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Abstract. Short optical pulses emitted from a tunable Q-switched laser (800 to 2000 nm) generate laser ultra-
sound (LUS) signals at the surface of biological tissue. The LUS signal’s acoustic frequency content, depend-
ence on sample type, and optical wavelength are observed in the far field. The experiments yield a reference
dataset for the design of noncontact LUS imaging systems. Measurements show that the majority of LUS signal
energy in biological tissues is within the 0.5 and 3 MHz frequency bands and the total acoustic energy generated
increases with the optical absorption coefficient of water, which governs tissue optical absorption in the infrared
range. The experimental results also link tissue surface roughness and acoustic attenuation with limited LUS
signal bandwidth in biological tissue. Images constructed using 810-, 1064-, 1550-, and 2000-nm generation
laser wavelengths and a contact piezoelectric receiver demonstrates the impact of the generation laser wave-
length on image quality. A noncontact LUS-based medical imaging system has the potential to be an effective
medical imaging device. Such a system may mitigate interoperator variability associated with current medical
ultrasound imaging techniques and expand the scope of imaging applications for ultrasound. © The Authors. Published
by SPIE under a Creative Commons Attribution 4.0 Unported License. Distribution or reproduction of this work in whole or in part requires full attribution
of the original publication, including its DOI. [DOI: 10.1117/1.JBO.24.2.021206]
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1 Introduction
A noncontact medical laser ultrasound (LUS) imaging system
could deliver repeatable, quantitative (sound, speed, and
density), and volumetric images without contacting or applying
coupling material to the patient. An ultrasound system possess-
ing any one of these attributes would be highly valuable to
today’s clinicians.1–7 Potential applications for noncontact
LUS in the medical setting include general clinical imaging,
monitoring bone, muscle health, organ health, needle guidance,
interoperative imaging, and aiding cancer detection and
screening.

Noncontact LUS systems, like those employed in nonde-
structive testing8–10 (NDT), consist of a generation laser and
detection laser. Conceptually, noncontact LUS is identical to
conventional ultrasound except there is no coupling agent
and the piezoelectric source/receiver is replaced with a genera-
tion laser (for ultrasound wave generation) and a detection laser
(for ultrasound wave detection). The use of optical (laser)
systems in LUS enables ultrasonic imaging of objects without
contact. The generation laser is a pulsed laser that generates
a propagating thermoelastic acoustic (compressional) and/or
shear wave at the surface of a sample via the optoacoustic
effect,11,12 referred to here as the LUS source. The detection
laser is a Doppler vibrometer (interferometer), which records
direct or reflected LUS source waves (sensitive to sound
speed and density distribution within the sample) at the surface
of the sample.13–16 All detection and generation of the acoustic
waves occurs optically, without contact, at a distance, and
without coupling agent or immersion of the sample. Images

from these systems display quantities related to the gradient
of the sound speed and density distribution (pulse-echo
reconstruction) or the sound speed and density distribution itself
(tomographic reconstruction) within the sample to centimeter
depths. LUS is similar to noncontact photoacoustic (PA) tech-
niques in that both can employ pulsed lasers and laser Doppler
interferometers; however, the two techniques image different
physical properties within the medium. PA methods principally
image optically absorptive structures within the sample vol-
ume,17 whereas LUS images sound speed and density inhomo-
geneity in the sample volume.

A number of industries successfully utilize noncontact LUS
techniques for NDT applications such as aerospace composite
inspection, steel pipe thickness measurement, and assessment
of microelectronic thin-film thickness among others.9 Recent
research in noncontact LUS for medical imaging applications
demonstrates promising proof of concept images obtained on
phantoms and dead animal tissue.18–24 Other researchers are
developing contact or immersion medical imaging systems
based on optoacoustic or LUS transducers comprised of materi-
als, which enhance the optoacoustic effect.25–29 While much of
the LUS research for medical applications focuses on imaging,
others investigated the near-field characteristics of LUS
source signals in biological tissue over a range of optical
wavelengths.30–35 More recently, studies of the LUS source char-
acteristics in the far field have been studied in tissue-mimicking
phantoms, but these experiments have not evaluated effects due
to the surface roughness of skin.24

