Dual-energy bone densitometry using a single 100 ns x-ray pulse
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A pulsed, portable hard x-ray source has been developed for medical imaging and flash x-ray
absorptiometry. The source is powered by a Marx generator that drives a field emission x-ray tube
which produces a 30-300 keV x-ray pulse of 100 ns duration. The x-ray fluence has dual-energy
properties. The x-ray energy is relatively high early in the pulse and lower later in the pulse. The
feasibility of using a single x-ray pulse for precision bone densitometry was analyzed. A computer
simulation model was developed for the x-ray source, the filtration that enhances the dual-energy
distribution, the absorption of the energy distribution by bone mineral and soft tissue, and the
dual-energy detection system. It is feasible to determine the bone mineral density (BMD) of axial
sites such as the lumbar spine and proximal femur with 2% precision over an area that is 15-20 mm
in size, depending on the bone mineral and soft tissue thicknesses. An algorithm for determining the
absolute BMD, to an accuracy of 2%, using a Plexiglas™/TiO, calibration phantom is discussed.
At a distance of 50 cm from the source, the patient exposure is 3.7 mR. The average absorbed bone
and tissue doses are 0.6 and 4.3 mrem, respectively. Factors that facilitate diagnostic measurements
in clinical settings are the short patient observation time and the portability of the x-ray source.
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. INTRODUCTION

Precision bone mineral densitometry is important for the
early detection of osteoporosis and the prediction of future
bone fracture risk.! Bone mineral loss is associated with ag-
ing and is more rapid in post-menopausal women. In addi-
tion, bone mineral loss is accelerated during long-term bed
rest and in the weightless environment of space.’

Clinical studies indicate that the association of measured
bone density with osteoporosis and bone fracture is more
significant for the major weight-bearing axial sites (lumbar
spine and proximal femur) than for extremity sites (hand,
radius, and calcaneus).!*~® The bone mineral content is cor-
related with the vertebral strength determined in vitro.” Clini-
cal studies indicate that the preferred site for bone mineral
densitometry may be the lumbar spine (.2-1.4), and the pre-
ferred view is lateral rather than anterior—posterior (AP).43
The lateral view of the vertebrae is not obscured by the pos-
terior vertebral elements. This permits the isolation of the
trabecular bone region that is most susceptible to mineral
loss. However, soft tissue absorption can affect lateral pro-
jection measurements to a greater extent than AP projection
measurements.

It has been estimated that a measured bone mineral den-
sity (BMD) that is one standard deviation (approximately
2%) below the average for a control population implies a
significantly higher risk of a future bone fracture.! Thus the
bone densitometry technique should have at least 2% preci-
sion and absolute accuracy.
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In many clinical settings, it is important to determine
BMD with a short patient observation time. In addition, since
BMD measurements may be repeated over a period of time,
the exposure to the patient should be as low as possible for
each observation. Although ultrasonic and magnetic reso-
nance methods are convenient and have no x-ray exposure,
they do not have the required accuracy at the present time.'

The rather high precision and accuracy required for bone
densitometry resulted in the development of x-ray radio-
graphic absorption techniques. Bone densitometry apparatus
for the hand, radius, and calcaneus were developed. How-
ever, these measurements are not as significant as axial site
measurements for diagnosing osteoporosis and predicting
fracture risk.

Quantitative computed tomography (QCT) x-ray scanning
techniques produce three-dimensional images of skeletal re-
gions. This permits the elimination of soft tissue attenuation
and the precise determination of the BMD of interior trabe-
cular bone regions.1 However, QCT techniques are not suit-
able for repeated clinical measurements because of the high
patient dose (surface dose ~100 mrem), the long patient po-
sitioning and immobilization time (tens of minutes), and the
relatively high cost of the apparatus.

Dual-energy x-ray absorptiometry (DEXA) projection
scanning units have been developed by Hologic Inc.
(Waltham, MA), Lunar Corp. (Madison, WI), and others.
Using dual-energy calibration and subtraction algorithms, the
attenuation by soft tissue is effectively eliminated from the
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F1G. 1. Equivalent circuits for the trigger (stage 1), the Marx generator (stages 2—30), and the x-ray tube (stage 31).

measurement, and the BMD of axial sites can be precisely
and accurately determined.®"!! In the case of lumbar spine
and proximal femur measurements, clinical studies indicate a
typical precision of 1%-3% and an absolute accuracy of
4%-15%." The patient surface dose is typically of order 10
mrem.'” The patient positioning and observation time is ap-
proximately 10-20 min.

