(Z,E)/p] is the total
mass photoelectric X-ray attenuation coefficient of
yttrium at energy E. [ut(E)/p] is the total X-ray
mass attenuation coefficient of the scintillator
material (Y3AlsO: Ce) at energy E. fx is a
factor expressing the relative contribution of the
K-shell photoelectric cross section (1) to the total

p;‘y(E’ EY) =
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photoelectric effect cross section 7 (fx =11 /7). Wk
is the K-fluorescence yield of yttrium, being the
ratio of the averaged number of K-fluorescence
X-rays produced over the number of vacancies
created in the K-shell (i.e., excluding the prob-
ability of Auger electron production). I, is the
relative frequency of either K, or K fluorescence
X-ray photon production [27]. The ratio contain-
ing the photon interaction coefficients and the
fractional weight, in Eq. (5), expresses the prob-
ability for photoelectric interaction in yttrium. If
this is multiplied by parameters wg, fx and I, then
the probability of K-fluorescence photon produc-
tion per absorbed primary X-ray is obtained.
n,(E, Aw;) represents the attenuation of incident
radiation within the ith layer (see appendix for
details). Then the probability, Py of generating a
K-characteristic fluorescence photon within the
whole scintillator per incident primary X-ray
photon, may be calculated by the sum

I
Pi(EyE) = pin(E. Ey). (6)
i=1

The probability of a K-fluorescence X-ray
photon, generated at the ith scintillator layer,
emitted within a solid-angle element A4€;, and
interacting at another layer within the scintillator,
e.g., the eth layer (see Ref. [30] for detailed
explanation), may be written as

. 49,
Pif s AQ) = 0By, Ave) @

where n,(Ey, Aw.—;) expresses the interaction of
K-fluorescence photons, emitted from the ith layer
within the eth layer (see appendix).

The probability of generation and re-absorption
of a K-characteristic fluorescence photon, within
the whole scintillator, is obtained after summation
over all the elementary thin layers i and e and over
the solid angle elements j, as follows

I I J
Py AEE) = pr(E.E)> > piAE,. AQ).
=1 e=1 j=I
®)
To simulate medical X-ray imaging conditions,
where poly energetic X-ray beams are used,
relations (6) and (8) were averaged over the

X-ray spectrum.

LFE = / Do(E)'y p(E)AE/ / bo(E)AE.  (9)

X-ray spectrum was expressed in terms of
quantum fluence since p r is defined as prob-
ability per incident photon.

2.1.4. Intrinsic conversion efficiency

The intrinsic conversion efficiency nc (fraction
of absorbed radiation energy that is converted into
light within the scintillator mass) [17] has been
expressed as follows [6,11]:

ne = (h/ByEc)SQO (10)

where h@ is the average energy of emitted light
photons. ByoEg 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. Eg is the forbidden
energy band gap between the valence and the
conduction energy bands of the scintillator mate-
rial [6,11,31]. Py is a parameter related to energy
losses to lattice vibrations. For Y;AlsO;, scintil-
lator, fy=5.6 [5,10]. S is the electron—hole pair
energy transfer efficiency expressing the fraction of
electron—hole pair energy transferred to the
luminescent centre (LC). Q is the quantum
efficiency of LC, expressing the fraction of S
absorbed at LC.

The intrinsic conversion efficiency corresponds
to a number my of light photons generated per X-
ray detected within scintillator’s mass. This num-
ber may be defined as the intrinsic quantum
conversion gain of the scintillator and may be
calculated by the relation

my = (ncE/hw) = (E/ByEc)SQ. (11)
E denoting the energy of an X-ray quantum. For

polychromatic X-ray beams m, must be averaged
over the detected X-ray spectrum.

o) = [ duEmEm(E)
x4/ [ gyEm (E)E. (12)
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2.1.5. Spectral compatibility to optical detectors

The suitability of a scintillator—optical detector
combination is estimated by the spectral compat-
ibility between the optical emission spectrum (1)
of the scintillator and the spectral sensitivity
Sop(4) of the optical detector. This compatibility
is expressed by the spectral matching factor (cj)
defined as follows

