Theoretical and experimental studies of
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biological tissue
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Ultrasound-modulated optical tomography in biological tissue was studied both theoretically and exper-
imentally. An ultrasonic beam was focused into biological tissue samples to modulate the laser light
passing through the ultrasonic beam inside the tissue. The ultrasound-modulated laser light reflects
the local optical and mechanical properties in the ultrasonic beam and permits tomographic imaging of
biological tissues by scanning. Parallel detection of the speckle field formed by the transmitted laser
light was implemented with the source-synchronous-illumination lock-in technique to improve the signal-
to-noise ratio. Two-dimensional images of biological tissues were successfully obtained experimentally
with a laser beam at either normal or oblique incidence, which showed that ultrasound-modulated optical
tomography depends on diffuse light rather than on ballistic light. Monte Carlo simulations showed
that the modulation depth decreased much more slowly than the diffuse transmittance, which indicated

the possibility that even thicker biological tissues can be imaged with this technique.
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1. Introduction

Because it is noninvasive and nonionizing, optical
imaging of biological tissues has been an active re-
search area in recent years.2 A number of optical
imaging techniques, such as time-resolved optical im-
aging,? frequency-domain optical imaging,* and opti-
cal coherence tomography,> have been proposed and
studied. Contrast in optical imaging is generated by
the optical absorption and scattering properties of
biological tissues. Because biological tissues are
highly scattering media, optical imaging techniques
usually require sophisticated reconstruction algo-
rithms if they are to achieve good imaging depth and
reasonable resolution. Besides purely optical imag-
ing techniques, hybrid methods that combine optical
and ultrasonic techniques have been explored; they
include the photoacoustic imaging,6-8 sonolumines-
cent tomography,? and ultrasound-modulated optical
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tomography.1°-13  Compared with light waves, ul-
trasonic waves scatter much less in biological tissues
and can be used to furnish localization information
directly for imaging. The hybrid techniques over-
come the problem of poor localization of light in bio-
logical tissues caused by strong scattering.

In ultrasound-modulated optical tomography, some
of the light is modulated by an ultrasonic wave inside
the biological tissue and carries the ultrasonic fre-
quency. Such tagged photons can be discriminated
from background unmodulated photons, and their or-
igins can be directly derived from the position of the
ultrasonic column inside the tissue. Marks et al.10
reported the observation of ultrasound-modulated op-
tical signals. Wang et al.1%12 developed ultrasound-
modulated optical tomography and obtained images in
tissue-simulating phantoms. Wang and Kul4 em-
ployed a frequency-sweep technique to provide imag-
ing resolution along the ultrasonic axis with a Fourier
transform. A single-detector scheme was usually
used in those studies. Recently Leveque et al.15 de-
veloped a scheme for parallel speckle detection, in
which a CCD camera and a source-synchronized
lock-in technique were used. They obtained one-
dimensional images of buried objects in real biological
tissue (turkey breast). The CCD worked as a detector
array in which each CCD pixel acted as a single
speckle detector. Because there are usually tens of
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thousands pixels in a single CCD detector, the signal-
to-noise ratio (SNR) can be greatly improved by aver-
aging of the signals from all the CCD pixels.

We further investigated imaging of biological
tissues based on parallel detection of ultrasound-
modulated laser speckles by the synchronous-
illumination lock-in technique. For the first time to
our knowledge, we acquired two-dimensional (2D)
images of biological tissues with a laser beam at ei-
ther normal or oblique incidence. We also studied
ultrasound-modulated optical tomography by using
Monte Carlo modeling. The number of photons
passing through the ultrasonic column was calcu-
lated. These photons contribute to the modulated
signal in ultrasound-modulated optical tomography.
The changes in signal intensity with increasing sam-
ple thickness were studied. One-dimensional im-
ages of turbid media with buried objects were also
simulated and provided some insight into ways to
improve the image quality.