Lumbar vertebrae have been characterized in vitro by ash
mass, metrology, and bone densitometry techniques.>* The
directly measured quantities have been compared to the
equivalent quantities determined in vivo by noninvasive tech-
niques. The measured ash mass (mineral content excluding
water, soft tissue, and other combustibles) is in the range
5-15 g. The ash mass is equivalent to the bone mineral con-
tent (BMC). The volume measured by metrology is in the
range 30-50 cm®, and this quantity may be determined by
QCT techniques. The projected area measured by metrology
is in the range 11-17 cm?, depending on the viewing direc-
tion, and can be determined by radiographic projection tech-
niques. The ash mass to volume values are in the range
0.20-0.35 g/cm?, and this quantity is equivalent to the bone
mineral volumetric density determined by QCT. The ash
mass to projected area values are in the range 0.4—1.2 g/em®.
This quantity is equivalent to the bone mineral areal density
that is determined by most DEXA instruments, and this
quantity is usually referred to as the bone mineral density
(BMD).

DEXA instruments operated in vivo can typically deter-
mine the BMD to a precision of 2% or better. In addition, the
absolute BMD, typically in the range 0.4—1.2 g/cm?, can be
determined to an accuracy of approximately 2%. The pri-
mary difficulty in the measurements is to account for the soft
tissue areal density, along the same line of sight, with values
up to 20-30 g/cm? in the case of the lumbar spine.

We have analyzed a newly developed pulsed x-ray source
for the application to precision bone mineral densitometry.
The x-ray fluence has dual-energy properties that, when en-
hanced by properly designed filtration, permits the imple-
mentation of dual-energy calibration and subtraction tech-
niques. A computer model was developed for the simulation
of the x-ray source, the filtration, the absorption by a bone/
tissue object, and the dual-energy detection system. The
analysis indicates that it is feasible to perform precision bone
mineral densitometry, using a single x-ray pulse of 100 ns
duration, for bone mineral and tissue densities that are char-
acteristic of the lumbar spine and proximal femur. The pre-
cision is 2% over an area that is 15-20 mm in size, depend-
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ing on the bone mineral and soft tissue thicknesses. A
calibration algorithm was developed, based on a Plexiglas™/
TiO, phantom, that results in a 2% uncertainty in the abso-
lute BMD.

The clinical implementation of this flash x-ray absorpti-
ometry (FXA) technique would have several attractive fea-
tures. The BMD measurement is performed using a single
short-duration x-ray pulse. The patient exposure time is
minimal (100 ns), and this precludes the possibility of image
blurring that would result from patient movement. Thus the
patient immobilization time is also minimal. The precision
and accuracy of the bone density measurements are expected
to be comparable to existing DEXA units. The pulsed x-ray
source is battery-powered and is portable, and this facilitates
rapid BMD measurements in clinical and remote settings.

Il. FLASH X-RAY SOURCE

A flash x-ray source has been developed and experimen-
tally characterized.'>!® The field emission X-ray tube, con-
sisting of a tungsten anode and a mesh cathode in vacuum, is
driven by a Marx generator. The operating characteristics
were experimentally measured and compared to detailed
computer simulations. Based on the simulations, the voltage
and current characteristics and the x-ray flux were optimized
for specific medical imaging applications.

The Marx generator, in its present configuration, is com-
posed of 15 energy storage capacitors and 15 spark gap
switches that are housed in an acrylic pressure vessel that is
covered by a coaxial aluminum return-current cylinder. This
design functions as a fast pulse forming line with low inter-
stage inductance between the energy storage capacitors. The
unit is 22 in. long, weights 26 Ib, and is powered by a re-
chargeable battery. Approximately 100 x-ray exposures can
be produced by a single battery charge.

The linear configuration of energy storage capacitors and
spark gap switches can be easily altered for specific applica-
tions by adding additional capacitors. For the purpose of op-
timizing the capabilities of the x-ray source for dual-energy
bone densitometry, the number of capacitors was increased
from 15 to 30. The 30 capacitor generator produces a larger
hard x-ray component that is desirable for dual-energy bone
densitometry.

The equivalent circuits for the Marx generator and the
x-ray tube are shown in Fig. 1. Indicated are the trigger cir-
cuit (stage 1), 29 identical circuits that contain an energy
storage capacitor and a spark gap switch (stages 2—-30), and
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the x-ray tube circuit (stage 31). Each energy storage capaci-
tor (C1—C3p) has an associated inductance (L, or L) and a
stray capacitance C; to ground. Each spark gap switch has an
inductance L, and a resistance R,. The x-ray tube is mod-
eled by the inductance L, and the resistance R, that are
associated with the peaking gap, and the inductance L, and
voltage V; associated with the anode—cathode gap. The cur-
rent and voltage across the anode—cathode gap are related by
the Langmuir—Child law i;;= PVf/ 2 where P is the per-
veance of the electron flow. The perveance was empirically
determined by measuring the tube current and voltage of the
15 capacitor, 11 kV ge:nerator.13