¢ = / Un(DSnon (D) di/ / Sxop(di (13)

where Yy and Syop are the normalised scintillator
emission spectrum and the normalised optical
detector spectral sensitivity given as follows

lﬁN()”) = ‘p(;b)/l//mdx SNOD(A) = SOD(;°)/SODmax

Pmax and Sop max are the peak values of (1) and
Sop(4)-

2.2. Measurements and calculations

The scintillator material, employed in this study,
was in phosphor powder form supplied by
Phosphor Technology Ltd. (code: QMKS58/N-
Cl). The density of this material was 4.15g/ml
and the particle size distribution had a mean value
of 6.6 um. The material was used in the form of
layers (scintillating screens) prepared in our
laboratory by sedimentation of the phosphor
powder on fused silica substrates (spectrosil B).
Na,SiO3 was used as binding material between the
powder particles. The coating thickness of the
layers were 12.6, 33, 42, 62.97, 107.44 and
166.47 mg/cm?. The layers were irradiated using a
Philips Optimus medical X-ray radiography unit.
Various X-ray tube voltages were employed,
ranging from 40 to 140kVp. During X-ray
excitation, the scintillator optical emission spec-
trum was measured by Ocean Optics S2000 grating
spectrometer incorporating a CCD sensor (Ocean
Optics Inc). Scintillator’s light was transferred to
the sensor through an optical fibre (Avantes FCB-
UV 400-2). This spectrometer was calibrated using
a series of prototype LED light sources (Kingb-
right Co.) ranging from 400nm to 640nm. The
incident X-ray exposure was measured with a
Radcal 2026C ionisation chamber-based dosimeter
(chamber code: 20 x 6-3). X-ray energy and X-ray

photon fluence, o and ¢y, respectively, were
determined from exposure (X) measurements using
the appropriate conversion factor (Yo=[X/(ten/
Paicle/ Wair and ¢o=yo/E) [32].

Light emission efficiency experimental data were
fitted by the Hamaker—Ludwig model equation
(relation (2)). Fitting was performed employing
the Trust—Region fitting algorithm incorporated in
the non-linear fitting toolbox of Matlab_v6.5
[MathWorks_Inc, MA, USA]. Parameters 5c, o
and f were allowed to vary within suitably selected
intervals (see results and discussion section). To
provide an estimation of the imaging performance
of Y3Al50,,:Ce screens, the final values of #¢, ¢
and f were used as input data to a theoretical
model [19,24], which was employed to calculate
MTF and DQE (see appendix).

QDE and EAE, were calculated using corre-
sponding formulas (3) and (4). The intrinsic
conversion gain, the intrinsic conversion efficiency
and the spectral matching factor were determined
according to formulas (10)—(13) using measured
emission spectrum data. Spectral sensitivity curves
corresponding to various well-known optical
photon detectors used with medical imaging
systems were employed in formula (13) for
matching factor determination.

3. Results and discussion

The optical emission spectra measured at
100 kVp for various scintillator coating thicknesses
are presented in Fig. 1. Spectra measured at lower
or higher X-ray tube voltages were of similar shape
but of different intensity. Depending on scintilla-
tor thickness and on X-ray tube voltage, maximum
spectral values were found within the spectral
range from 532 to 555 nm.Each spectrum covered
a wide spectral range from approximately 480 nm
to about 700nm, i.e., extending from the blue-
green into the orange-red spectral region. These
spectra are similar or close to those obtained in
previous studies [15,16] using different types of
exciting radiation (gamma rays, UV, etc.).
Y;Al50,,:Ce emission spectra depict the Ce®”"
ion characteristic emission within the particular
Y;Al50, host lattice, which, due to crystal field
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Fig. 1. Optical emission spectra of Y3Als0,:Ce measured at
100 kVp for various scintillator coating thicknesses.

effects, removes the spectrum towards the green
region [6,9-11,15,33]. As shown in Fig. 1, the
emission spectrum area, expressing emitted light
intensity, increases with increasing scintillator
thickness up to the 107mg/cm® layer. The
166 mg/cm? layer spectrum had lower intensity
than both the 107 and 63 mg/cm? layers. Differ-
ences in spectral area, as well as some slight
differences in shape, among the spectra of the
layers could be discussed on the basis of (i)
increased X-ray absorption in thick layers, result-
ing in increased light generation within the
scintillator’s mass and (ii) filtering effects and
spectrum shape distortion caused by the significant
light scattering and light absorption phenomena
within the granular structure of powder scintillator
layers. These effects are more important in thick
scintillators. This may explain the relatively
decreased emission of the 166mg/cm” layer.
Another aspect to observe in Fig. 1 is the slight
spectrum peak shift towards longer wavelengths as
layer thickness increases. This may be clearly seen
if the 166 mg/cm? layer spectrum is compared to
that of the 63 mg/cm?® layer. Such spectral altera-
tions could be attributed to the inverse wavelength
dependence of light scattering and absorption
effects, which may be responsible for the relative
attenuation of the low wavelength portion in the
166 mg/cm? layer spectrum.