2. Methods

A. Monte Carlo Simulation

Although acousto-optics in clear media is a well-
established subject, a quantitative understanding of
the mechanisms of acousto-optic interactions in tur-
bid media is still being sought. The modulation
mechanisms include particle displacement and
photon—phonon interactions.'617 For both of the
modulation mechanisms, only the photons that pass
through the ultrasonic column can be modulated.
The modulated signal intensity depends on two fac-
tors: the number of modulated photons and the
modulation depth for each photon. The modulation
depth, which is usually less than 10% in the experi-
ments, is related to the modulation mechanisms and
to the intensity of the ultrasonic wave. The number
of modulated photons is related to the optical prop-
erties of the scattering medium and the size of the
modulation volume. Because of the small size of the
ultrasonic column, the number of modulated photons
is usually quite small compared with the unmodu-
lated background light. Detecting such a small sig-
nal requires improving the SNR. Several factors,
such as the stability of the system and the coherence
length of the light source, generate noise in the ex-
perimental measurements, which affects the stability
and the contrast of the speckle pattern. Obviously,
one can reduce such noise by improving the experi-
mental conditions. The major intrinsic noise source
in the experiments in the shot noise caused by the
strong unmodulated background light. Therefore
the number of modulated photons is an important
variable that determines the SNR and the maximum
thickness of biological tissues that can be imaged.
Monte Carlo modeling was used in our simulation
studies; the detailed modulation mechanisms were
not considered. We simply focused on the calcula-
tion of the number of photons that were passing
through the ultrasonic column. In the simulation
the tissue sample was modeled as a slab with a buried
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Fig. 1. Schematic sketch of the experimental setup: DL, diode

laser; C, CCD camera; U, ultrasonic transducer; FG’s, function
generators; PA, power amplifier; T, tissue sample; PC, computer.

object. For simplicity, the object and the ultrasonic
column were modeled as cylinders with heights of 0.6
and 2 cm, respectively. The radius of the cylinder
was assumed to be 1 mm. Photons were launched
and traced by the standard Monte Carlo method de-
scribed elsewhere.’® A photon was labeled when-
ever it interacted with the ultrasonic column, either
by being scattered in this column or by directly pass-
ing through it. The labeled transmitted photons
were scored as the ac signal, and the unlabeled trans-
mitted photons were scored as the dc signal. Only
the photons transmitted within a circular disk of a
1-cm radius on the exit plane, which represented the
detection area, were scored. The following values
were used to simulate the optical properties of
chicken-breast tissue!®: refractive index n = 1.33,
absorption coefficient p, = 0.1 cm™?, scattering coef-
ficient w, = 20.0 cm !, and anisotropy factor g = 0.9.

B. Experimental Study

The tissue samples used in the experiments were
skinless chicken-breast tissues acquired from a su-
permarket. The objects buried in the tissue were
made from white rubber, which has good acoustic
coupling with tissue and has little acoustic absorp-
tion.

The experimental setup for this study (Fig. 1) is
similar to one reported previously.’> A coordinate
system was set up for reference as shown in Fig. 1.
The Z axis lay along the optical axis pointing to the
CCD camera. The Y axis lay along the acoustic axis
pointing to the sample. The X axis was perpendic-
ular to both the acoustic and the optical axes. A
diode laser (Melles Griot, 56IMS667) was used as the
light source. The laser delivered 14-mW 690-nm
light when it was modulated at 1 MHz. The mea-
sured coherence length was ~6 cm. The ultrasound
was generated by a focused ultrasonic transducer
(Panametrics, V314) working at 1 MHz with a
2.54-cm focal length in water. The %eak pressure at
the focus was approximately 2 X 10° Pa, well below
the damage threshold for biological tissues.2® The
laser beam was expanded to 2 cm in diameter and
irradiated directly onto the tissue sample. The laser
exposure was much less than the value set by the
ANSI safety standard.2! The tissue sample was par-
tially immersed in water for good acoustic coupling.



The light transmitted from the tissue generated a
speckle pattern, which was partially collected by a
collection tube and detected by a high-speed 12-bit
CCD camera (Dalsa, CA-D1-0256T). The exposure
time of the CCD camera was adjusted to ensure that
enough photons were detected. Two function gener-
ators (Stanford Research Systems, DS345) were used
to excite the ultrasonic transducer and to modulate
the diode laser. The two function generators shared
the same time base for synchronization. The func-
tion generators and the CCD camera were controlled
by a personal computer.

The signal in a single pixel can be represented as22

Ii o Ib + Im COS(C’) + Cbi), (1)

where I, is the background intensity, 1,, is the signal
intensity related to the modulated ac signal, ¢ is the
initial phase of the speckle, and ¢; is the phase delay
of the signal applied to the ultrasonic transducer rel-
ative to the signal applied to the diode laser. The
quantity M = I, /I, is related to the modulation
depth, which reflects the local optical and ultrasonic
properties.

The source-synchronized lock-in detection scheme
was implemented in the experiment. The diode la-
ser and the ultrasonic transducer were modulated at
the same frequency of 1 MHz. The phase delay &,
was set sequentially to 0°, 90°, 180°, and 270°. The
corresponding four frames of CCD images were ac-
quired to calculate M as follows:

1
M = [(190" - 1270")2 + (IO" - 1180")2] 1/2~ (2)
oI,

The above calculation was performed for each pixel of
the CCD camera. The data from all the 256 X 256
pixels of the CCD were then averaged to produce a
single data point for the image. To further reduce
the noise, we averaged 20 such measurements. To
obtain a two-dimensional image, we scanned the tis-
sue sample along the X axis and scanned the ultra-
sonic transducer along the optical axis (Z axis). The
relative lateral positions of the incident light with the
ultrasonic column and the exit aperture were fixed in
the scanning process.