The computer simulation of the Marx generator and the
x-ray tube was based on the equivalent circuits shown in Fig.
1. An equation was written for each of the 31 stages:

(1/C,+ UC,)q,+L(di, /dr)
=q2/Cs—(dCy/dt)(Vo—q,/C)),

where g=[4i dt,

(VCp+2C,)gn+(Ly+L)(diy/dt) +R i
=V0+(qn—l+qn+l)/cs_(dcn/dt)(vo_qn/cn)’

where n=2-30, and
q31/cs+(Lp+Ld)(di31/dt)+Rpi3l=VO—Vd+q3O/CS'

The first equation represents the trigger circuit, the second
equation the 29 identical circuits containing energy storage
capacitors, and the last equation the x-ray tube circuit. These
31 time-dependent equations were solved for the currents by
a fourth-order Runge—Kutta algorithm.

The various inductances that appear in the equations were
calculated ab initio and had fixed values. The inductances
were L;=24.15nH, L,=22.14nH, L =137nH, L,
=10.24nH, and L,=50 nH. The capacitance of the energy
storage capacitors was 8.325 nF. The stray capacitance was
calculated to be C;=2.15 pF. The effective resistance of the
spark gap switches was determined by matching the damped
oscillation of the current late in the pulse to the measured
current for the 15 capacitor, 11 kV generator. The resistance
values (R, and R,) were then set equal to 0.8 .

The calculated x-ray tube current, voltage, and power are
shown in Fig. 2. The initial electron acceleration phase is
characterized by high tube perveance with a rapid increase in
the tube current and voltage. This is followed by an arc
phase in which the current continues to increase while the
voltage and impedance across the tube rapidly collapse in the
ensuing vacuum arc. The x-ray energy is relatively high
early in the pulse (when the electron acceleration voltage is
high) and decreases later in the pulse. The total charge de-
livered to the anode~cathode gap is 0.1 mA s.

The energy delivered to the anode—cathode gap, as a
function of the electron acceleration voltage, was calculated
from the time-dependent current and voltage. The energy
distribution, in units of mJ per kV of anode—cathode gap
voltage, is shown in Fig. 3(a). The energy delivered at the
higher voltages (>150 kV) occurs primarily during the time
of the current spike early in the current pulse when the volt-

Medical Physics, Vol. 25, No. 10, October 1998

Current (kA)

o.o I | 1 P |

0 20 40 60 80 100
Time (ns)

300¢

N
(=]
o

Voltage (kV)

100 |

o [EPPP | [P PN
0 20 40 60 80 100
Time (ns)
400 T T T LI ]
(c)
g
Z 300}
A
[
3
S 200}
100
o i 1 O | 1
0 20 40 60 80 100

Time (ns)

FIG. 2. (a) The x-ray tube current, (b) voltage, and (c) power.

age is maximal (see Fig. 2). The energy delivered at voltages
of 30-150 kV occurs primarily during the middle of the
current pulse when the current is high and the voltage is
decreasing. This illustrates the dual-energy nature of the x-
ray source, with harder x rays emitted during the initial
charge-limited electron transport across the anode—cathode
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FIG. 3. (a) The energy delivered to the x-ray tube as a function of tube
voltage, and (b) the x-ray energy distribution.

gap, and softer x rays emitted during the following arc phase
of the discharge.

The x-ray energy distribution was calculated from the cur-
rent and voltage by using a thick-target bremsstrahlung
model and accounting for the tungsten K, and Kg
radiation.'*"!® The x-ray energy distribution, in units of mJ
per keV of x-ray energy, is shown in Fig. 3(b). The discon-
tinuity in the x-ray energy distribution near 150 keV results
from the dual-energy nature of the energy distribution deliv-
ered to the x-ray tube. In effect, the discharge characteristics
of the Marx generator and the anode—cathode load have been
optimized to produce an enhanced high-energy x-ray compo-
nent that is important for dual-energy densitometry.

The energy in the characteristic K, and K g x-ray lines is
4.7 mJ, and the energy in the continuum is 63 mJ. Of the 10
J energy that is initially stored in the energy storage capaci-
tors, 9.8 J is delivered to the x-ray tube. The efficiency of
conversion of the tube energy to x-ray energy is 0.7%.

ill. DUAL-ENERGY X-RAY DISTRIBUTION

In general, a dual-energy x-ray distribution may be en-
hanced by switching the source voltage (developed by Ho-
logic Inc.), changing the filtration (developed by Lunar
Corp.), or a combination of these two techniques. Previous
studies that were based on x-ray tube loading, x-ray quantum
noise, and patient exposure established that x-ray energies in

Medical Physics, Vol. 25, No. 10, October 1998

the two ranges 40—60 and 80-130 keV are suitable for dual-
energy X-ray absorptiometry.”’18 Most DEXA systems are
limited by x-ray quantum noise, and other noise sources
(such as phosphor, detector, and electronics) are smaller. Pa-
tient exposure is of primary concern and is usually lower
than the exposure from other radiology procedures and from
the natural background.