Fig. 2 shows the variation of experimental and
theoretical LE with scintillator coating thickness
determined at 100kVp. Experimental LE data,
plotted as points in the diagram, were determined

.
—1 | N
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3
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/ fitted curve

=
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/

[
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units-EU), 100kVp, Y,Al;0,,:Ce
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Fig. 2. Variation of experimental and theoretical light emission
efficiency with scintillator coating thickness determined at
100k Vp. Efficiency units: pW x m’z/(mR x s71).

according to relation (1) using optical emission
spectrum and X-ray exposure measurements.
Theoretical data, shown as solid line, correspond
to best-fitted curve, calculated by relation (2). The
scintillator layer of 107mg/cm? exhibited max-
imum experimental emission efficiency. This max-
imum was also observed at all X-ray voltages. The
corresponding theoretical data (solid line) indicate
that maximum emission efficiency may be ob-
tained in a range of coating thicknesses from
approximately 105 to 125 mg/cm?”. The experimen-
tal light emission efficiency of the 166 mg/cm? layer
was 20-30% lower than that of the 107 mg/cm?
layer. This reduction was previously qualitatively
explained (Fig. 1). However, a quantitative ex-
planation could be given in terms of the function
g,(a, B, p,) in relation (2) (see appendix). Fitting of
relation (2) was performed by allowing the fitting
parameters to vary within suitably predetermined
intervals, i.e. the values of the intrinsic conversion
efficiency were allowed to vary within a minimum
of nc=0.0139, previously found under UV excita-
tion measurements [16], and a maximum of
nc=0.055, calculated by relation (10) assuming
S=Q=1. The light attenuation coefficient ¢ was
selected first by assuming that light attenuation
(scattering and absorption) is affected by light
wavelength [13,34,35]. Second, previously found
data on powder scintillators with emission spectra
peaking in the 530-550 nm range were taken into
account (e.g., o0=26-34cm?/g for Gd,O,S:Tb,
o=30cm?/g for La,0,S:Tb, ¢=28-30cm?/g for
Y,0sS:Tb, o=33.4cm?/g for ZnSCdS:Ag, etc.)
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[22-25]. ¢ was then allowed to vary from 25 to
35cm?/g. f was allowed to vary around 0.03 which
is a value found in previous studies for most
scintillator materials [16,24,25]. Different values
were found for nc. Depending on X-ray tube
voltage, nc ranged from 0.0276 to 0.0463. The
corresponding values of ¢ varied slowly around
26.5cm?/g while f was in all cases equal to 0.03.
The final values of parameter ¢ were somewhat
lower than those found for the aforementioned
green emitting powder scintillators [22-25]. This
difference may be explained by considering that
Y3Al50,:Ce emission spectrum (Fig. 1) exhibits a
tail penetrating in the red spectral region by up to
700 nm. Taking into account that light attenuation
is inversely proportional to light wavelength, the
presence of this long wavelength part of the
spectrum could explain the relative decrease of
light attenuation coefficient .

Parameters 7nc, o and f were additionally
employed for theoretical determination of MTF
and DQE curves (see relations (A.2.1) and (A.2.2)
in appendix) [24]. Examples of such data are
plotted in Figs. 3a and b, respectively. MTF,
which is related to light spread effects within
granular scintillators and expresses spatial resolu-
tion, was found to decrease rapidly between the 13
and 63mg/cm? layers. MTF differences among
thicker layers were found to be very small. DQE,
expressing image S/N ratio, was found to be higher
for thick layers in the low spatial frequency range.
This may be explained by considering that in the
low spatial frequency range, DQE is principally
affected by the emitted light fluence (¢, in relation
(A.2.2) in appendix), which usually increases with
thickness (see Fig. 1), while low frequency MTF
(in numerator of (A.2.2)) is very close to unity for
all scintillator layers. As spatial frequency in-
creases, the DQE of thin layers shows a tendency
to decrease at a slower rate, principally due to the
superiority of the corresponding MTF. To obtain
a validation of the aforementioned theoretical
calculations an experimental MTF curve is pro-
vided in Fig. 3a. This curve was obtained by
experimental methods described in previous stu-
dies [36]. A Y3Al;0,:Ce scintillating screen
(33mg/cm?) was brought in close contact with a
piece of radiographic film (Agfa Ortho CP-G
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Fig. 3. (a) MTF curves of Y3Al50;,:Ce for various scintillator
screens at 100 kVp. (b) Calculated DQE curves of Y3Al50,,:Ce
for various scintillator screens at 100 kVp.

plus). An MTF test pattern (Nuclear Associates,
typ-53) was placed in front of the screen. The
pattern-screen-film system was then exposed to
100kVp X-rays and a digital pattern image was
obtained after film chemical processing and film
image digitisation (Agfa Duoscan). The MTF
curve was finally determined by suitable processing
of digital data as described in previous studies
[24,25]. The experimental curve was found close to
the corresponding theoretical curve, being ap-
proximately 3.5% higher at 10mm™" and approxi-
mately 10% lower at 40mm~'. The two curves
cross at 23mm™ .