3. Results and Discussion

A. Simulation Results

The speckle-detection scheme requires the coherence
length of the laser to be greater than the optical
path-length span of the transmitted photons. Fig-
ure 2 shows the simulated path-length distributions
of the transmitted photons through a 3.0-cm-thick
tissue sample. The path-length distributions for the
ac and the dc photons have similar profiles. The
path-length span at 50% of the peak is ~7 cm, which
is comparable with the 6-cm coherence length of the
laser used in the experiments. It was also found
that the ac photons typically pass through the ultra-
sonic column several times (1-6), which would en-
hance the ultrasonic modulation.
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Fig. 2. Photon path-length distribution after transmission
through a 3-cm-thick tissue.

Figure 3 shows the simulated dc transmittance, ac
transmittance, and modulation depth ac/dc at vari-
ous sample thicknesses. There was no object buried
in the medium. The ultrasonic column was as-
sumed to be in the middle plane of the sample. In
Fig. 3, the dc and ac transmittances decay almost
exponentially. The dc transmittance is ~10 times
less at the 3.0-cm thickness than that at the 1.0-cm
thickness, whereas the ac transmittance is ~20 times
less. However, the ac/dc ratio decreases by only a
factor of 2. Because the modulation depth ac/dc is
an important factor in determining the SNR, we sus-
pect that the SNR decreases much more slowly than
the diffuse transmittance as the tissue thickness in-
creases.

One-dimensional scans along the Z axis and the X
axis of 1.5-cm-thick chicken-breast tissue were sim-
ulated. An absorbing object was buried in the mid-
dle plane of the sample. Figure 4(a) shows the
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Fig. 3. ac and dc signal intensities versus tissue thickness. The

ultrasonic column was in the middle plane of the sample slab.
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Fig. 4. Simulated 1D images along the Z axis (optical axis). The
light was incident at Z = 0. (a) The ac/dc signal when the scan
line was far away from the object, (b) the ac/dc signal when the
scan line passed through the object.

result when the scan line was far way from the ab-
sorption object. The ac/dc signal decreases when
the ultrasonic column moves away from the light
source, which is caused by the internal photon distri-
bution inside the tissue sample. The photon fluence
is greater at positions near the incident light source,
where they have more chances to pass through the
ultrasonic column. Figure 4(b) shows the result
when the scan line passed through the center of the
object. Clearly, the signal is smaller when the ul-
trasonic column is coincident with the object. To
compensate for the signal variation caused by the
internal photon distribution, we can normalize the
signal in Fig. 4(b) with the background signal in Fig.
4(a). The normalized signal is plotted as a dashed
curve in Fig. 4(b). Obviously, the normalized result
is much smoother and has higher contrast.

Figure 5 shows the result for the scan along the X
axis. The diffuse transmittance (ac + dc) is also
plotted as a reference. As expected, the ac/dc curve
has sharper resolution and better contrast than the
diffuse-transmittance curve. Because the diameter
of the ultrasonic column is ~2 mm, the object size
measured from the ac/dc curve is greater than its
actual size of 2 mm. The spatial resolution in
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Fig. 5. Simulated 1D image along the X axis with the scan line
passing through the center of the object.

ultrasound-modulated optical imaging is determined
by the size of the ultrasonic column.

B. Experimental Results

The speckle size was adjusted to match the pixel size
of the CCD. The diameter of a single speckle ®, at
the CCD could be calculated as &, = \z/d,, where ®,
was the effective diameter of the light exiting the
sample surface, A was the laser wavelength, and z
was the distance from the exit sample surface to the
CCD camera. In the experiments, the input diame-
ter of the collection tube was 1.6 cm and the length
from the input end to the CCD chip was ~38 cm.
Therefore the speckle size was ~16 pm, which was
equal to the CCD pixel size.

To demonstrate the variations of the modulation
depth relative to the detector area, we measured M
with various pixel-binning sizes of the CCD camera
(Fig. 6). Each binned area (superpixel) acted as a
single detector. The number of speckles in each sin-
gle detector was proportional to N,%, where N, X N,
was the binning size. Obviously, the modulation
depth is greater for a smaller detector area. Theo-
retically, the overall modulation depth for the N,?
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Fig. 6. Modulation depth M versus CCD pixel-binning size.
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Fig. 7. Experimental images of 1.5-cm-thick chicken-breast tis-
sue with a laser beam normally incident. (a) 2D cross-sectional
image, (b) 1D image along the X axis at the center of the sample.
The front surface faced the laser beam.

speckles should be reduced by a factor of IV, from the
modulation depth for a single speckle.