In our case, tube loading during a single x-ray pulse is
minimal and is not a constraint on the design of the system.
This permits the operation of the x-ray tube at higher voltage
and power levels than is possible with more traditional x-ray
tubes. The higher-energy x rays are of diagnostic importance
because a higher x-ray fluence reaches the detector. Under
some circumstances, this can result in an improved x-ray
quantum signal to noise ratio and a reduced patient absorbed
dose.

The x-ray detection system may also have energy-
discrimination capabilities. Dual-energy detection systems
are typically composed of a front panel or cassette that is
sensitive to the soft x-ray component and a rear panel or
cassette that is sensitive to the hard x-ray component. Energy
discrimination may be enhanced by positioning an interde-
tector filter between the two panels to attenuate the residual
soft x rays that may pass through the front panel. Dual-
energy discrimination schemes were analyzed in Refs.
19-~24 for chest radiography and mammography.

The contrast between soft tissue and bone is higher in the
soft x-ray image and is lower in the hard x-ray image. The
attenuation by soft tissue and bone may be inferred by ana-
lyzing the soft and hard x-ray images.”"2’ In addition, the
exposure in the rear panel image by x rays scattered in the
front panel may be substantially removed.?

In most analyses of DEXA systems, the signals are calcu-
lated using the attenuation coefficients of the filters and the
object under study and the sensitivity of the detector. Scat-
tered radiation is usually not considered for the design of the
system. In any case, scattered radiation can be characterized
and accounted for as part of the in sifu calibration process.?

In this work, the computer model accounts for the energy-
dependent attenuation of the x-ray fluence by the materials
that are listed in Table I: The aluminum window of the x-ray
tube, a tantalum prefilter that hardens the x-ray fluence and
enhances the dual-energy distribution, a variable tissue areal
density (0-30 g/cm?), a variable bone mineral areal density
(0-1.5 g/cm®), a phosphor screen that is designed to absorb
the soft x-ray component, an interdetector filter, and a scin-
tillation fiber optic that absorbs the hard x-ray component.
The material areal densities, volumetric densities, and thick-
nesses are listed in Table I. For each material, the energy-
dependent attenuation coefficient was derived from the el-
emental compositions listed in Table I and the compilation of
Ref. 28. The attenuation coefficient of tissue was assumed to
be that of water. The bone mineral is hydroxyapatite
(CasP;03H) with an assumed density of 0.25 g/cm?® based
on the lumbar vertebra metrology.

The x-ray fluence, in units of photons per keV per detec-
tor pixel, is shown in Fig. 4. For definiteness, we assume an
x-ray source to object distance of 50 cm The detector is
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TaBLE I. The material compositions, densities, and thicknesses.

Elemental Density Areal density Thickness
Material composition (g/cm®) (g/cm?) (mm)

Aluminum x-ray tube window Al 2.7 0.054 02

Tantalum prefilter Ta 16.6 0.17 0.1

Tissue (water) H,0 1.0 0-30 0-300

Bone mineral (hydroxyapatite) Ca;P,0,,H 0.25 0-1.5

Soft x-ray phosphor Gd,0,S:Eu 7.5 0.15 0.2

Barium glass interdetector filter Si0,(Ba) 3.37 1.7 5

Hard x-ray scintillator Si0,(Gd,0,S:Tb) 5.0 75 15

Soft tissue phantom (Plexiglas) CsH;:0, 1.19 0-30 0-252

Bone phantom (titanium dioxide) TiO, 4.05 0-1.5 0-3.7
placed directly behind the object. The detector resolution el-
ement is assumed to be of size 0.5 mm. The results may be 'f . =
geometrically scaled for a different source to object distance & 120 (a) ] £ 120}
and detector resolution. Figure 4(a) shows the unfiltered x- E 100 ] % 100}
ray fluence and Fig. 4(b) the fluence filtered by the 0.2-mm- S 8 < 80
thick aluminum vacuum window of the x-ray tube. An addi- . & & sof
tional 0.1 mm tantalum prefilter hardens the fluence and z % g 40 L
enhances the dual-energy x-ray distribution, and the fluence g zgh § zg .
after this filter is shown in Fig. 4(c). The soft x-ray band, at 3 0 100 200 300 = 0 100 200 300
energies less than the tantalum K absorption edge at 69.5 - Energy (keV) Energy (keV)
keV, contains the tungsten K, and K g radiation near 58 and ’_5 -
67 keV, respectively. The hard x-ray band is maximal at 100 & L 2 25} A ]
keV and extends to 300 keV. 2 ®) 1 Ll (H |