Shown in Fig. 4 is the variation of calculated
QDE and EAE with X-ray tube voltage for the
107 mg/cm? scintillator layer. Calculations were
performed for a range of X-ray tube voltages
wider than that available in ordinary medical
radiographic units. This was achieved in order to
estimate scintillator detection efficiency under
medical examinations requiring specialised equip-
ment (e.g., breast and some type of chest
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examinations). The first point to note is that EAE
differs significantly from QDE. As it may be seen,
at 40kVp, EAE (0.394) is approximately 30%
lower than QDE (0.568). This deviation decreases
with increasing X-ray tube voltage, being approxi-
mately 26% at 100kVp. The differences between
EAE and QDE show that only a fraction of the
total amount of radiation energy detected is locally
imparted (EAE). Hence, only this fraction con-
tributes to accurate spatial registration of photons
and accurate image formation. In the low X-ray
tube voltage region from 25 to 30 kVp, QDE takes
values higher than 0.8. In the same region EAE
ranges from 0.53 to 0.49. For higher voltages
employed in general radiography and fluoroscopy
QDE retains values higher than 0.4 for voltages up
to 50kVp. To compare the X-ray absorption
performance of Y3;Al;0;,:Ce with currently em-
ployed materials, similar calculations were per-
formed for Gd,0,S and Csl scintillators, which
are widely used in medical radiography, fluoro-
scopy and X-ray computed tomography. Calcula-
tions have shown that in the 30-40kVp voltage
range, the EAE of Y3Al50:,:Ce is very close to
that of CsI (e.g., 0.38 and 0.4 at 40kVp,
respectively) however, it is clearly lower than that
of Gd,0,S (0.5 at 40 kVp). At higher voltages both
Gd,0,S and Csl had higher energy absorption
efficiency than Y3;Als01,:Ce. These findings were
expected, considering the lower value of the
radiation detection index pZ‘e‘ff (=1.33x10° of
Y;3Al50,,:Ce with respect to corresponding index
values of Gd,0,S and CsI (103 x 10°-38 x 10°,
respectively).
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Fig. 5. (a) Variation of probabilities PKI (probability of K-
fluorescence X-ray photon generation per incident X-ray), PKA
(probability of K-fluorescence X-ray photon generation per
absorbed X-ray), and PKR (probability of generation and re-
absorption of a K-fluorescence X-ray per incident X-ray) with
X-ray tube voltage for the 107 mg/cm? scintillator layer. (b)
Variation of PKR of Y3Als0,,:Ce with X-ray tube voltage for
various scintillator screens at 100 kVp.