Figure 7(a) shows a 2D ultrasound-modulated op-
tical image obtained from 1.5-cm thick chicken-breast
tissue. Figure 7(b) shows a 1D plot corresponding to
the scan line along the X axis at the center of the
tissue sample. The data in the image were normal-
ized to the background value, and the 2D image was
low-pass filtered. The sizes of the two objects were
roughly 2.5 mm X 2.8 mm X 7.1 mm and 2.3 mm X
2.7 mm X 6.9 mm, respectively. The two objects are
clearly visible in the image. As for the simulated
result (Fig. 5), the two objects are not discriminable
in the dc-transmittance data, whereas they are
sharply visible in the modulated data. The image
resolution is approximately 2 mm, which is deter-
mined by the focal size of the 1-MHz ultrasonic trans-
ducer used in the experiments.

As previously measured,® the reduced scattering
coefficient of the chicken-breast tissue is ~2 ecm™ 1,
and the absorption coefficient is ~0.1 cm ™! at ~700
nm. Therefore the penetration depth is ~1 cm,
which indicates that ballistic photons passing
through the 1.5-cm tissue sample are not completely
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Fig. 8. Experimental images of 1.5-cm-thick chicken-breast tis-
sue with a laser beam obliquely incident at 15°. (a) 2D cross-
sectional image, (b) 1D image along the X axis at the center of the
sample. The front surface faced the laser beam.

undetectable. To eliminate the effects of the purely
ballistic photons, we acquired a 2D ultrasound-
modulated optical image with the light beam illumi-
nating the sample obliquely at 15° to the Z axis (Fig.
8). The measured signal intensity was almost the
same as that in the case of normal incidence. Com-
pared with Fig. 7(a), Fig. 8 shows no observable deg-
radation of image quality. From this result it is
clear that the purely ballistic photons are not the
major contributors of signal in our experiments and
that ultrasound-modulated optical tomography de-
pends on diffuse light.

Because of the small area of the CCD chip, only a
small portion of the transmitted light was utilized in
the image acquisition. To maintain a high enough
SNR, the CCD camera needs to receive enough pho-
tons by using a long exposure time. The exposure
time was set to 50 ms, which was less than the
400-ms correlation time of the speckle field as mea-
sured in our experiments. The image-acquisition
time for a 2D image of 30 X 15 pixels was ~30 min.
However, besides slowing down the data acquisition,
a longer exposure time may cause the SNR to suffer
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from decorrelation of the speckle field if the exposure
time becomes comparable with the correlation time of
the speckle field.1¢ Apparently, one could overcome
this problem by simply increasing the incident laser
power.

4. Conclusions

Ultrasound-modulated optical tomography was stud-
ied both theoretically and experimentally. This
technology has the potential to be used for early de-
tection of breast cancers because it combines the con-
trast advantage of purely optical imaging and the
resolution advantage of purely ultrasonic imaging,
and optical properties are related to tissue constitu-
ents and their molecular conformations.

By implementing a parallel detection scheme with
the synchronous-illumination lock-in technique, we
obtained 2D images of 1.5-cm thick chicken-breast
tissues with buried objects by using a low-power la-
ser. The number of photons that passed through the
ultrasonic column was calculated by Monte Carlo
simulations. These photons are the source of the
modulated signal. The Monte Carlo simulation re-
sults show that, although the total ac transmittance
decreases ~9 times when the tissue thickness is in-
creased from 1.5 to 3.0 cm, the ac/dc ratio decreases
only ~1.6 times. Therefore, by increasing the inci-
dent laser power by a factor of 10 from the current
power, we expect to be able to image chicken-breast
tissue with a thickness of greater than 3 cm. Fur-
thermore, if a CCD camera with more pixels and
higher sensitivity is used, it is possible to increase the
imaging acquisition speed further and avoid the
speckle-decorrelation problem.

Spatial resolution in ultrasound-modulated optical
tomography is determined by the size of the ultra-
sonic column. A spatial resolution of 2 mm was ob-
tained in our experiments with a 1-MHz focused
ultrasonic transducer. Higher resolution could be
achieved by use of an ultrasonic transducer with high
frequency and a greater numerical aperture.

In our current experimental setup, each data point
comes from an integrated contribution of signals
along the ultrasonic column. The spatial resolution
along the ultrasonic axis will not be good because the
focal depth of the ultrasonic transducer is ~2 cm in
the current setup. However, it is possible to achieve
spatial resolution along the ultrasonic axis and to
obtain three-dimensional images in turbid media by
use of image-reconstruction techniques.
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