For the purpose of determining the coefficient of variation > 3 15
of the BMD measurements, the x-ray fluence was calculated -; &y ol
after passing through variable densities of soft tissue (0-30 N ®
g/cm?) and bone mineral (0-1.5 g/cm?). The x-ray fluence 2 § 5
. 2 . . . . < 3 0

after passing through 20 g/cm” of soft tissue is shown in Fig. é o 100 200 300 T 5 100 200 300

4(d). The attenuation of the soft x-ray component is greater
than that of the hard component. The x-ray fluence upon
subsequently passing through 1.0 g/cm? of bone mineral is
shown by the lower curve in Fig. 4(e), and the upper curve is
the fluence for no bone thickness.

By comparing the two curves in Fig. 4(e), it is apparent
that the energy distribution is considerably hardened by the
attenuation of the soft x-ray component by bone mineral, and
this is important for the sensitivity of the dual-energy tech-
nique for the precise determination of the BMD. In general,
the soft x-ray energy component (40-70 keV) is designed to
span the energy range where the attenuation of bone mineral
(~1.0 g/em?) is rapidly decreasing with x-ray energy. The
hard x-ray energy component is designed to penetrate the
large soft tissue density (~20 g/cm?).

The detector was assumed to be composed of a front
phosphor screen that is optimized to absorb the soft x-ray
component and a rear scintillator that absorbs the remaining
hard x-ray component. The dual-energy discrimination is en-
hanced by an interdetector filter that preferentially attenuates
the residual soft x rays that pass through the front phosphor
screen. The phosphor was chosen to be Gd,0,S doped with
Eu which fluoresces in the red region of the visible spectrum.
The efficiency of conversion of x-ray energy to visible light
energy is 15% (Levy Hill Laboratories Ltd., Cheshunt,
United Kingdom). The K absorption edge of Gd is at 50.2
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FIG. 4. (a) The unfiltered x-ray fluence, in units of 10° photons per keV per
pixel, at a distance of 50 cm from the source and assuming a detector pixel
of size 0.5 mm. The x-ray fluence after additional attenuation by (b) 0.2 mm
aluminum, (c) 0.1 mm tantalum, {(d) 20 cm tissue, (¢) bone mineral, (f) 0.2
mm Gd,0,S:Eu, (g) 5 mm barium glass fiber optic, and (h) 15 mm scintil-
lation fiber optic. The lower curves in (e)—(h) are for a 1.0 g/cm? BMD and
the upper curves are for no BMD.
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keV, and x rays with energies above this value, including the
tungsten K radiation near 58 and 67 keV, are efficiently ab-
sorbed. The x-ray fluence after passing through a 0.2 mm
thickness of the phosphor is shown in Fig. 4f).

The interdetector filter was chosen to be a glass fiber optic
plate with a high barium content (33% by weight; Schott
Fiber Optics Inc., Southbridge, MA). The barium K absorp-
tion edge is at 37.4 keV, and the tungsten K radiation is
strongly attenuated, as are x-ray energies up to about 100
keV. The x-ray fluence after passing through a 5 mm thick-
ness of the barium glass is shown in Fig. 4(g), and this is the
fluence that is incident on the scintillator. Thus the x-ray
fluence that is absorbed by the scintillator is primarily the
hard x-ray component with energies above 100 keV.

The scintillator was chosen to be a 15-mm-thick glass
fiber optic plate doped with Gd,0,S:Tb (LG-9 plate; Schott
Fiber Optics, Southbridge, MA). This material scintillates in
the green region with an efficiency of 15%. Shown in Fig.
4(h) is the x-ray fluence after passing through the scintillator,
which absorbs essentially all of the x-ray quanta with ener-
gies below 200 keV.

The x-ray fluences that are absorbed by the aluminum
window, the tantalum prefilter, the object (tissue and bone
mineral), and the detector components (phosphor, interdetec-
tor filter, and scintillator) are shown in Fig. 5. Of primary
interest are the fluences absorbed by the front phosphor and
the rear scintillator as shown in Figs. 5(e) and 5(g), respec-
tively. The phosphor preferentially absorbs the soft x-ray
component and the scintillator the hard component. This pro-
vides the basis for the dual-energy decomposition of the tis-
sue and bone mineral attenuation.