Fig. 5a illustrates the variation of probabilities
related to K-fluorescence X-ray production with
tube voltage. Shown in the figure are the following:
(i) the probability of K-fluorescence X-ray photon
generation per incident X-ray (PKI), where PKI =
Py (relations (6) and (A.3.2) in appendix), (ii) the
probability of K-fluorescence X-ray photon gen-
eration per absorbed X-ray (PKA), where
PKA = wA[up(Z,E) p) [ur(E) pllofil, and (iii).
The probability of generation and re-absorption of
a K-fluorescence X-ray per incident X-ray (PKR),
where PKR = plj ;. (relations (8) and (A.3.4) in
appendix). Data shown in Fig. 5a correspond to
the 107 mg/cm? layer. The values for the photo-
electric mass attenuation coefficient u, and the
relative contribution of the K-shell to the photo-
electric effect fi (0.856) of yttrium were taken
from Storm and Israel [27], the fluorescence yield
wy of yttrium (wg =0.67) was taken from Hubbel
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et al. [11]. To simplify the calculations we have
considered that only one K-fluorescence photon
was created with energy equal to the weighted
average of the energies of the K,, Ky photons.
Hence, the relative frequency I, of either K, or Ky
fluorescence photon emission was taken I,=
1.PKI, PKA and PKR showed peak values at
approximately 20kVp. This value is numerically
slightly higher than the energy of the K-absorption
edge of Yttrium at 17 keV.This shift is due to the
poly energetic nature of X-rays. PKA decreases
slowly with X-ray tube voltage, varying from 0.565
at 20kVp to 0. 40 at 200 kVp. PKA is a function of
intrinsic scintillator material properties, some of
which (up, put) depend on incident X-ray energy
while others (w2, o, fk, I) are independent. Hence
this variation of PKA reflects the decrease of the
ratio [up (Z,E)/p)/[ut(E)/p] expressing the relative
probability of photoelectric effect in the corre-
sponding energy range. In contrast PKI and PKR
decrease more rapidly with X-ray voltage, e.g.,
from 0.55 to 0.04 for PKI, and from 0.45 to 0.034
for PKR, within the range from 20 to 200kVp.
This is because PKI and PKR, expressed by
relations (6) and (8) respectively, depend, in
addition, on the probability of incident X-ray
interaction within the scintillator (34 in relation
(5)). This probability also decreases with X-ray
energy. As shown in Fig. 5a, the amount of
K-fluorescence characteristic radiation reabsorbed
within the scintillator (PKR values) may be a
significant fraction of the total K-radiation
generated (PKI). Since K-fluorescence photons
are randomly re-absorbed within the scintillator,
high PKR values indicate degradation in the
accuracy of incident photons spatial registration
and consequently degradation in image quality.
This effect is more pronounced in thick scintillator
layers as shown in Fig. 5b, which shows PKR
for various coating thicknesses. Therefore, PKR
is an extra factor, which, in addition to light
spread effects (see Fig. 3a for MTF), degrades
spatial resolution in thick scintillator layers.
Finally, it must be noted that PKR effects are
of relatively lower importance for X-ray tube
voltages higher than 80-100kVp which are
often used in general radiography and computed
tomography.

Fig. 6a depicts the variation of the intrinsic
quantum conversion gain (light photons created
within scintillator per interacting X-ray photon)
with X-ray tube voltage. The curves were calcu-
lated according to relations (11) and (12) using
S=Q0=1, Eg=7.01¢V and f,=5.6 [6,11]. Within
the range from 40 to 140kVp, my increases from
approximately 900 to 1600 light photons per
interacting X-ray. These data represent the net
intensification effect of radiographic scintillating
screens, which however depends on incident X-ray
energy (relation 11). Data in Fig. 6b show curves
determined by relation (10), for various scintillator
layers. The average light photon energy A®, in the
denominator of (10), was found by the relation
h> = he/l = he/ ([ ()Adr/ [Y(2) dk), J. being
the mean wavelength of the emitted light. Relation
(10) provides the intrinsic conversion efficiency,
however, the data shown in Fig. 6b do not
represent strictly this efficiency. This is because
the average energy A was found from measured
optical emission spectra ((1)), which, due to light
attenuation effects, are slightly distorted with
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Fig. 6. (a) Variation of intrinsic quantum conversion gain (light
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scintillator screens. (b) X-ray to light conversion efficiency of
Y3A15012:Ce.
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respect to emission spectra generated within the
scintillator material. This distortion can also be
assessed from discrepancies observed among the
measured optical spectra (in Fig. 1) corresponding
to various scintillator layers. To estimate a good
approximation to true intrinsic conversion effi-
ciency, only data corresponding to insignificant
light attenuation effects (i.e. light transmission
efficiency close to unity) should be taken into
account. This may be accomplished when thin
scintillator layers and deeply penetrating X-rays,
i.e., high X-ray tube voltages, are used. Following
these considerations the value #c (Calcu-
lated) =0.05549 corresponding to 33 mg/cm? layer
at 140kVp was selected. It should be mentioned
that this value of 7, is higher than those found by
fitting relation (2) to experimental light emission
efficiency data (0.0276-0.0463). This is so because
data in Fig. 6b represent maximum intrinsic
conversion efficiency values (i.e., assuming
S=0Q=1). Contrasting the Y3Al;0;,:Ce intrinsic
conversion efficiency to that of other scintillators,
it is found comparable or slightly higher to values
that have been reported for conventional CaWOQOy,
radiographic screens (0.035-0.05) [9,11,20]. How-
ever it is lower than the intrinsic conversion
efficiency of most rare earth powder scintillators,
examined in previous studies: e.g., 0.20 for
Gd,0,S:Thb, 0.18 for La,O,S:Tb, 0.11 for Y,O,S:
Eu, 0.095 for Y,O3:Eu, etc. [22-25]. This difference
is due to (i) the large values of the forbidden
energy band gap (Eg=7.1¢V) between valence
and conduction bands of Y3Als0;,:Ce and (ii) the

high value of parameter fo(=5.6), attributed to
Y3Al504,:Ce [6,11].