For the purpose of determining the BMD, we assume that
the red photons from the phosphor (the soft x-ray image) and
the green photons from the scintillator (the hard x-ray image)
are collected and separately detected. This may be accom-
plished by means of an imaging camera with multiple
charge-coupled device (CCD) detectors that separately cap-
ture the red and green images (XC-003 RGB 3CCD camera,
Sony Corp.). The computer model accounts for the transmis-
sion of the red photons through the phosphor and the chan-
neling of the red photons through the barium glass and the
scintillation fiber optic plates to the imaging system and the
camera. The green photons are channeled through the scin-
tillation fiber optic plate to the imaging system and the cam-
era. We assume the collection efficiency of the imaging sys-
tem is 10%.2° We assume the detection efficiency of the
camera system is 1%.

It will be shown that the number of visible light photons
that are generated and detected is much greater than the num-
ber of x-ray quanta that are absorbed. Thus x-ray quantum
noise is the dominant contributor to the coefficient of varia-
tion of the BMD.

An alternate means of separately detecting the optical
photons generated by the soft and hard x-ray components is
to use two tandem electronic detection panels that are in
contact with the phosphor and the scintillator. This is analo-
gous to using stacked film cassettes for multiple energy de-
tection. The electronic detection panels may be of the amor-
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FI1G. 5. The x-ray fluence absorbed per pixel by (a) 0.2 mm aluminum, (b)
0.1 mm tantalum, (c) 20 cm tissue, (d) 1.0 g/cm® bone mineral, (¢) 0.2 mm
Gd,0,S8:Eu, (f) 5 mm barium glass fiber optic, and (g) 15 mm scintillation
fiber optic. The lower curves in (e)—(g) are for a 1.0 g/cm® BMD, and the
upper curves are for no BMD.

phous silicon type that have been recently developed.*® The
active matrix of silicon pixels, each with a field effect tran-
sistor (FET), is fabricated on a thin glass substrate. Each
pixel registers the charge resulting from the absorption of the
optical photons. The panels are not susceptible to radiation
damage. In this dual-energy x-ray detection scheme, the soft
x-ray image is captured by the front phosphor/panel, and the
hard x rays are transmitted to the rear scintillator/panel. The
interdetector filter attenuates any soft x rays that may pass
through the front phosphor/panel. Since the optical photons
generated by the soft x-ray phosphor are captured by the
front panel and are not channeled to another location for
detection, it is not necessary that the interdetector filter and
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the hard x-ray scintillator be fiber optic plates. In addition, it
is not necessary that the soft and hard x-ray conversion
screens be of different types and generate optical photons of
different colors.

A means of directly capturing the soft and hard x-ray
images, without conversion to optical photons, is by use of
two tandem amorphous silicon panels each with a photocon-
ductive layer that converts the absorbed x-ray energy directly
to charge.’! The photoconductive material and the layer
thickness may be chosen for the optimal conversion of the
soft or hard x-ray component. Conversion layers consisting
of amorphous Se, CdZnTe, and Pb,I have been studied.

For definiteness, we assume the red phosphor and green
scintillator dual-energy x-ray detection scheme. However,
modeling indicates that the signals from the amorphous sili-
con panels would be comparable to those calculated for the
red phosphor and green scintillator scheme.

IV. COEFFICIENT OF VARIATION

The coefficient of variation (CV) of the measurement of
the BMD is calculated using the usual expressions'’

CV=(1/NY2 Y(o(t5)/tg),

pixels

a?(tp)=(0*(Np)(Ns/dtr)] +0*(Ns)
X(&Np/ﬂtT),zB)J_z,
J=(8Np/(9tT),B((9NS/¢9tB),T—(t?NS/&tT),B(é’Np/&tB),T,

where 5 and ¢ are the bone mineral and tissue areal densi-
ties, o(fp) is the variance in the BMD measurement, N
is the number of detector pixels in the region of interest, and
Np and N are the numbers of x-ray quanta absorbed per
pixel in the phosphor and scintillator, respectively. The par-
tial derivatives of Np and N are taken at constant bone
mineral or tissue densities. J is the Jacobian of the transfor-
mation from the densities (¢ and t7) as a function of ab-
sorbed quanta (¥ p and N) to the absorbed quanta as a func-
tion of densities. The latter quantities, the absorbed quanta as
a function of the densities, are more convenient to calculate.
We assume that 02(Np)=Np and o*(Ng)=Nj.

The numbers of x-ray quanta (summed over energy) ab-
sorbed per pixel in the phosphor and the scintillator (¥p and
Ny, respectively) are shown in Fig. 6(a) as functions of
BMD and for a fixed tissue density of 20 g/cm? The num-
bers of absorbed x-ray quanta per pixel are approximately
600-900 for small BMD and decrease to 400-700 for 1.5
g/cm? BMD. The numbers of detected photons per pixel (red
from the phosphor and green from the scintillator) are much
larger and are shown in Fig. 6(¢).