The difference between fitted and calculated #¢
may provide an indication of the actual values of
the product SQ (transfer and quantum efficiency
related to the electron—hole transfer to luminescent
centres). SO could be estimated by the ratio: 5c¢
(fitted)/nc (calculated) = SQ, where 5 (calculated)
represents the intrinsic conversion efficiency de-
termined by relation (10). To estimate SQ, the
aforementioned value of #c (calculated)=0.05549
corresponding to high light transmission effi-
ciency, i.e., corresponding to the thin layer of
33 mg/cm? with easier light transmission, at high
X-ray tube voltages (140kVp) is appropriate.
Thus, taking into account that #¢ (fitted) was also
found to change with X-ray tube voltage, various
values of SQ were estimated with approximate
mean value SO =0.79. Since Q is most often taken
to be equal to unity [7], we may consider S~0.79.

The spectral matching factors of Y3Als0;,: Ce
emission spectrum with various optical photon
detectors, calculated by relation (13), are listed in
Table 1. Emission spectrum data for Gd,O,S:Tb
were taken from previous studies [24]. The
spectrum of CsI:T1 was taken from tabulated data
[37]. Data concerning Gd,O,S:Tb and CsI:Tl
scintillators are also shown for comparison. Fig.
7 shows spectral sensitivity curves of various
optical photon detectors [38—40]. The optical
detectors listed are those most frequently used in
various imaging applications [1-5], namely: (i)
Amorphous hydrogenated silicon photodiode

Table 1
Matching factors of YAG:Ce, CsI:Tl and Gd,O,S:Tb with optical detectors

Scintillators
Optical detectors YAG:Ce CsL:Tl Gd,0,S:Tb
a-Si:H (104 H) 0.886084 0.777818 0.917869
a-Si:H (108 H) 0.936751 0.840115 0.937118
¢-Si (S1227-BR HAMAMATSU) 0.853321 0.814455 0.792252
¢-Si (S1337-BR HAMAMATSU) 0.601128 0.568782 0.550159
¢-Si (S1133 HAMAMATSU) 0.888157 0.812706 0.913567
CCD (S100AF SITe™) 0.783689 0.693474 0.675272
CCD (S100AB SITe™) 0.950683 0.935825 0.927695
GaAsP (HAMAMATSU) 0.913044 0.807302 0.868114
AGFA Ortho CP-G Plus 0.494019 0.434927 0.645419
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(a-Si:H), employed in photodiodes and thin film
transistors of modern active matrix flat panel
detectors used in X-ray digital radiography,
fluoroscopy, mammography as well as in some
X-ray computed tomography detectors. Spectral
sensitivities of two a-Si:H are shown correspond-
ing to photodiodes differing in their intrinsic layer
thickness (800 and 400nm, respectively). Both
matching factors were found to be very high (0.936
and 0.886). These values are higher than those of
Csl and equal to one of the values corresponding
to Gd,O0,S:Tb. (ii) Crystalline silicon (c-Si) based
photodiodes used in various detectors (X-ray-
computed tomography, y-ray cameras for single-
photon emission tomography). Very high match-
ing factor values (0.888, 0.853) were also obtained,
in this case, which are higher than most of the
values corresponding to CsI:T1 and Gd,O,S:Tb.
(iii) CCD sensor arrays used in digital radiography
and digital mammography systems as well as in
many non-medical imaging applications. The
values obtained were 0.783 and 0.950 which are
also higher than those of CsI:Tl and Gd,O,S:Tb.
(iv) GaAsP photocathode incorporated in various
types of image intensifiers and in photomultipliers
(0.91). (v) Orthochromatic film used with radio-
graphic cassettes in conventional X-ray radio-
graphy (0.49). All these data indicate that
Y3Al50,,:Ce scintillator may be efficiently coupled
to all practical types of optical photon detectors

and hence it may be used in a variety of
applications especially those requiring digital
imaging detectors.