The CV is quite sensitive to the partial derivatives of the
numbers of absorbed x-ray quanta per pixel that appear in
the Jacobian. The slopes of the absorbed quanta curves as
functions of bone mineral and tissue density are shown in
Figs. 6(b) and 6(c). The slopes have large negative values for
small densities, and this results in low CV values for small
BMD.
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The CV values are shown in Fig. 6(d) for variable BMD
and for a fixed tissue density of 20 g/cm?. The curves are
labeled by the pixel size of the square area (the region of
interest) that was summed. For example, the curve labeled 30
is for summing over a 30X30 pixel area of size 15 mm (each
pixel has an assumed size of 0.5 mm). The horizontal dashed
line in Fig. 6(d) is the 2% CV level which is the goal for
BMD measurements. Referring to Fig. 6(d), the CV is less
than 2% for a 15 mm region of interest for BMD up to 0.6
g/ecm? and for a 20 mm region of interest up to 1.5 g/cm?.
This spans the range of typical bone mineral densities of
lumber vertebrae and the proximal femur.

V. DETERMINATION OF THE BONE MINERAL
DENSITY

The value of the BMD can be inferred from the number of
detected red and green photons from the phosphor and the
scintillator shown in Fig. 6(e) and by using the average at-
tenuation coefficients of tissue and bone mineral. Let 7 and
75 be the energy-averaged attenuation coefficients of tissue
weighted by the number of x-ray quanta absorbed by the
phosphor and the scintillator that are shown in Figs. 5(e) and
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5(g), respectively. Let Bp and B be the energy-averaged
attenuation coefficients of bone mineral weighted by the
number of x-ray quanta absorbed by the phosphor and the
scintillator, respectively. After passing through a tissue den-
sity of ¢ and a BMD of t3, the x rays that are absorbed by
the phosphor and the scintillator result in red and green pho-
ton fluences of

R=Rye M1 BrlE G=Gye "s'T" Ps'B,

where R, and G, are the red and green fluences in the ab-
sence of the bone and tissue materials. The tissue density ¢y
can be eliminated, and the two equations can be solved for
the BMD,

t5=(p In(Gy/G)—In(Ry/R))/ 5,

where p=17p/75 and 6=pBs— Bp. In effect, the soft tissue
contribution has been removed from the hard x-ray signal.

The inferred BMD is shown by the upper curve in Fig.
6(f) for the case of a fixed tissue density of 20 g/cm?, and the
lower curve is the correct BMD. The inferred BMD is inac-
curate at larger values of BMD, and this indicates the need
for a calibration phantom as discussed in Sec. VI.

Contour plots of the number of x rays absorbed by the
phosphor and the scintillator, in units of 10° quanta per pixel,
are shown in Figs. 7(a) and 7(b). These data are plotted as
functions of the tissue and bone mineral densities in units of
g/cm?, The corresponding number of detected red and green
photons, in units of 10° photons per pixel, are shown in Figs.
7(c) and 7(d). It is apparent that the x-ray quantum noise is
higher than the visible photon noise throughout the range of
tissue and bone densities.

The CV for regions of interest of sizes 10 and 20 mm are
shown in Figs. 7(e) and 7(f), respectively. For a 20 mm
region of interest, the CV values are less than 2% for the
range of BMD that is typically encountered in lumbar spine
and proximal femur densitometry.

Vi. CALIBRATION PHANTOM

In order to improve the accuracy of the inferred BMD, a
calibration phantom was implemented in the computer
model. Traditional calibration phantoms are commonly com-
posed of Plexiglas to simulate soft tissue and aluminum to
simulate bone mineral. As listed in Table I, Plexiglas has a
composition CsHgO, and a density 1.19 g/em®. The x-ray
attenuation of Plexiglas is similar to that of soft tissue.*?

The atomic number (13) of aluminum is similar to the
weight-averaged atomic number (14.1) of hydroxyapatite
(CasP;0,3H), the major constituent of bone mineral. How-
ever, the attenuation coefficients of aluminum and hydroxya-
patite significantly differ at the soft and hard x-ray energies
typically used for dual-energy bone densitometry. A search
of readily available materials revealed that TiO, is a better
calibration phantom for hydroxyapatite than is aluminum.
For an appropriate thickness of TiO,, the attenuation coeffi-
cients at the soft and hard x-ray energies are in good agree-
ment with those of hydoxyapatite.
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The attenuation coefficients of tissue and bone mineral
were replace by those of Plexiglas and TiO, in the computer
model. The same procedure was used to calculate the x rays
absorbed in the phosphor and scintillator and the resulting
detected red and green photons. The calibration quantities p
and & were derived for the calibration phantom.