4. Summary and conclusion

In the present study, Y3Als0;,:Ce powder
scintillator layers with various thicknesses were
prepared and were examined under X-ray imaging
conditions. Peak light emission efficiency was
exhibited for the 107 mg/cm’ layer. The X-ray
quantum detection efficiency and X-ray energy
absorption efficiency were found adequate for
detection of X-rays used in medical radiology,
although the value of the radiation detection index
pZsy is lower than that of some currently used
materials. The intrinsic conversion efficiency
(0.03-0.055) was found to be slightly higher than
that of conventional radiographic screens, how-
ever, it was clearly lower than the corresponding
values of rare earth scintillators. The emission
spectrum of Y3Als04,:Ce powder scintillator was
found to peak around 530-550 nm and showed
excellent spectral compatibility with currently used
optical photon detectors. Taking into account its
very fast response, this scintillator could be
considered for applications in X-ray imaging
especially in digital imaging systems.
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Appendix

A.1. Theoretical model for Light emission
efficiency

According to this model, incident X-rays and
light photons, generated within scintillator mass,
propagate along a direction vertical to the
scintillator’s surface. X-ray absorption, light gen-
eration and attenuation are incorporated in a
differential equation describing light emission by
an elementary thin scintillator layer dw within the
screen, as follows [18]:

dxpif_l
dw ~ 2

Netho exp(—pw) — (a + Wy + Y.
(A.11)

Eq. (A.1.1) expresses the light intensity diy;s
per unit of length, produced within an ele-
mentary thin layer dw, which is directed towards
the back scintillator side. The first term in the
right-hand side of Eq. (A.1.1) gives the fraction
of absorbed X-ray energy (i.e., wy exp(—uw))
that is converted into light. 5nc is the intrinsic
X-ray to light conversion efficiency. ¥ is the
X-ray energy flux incident on the thin layer dw.
u is the X-ray energy absorption coefficient.
The factor % is applied to express that only half
of the produced light is directed towards the
back scintillator’s side [18]. ;¢ is the forward
propagating light intensity, ;, is the back-
wards propagating light intensity. ¢ and s are
the light absorption and light scattering coeffi-
cients. sy, in Eq. (A.l1.1) is the fraction of
backwards directed light, which 1is back-
scattered and thus re-directed towards the
forward direction. The solution of Eq. (A.l.1),
based on the Hamaker—Ludwig theory [18],
provides the theoretical expression for light

emission efficiency (17;) as follows:

0, = ¥y _ et (1= po)
7 (12 —a?)
o W= 0)py = pe™" + 20 + pfe™" — (u+ 0)py — fle™
(p1 + B)py + Be= — (p; — B)(py — B~ ’
(A.1.2)

Y5 1s the light energy fluence emitted by the
scintillator determined experimentally, ¥, was
determined from X-ray exposure measurements
(X) [32], n is the energy absorption efficiency, o is
the light attenuation coefficient of the phosphor
given in terms of the optical scattering (s) and the
optical absorption (a) coefficients (¢ =[a(a + 2s]'/?).
Since layer thickness w is expressed in units of mg/
cm?, coefficients a, s and ¢ are given in units of cm?/
g. po, p1 are optical parameters expressing light
reflectivity at front and back scintillator surfaces,
defined as: p,=(1-r,)/(1 +r,), with n=0,1. r,, is the
optical reflection coefficients at the front (» =0) and
back (n=1) scintillator surfaces [18]. p,, is a unitless
quantity. f is an optical parameter which had
originally defined as a reflectivity parameter:
p=0-r,)/(1+r,), r, being the reflection coeffi-
cient corresponding to a very thick layer with
negligible light transmission through it [18]. f has
been also expressed in terms of ¢ and s [18]: f=][a/
(a+2s)]"%. According to both relations f is a
unitless quantity. Data on p, were taken from
previous studies [18,22-24]. Relation (A.1.2) was
fitted to the experimental LE measurements using a
Trust—Region algorithm. Best fit was obtained for
specific values of parameters nc o, f given in text.

A.2. Theoretical model for MTF and DQE
calculation

MTF and DQE were calculated by a model
based on the theory of Swank [19], which has been
published in a previous study [24]. MTF (M(v))
was expressed as follows:

_ ¢,

$,(0)
where ¢;(v) is the emitted light photon fluence
expressed in the spatial frequency domain (Fourier
space) as a function of ¢ and f by a relation similar
to (A.1.2) [19,24], obtained by converting energy

M(v)

(A.2.1)
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fluence into photon fluence [24]. In this relation
parameter ¢ was replaced by the spatial frequency
(v) dependent function (¢°+4n°v)'? [19,24],
where v is expressed in units of cm?/g, similar to
. DQE is defined as (SNRoutput/SNRinpu)’s SNR
denoting the S/N ratio in an imaging system. In
the case of scintillating screens DQE may be
expressed as follows [24]:

[, MM

DQE =—*—— (A.2.2)
bW (v)

where W(v) is the noise power spectrum

(NPS), expressing image quantum and struc-
ture noise in the spatial frequency domain. W(v)
may be also given in terms of ¢ and f
[23-25,41].