The ratio of the p values for the tissue/bone case and the
Plexiglas™/TiO, case is shown in Fig. 8(a). The correspond-
ing ratio of the § values is shown in Fig. 8(b). These ratios
were used to correct the p and & values that were used to
calculate the BMD. This was done by fitting a smooth sur-
face, that was a polynomial function of the tissue and bone
mineral densities, to the surfaces shown in Figs. 8(a) and
8(b).

Shown in Figs. 8(c) and 8(d) are the derived BMD and the
percent error in the BMD, respectively, for the case of a
first-order (linear) polynomial fit to the surfaces of Figs. 8(a)
and 8(b). The corresponding cases of a second-order (qua-
dratic) polynomial fit and a third-order (cubic) polynomial fit
are shown in Figs. 8(e)-8(h). The errors in the inferred BMD
are less than 2% for the quadratic and cubic fits except for
very small values of bone mineral and tissue densities. Thus
a reasonably low-order polynomial correction can be made
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to the inferred bone density by using the Plexiglas™/TiO,
calibration phantom.

VIl. X-RAY EXPOSURE AND ABSORBED DOSE

The x-ray exposure was determined by calculating the
energy-dependent jonization of air using the technique of
Ref. 33. The exposure after the x-ray fluence had been at-
tenuated by the tantalum prefilter was calculated. This was
the fluence that was incident on the tissue/bone object. The
exposure resulting from the soft x-ray component, summed
over x-ray energies of 0-70 keV, was 1.8 mR, where 1 mR
is equivalent to an ionization charge of 2.58X 107 C per 1 g
of dry air. The exposure resulting from the hard x-ray com-
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ponent (>70 keV) was 1.9 mR. The total patient exposure, at
a distance of 50 cm from the x-ray source, was therefore 3.7
mR.

The average x ray dose that was absorbed by 20 cm of
tissue was calculated from the tissue absorption curve shown
in Fig. 5(c). The absorbed dose was 2.4 and 1.9 mrem in the
low and high x-ray energy components, respectively. The
total absorbed dose was therefore 4.3 mrem.

After attenuation by 20 cm of tissue, the average x-ray
dose absorbed by a BMD of 1.0 g/cm? was calculated using
the bone mineral absorption curve of Fig. 5(d). The absorbed
dose was 0.27 and 0.35 mrem in the soft and hard x-ray
components, respectively, and the total dose was 0.62 mrem.
Thus the soft x-ray component contributes the major part of
the average absorbed tissue dose, and the hard x-ray compo-
nent contributes the major part of the average absorbed BMD
dose.

Vill. SUMMARY

Based on computer modeling, the feasibility of using a
newly developed pulsed x-ray source for precision bone min-
eral densitometry has been analyzed. The x-ray source is
portable and battery powered, and these are attractive fea-
tures for rapid BMD measurements in clinical and remote
situations.

The BMD measurement is performed using one x-ray
pulse of 100 ns duration. The x-ray fluence has dual-energy
properties, and the dual-energy distribution is enhanced by
use of a tantalum prefilter. At a distance of 50 ¢cm from the
source, the patient exposure is 3.7 mR. The average absorbed
dose for a tissue density of 20 g/cm® and a BMD of 1 g/cm?
is 4.3 and 0.62 mrem, respectively.

The soft and hard x-ray images are recorded by a detec-
tion system with dual-energy discrimination properties. In
the detection system that is considered, the soft x rays are
preferentially absorbed by a red emitting Gd,0,S:Eu phos-
phor. The hard x rays are absorbed by a Gd,0,S:Tb scintil-
lation fiber optic plate that fluoresces at green wavelengths.
Using a dual-energy decomposition technique, the soft tissue
contribution is removed, and the BMD is determined.

The precision of the measured BMD is 2% for a region of
interest of size 15-20 mm, depending on the assumed tissue
and bone mineral densities. The ranges of tissue and bone
mineral densities that were studied are characteristic of the
lumbar spine and the proximal femur. An algorithm was de-
veloped for using a Plexiglas™/TiO, calibration phantom to
achieve 2% absolute accuracy in the inferred BMD.

This analysis indicates that it may be feasible to perform
precision BMD measurements using a flash x-ray absorpti-
ometry (FXA) technique. A more extensive system design
study is needed to minimize the patient dose and to optimize
the precision of the BMD measurements of specific anatomi-
cal sites. Alternative dual-energy detection schemes, such as
direct or indirect x-ray detection by amorphous silicon pan-
els, should be studied in detail. Additional analysis is also
needed to assess the effect of x-ray scattering on the mea-
surement of the BMD.
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