In the model used for MTF and DQE cal-
culation, it was assumed that the output signal of a
scintillating ~ screen, ie., the emitted light
photon fluence ¢,, is expressed in terms of mean
values of random variables (¢, 74, 9, g;, see Section
2 for details) e.g., ¢, expresses the mean number
of emitted light photons per unit of screen area, m is
the mean number of light photons created within
the scintillator mass per X-ray absorbed etc. Accord-
ingly quantum noise and noise power spectrum
are expressed in terms of the variances of ¢o, #q,
mo, g [5,19,23,41,42]. At zero-frequency, DQE
reduces to a simple relation incorporating the so-
called Swank factor or statistical factor
[5,12,23,43-46]. This factor is given by the ratio
M%/Mz, where M;, M, are the first and
second moments of the emitted light pulses statistical
distribution, a light pulse being the number (71 g,)
of light photons emitted per X-ray photon absorbed.
These moments correspond to the mean value
(signal) and the variance (noise) respectively. Hence,
the Swank factor may be thought of as a measure
of the zero-frequency output S/N ratio of a scintillat-
ing screen. Finally, it should be noted that
all model equations ((from A.1.1) to (A.2.2)
based ecither on the Hamaker-Ludwig theory or
the Swank theory, ignore secondary electron
range effects. At diagnostic X-ray energies, this
range is of the order of 10-30um [5] and its effect
on image quality may be considered of minor
importance.

A.3. Theoretical model for generation and
absorption of K-fluorescence X-rays

The scintillator was assumed to be divided into a
large number (/) of elementary thin layers of
thickness Aw. The probability, p}y, of generating a
K-fluorescence photon in the ith layer of the
scintillator, after the incidence of a radiation
photon of energy E, may be written as follows
[29,30]:

wzlup(Z, E)/p]

Piy(E,Ey) = Sroxly
e e ®)fp] 7 FE
X {exp [—@(i - l)Aw] — exp [—@MW] }

(A3.1)

The index y stands either for a K, or Kg X-ray
fluorescent photon. wy is the fractional weight of
yttrium, the higher atomic number (Z) element in
the scintillator, exhibiting higher probability for
photoelectric interaction. [up(Z, E)/p] is the total
mass photoelectric X-ray attenuation coefficient,
at energy E, for yttrium. [ur(E)/p] is the total X-
ray mass attenuation coefficient of the scintillator
material (Y3Al50;,: Ce) at energy E. fx is a factor
expressing the relative contribution of the K-shell
photoelectric cross section (tx) to the total photo-
electric effect cross section t(fx = Tk /7). wk is the
K-fluorescence yield of yttrium, being the ratio of
the averaged number of K-fluorescence X-rays
produced over the number of vacancies created in
the K-shell (i.e., excluding the probability of Auger
electron production). I, (taken to be =1)
[29-30,41] is the relative frequency of either K,
or Kg fluorescence X-ray photon production
[27,29,30]. The first factor in Eq. (A.3.1), i.e., the
ratio containing the photon interaction coefficients
and the fractional weight expresses the probability
for photoelectric interaction with the high Z
element (yttrium). If this is multiplied by para-
meters wg,fx and I, then the probability of K-
fluorescence photon production per absorbed
primary X-ray is obtained. The factor in curly
brackets gives the attenuation of incident radiation
within the ith layer. Then the probability, pY,, of
generating a K-characteristic fluorescence photon
within the whole scintillator per incident primary
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X-ray photon may be calculated by the sum

I
PifEyE) = ph(E.Ey). (A.3.2)
i=1
The probability of a K-fluorescence X-ray
photon, generated at the ith scintillator layer,
emitted within a solid-angle element A4€;, and
interacting at the eth layer, may be written as
49,
4
_[r(Ey)/plle — i] — DpAw
X{exp{ [cos(j — 1/2)49)
~exp {_ [ur(Ey)/pl(le — il)pAW] }

Pi(Ey, 49;,) =

|cos(j — 1/2)48)|
(A.3.3)

where 4€; is the solid angle element subtended at
the point of K-characteristic X-ray fluorescence
emission. 4¢; is the polar angle element corre-
sponding to the solid angle element A4€;. The
factor in curly brackets in Eq. (A.3.3) expresses the
interaction of K-fluorescence photons within the
eth layer [29-30,41].

The probability of generation and absorption of
a K-characteristic fluorescence photon, within the
whole scintillator, is obtained after summation
over all the elementary thin layers / and e and over
the solid angle elements j, as follows:

1 1 J
PUr(EnE) = pi(E.E)> > pi(Ey, A9).
i=1

e=1 j=1

(A.3.4)
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