This study also addresses LUS source characteristics in bio-
logical tissue by expanding the range of optical wavelengths and
tissue types under test. Despite recent interest in noncontact
LUS for medical imaging, there are few publications addressing*Address all correspondence to: Jonathan R. Fincke, E-mail: jfincke@mit.edu
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the characteristics of LUS source signals generated in biological
tissues in the far field.24 The LUS source characteristics are criti-
cal to designing noncontact LUS imaging systems as the source
amplitude and bandwidth set bounds the resolution and penetra-
tion depth of the imaging system. The data from the study serve
two purposes. (1) A reference dataset for the design of noncon-
tact LUS imaging systems for biological tissue. (2) Further
experimental evidence for using existing analytical LUS source
theory11,12,36–42 over a broad range of optical wavelengths and
tissue types to predict LUS source characteristics in the far field.

The experiments employ an LUS generation laser to excite
an LUS source at the surface of bovine shoulder muscle, pork
hock, and skin-on chicken breast tissue samples. At the opposite
surface of the tissue, a contact piezoelectric acoustic transducer
records the LUS source waveform. The observational dataset
consists of time-domain trace signals. Spectra and acoustic sig-
nal energy are calculated for all tissues, over optical wavelengths
from 800 to 2000 nm at 50-nm increments. Comparison of mea-
sured time-domain signals, spectra, and signal energy to theo-
retical pure water models shows congruence between biological
tissue experimental data and pure water models. The similarity
between the observation and models indicates acoustic attenu-
ation and surface roughness limit the bandwidth of the LUS
source signal. Lastly, images constructed using 810-, 1064-,
1550-, and 2000-nm generation laser wavelengths demonstrate
the impact of the generation laser wavelength on pulse-echo
ultrasound image quality. The data acquisition to generate the
images utilizes the conversion of the generation laser optical
pulses into ultrasound waves via the optoacoustic effect at
the tissue surface and a contact piezoelectric transducer to
receive scattered and reflected ultrasound waves. The images
are formed using synthetic aperture focusing techniques (SAFT)
that focus the received time-domain acoustic backscatter and
refection signals back to their origin in space.10 In contrast,
conventional ultrasound imaging uses full piezoelectric arrays
(not generation and/or detection lasers) that are mechanically
coupled to the target with ultrasound gel to focus on the transmit
and receive the resulting scattered and reflected ultrasound
waves (no synthetic aperture).43

2 Methods

2.1 Theoretical Background

The relevant theory governing LUS signal generation in fluids is
reviewed in the literature.11,12,36–40,42 For a thorough theoretical
explanation of LUS see Refs. 11 and 12. The physical mecha-
nism for generating an LUS signal is summarized as follows:
(1) a short duration laser pulse impinges on an optically absorp-
tive surface of a material, such as water or biological tissue,
(2) the optical energy rapidly and locally converts into localized
heat at the laser spot location,44 (3) nearly instantaneous expan-
sion of the material due to the localized heating creates a con-
centration of mechanical stress within the irradiated material,
and (4) this stress imbalance dissipates via the propagation of
an acoustic pulse from the irradiated region into the material
volume. The propagating acoustic pulse is the laser-induced
ultrasound wave, the LUS source, which can be utilized for im-
aging. For this process to occur as described, optical, thermal,
and acoustic conditions need to be met by the material and laser
pulse. The most critical condition is being the significant
absorption of optical energy at the sample surface, relative to
optical transmission into the tissue.

This optical condition is described by the characteristic
optical penetration depth of light into the material, defined by l,
with units of (m), as shown in Fig. 1(a). The optical intensity,
with units of (W∕m2), of incident light as a function of depth
into an absorptive and scattering medium is described as

EQ-TARGET;temp:intralink-;e001;326;697U ¼ Uoe−zðμsþμaÞ; (1)

where Uo is the incident intensity at the surface, z is the pen-
etration depth into the tissue, and μa and μs are the optical
absorption and scattering coefficients in the medium, respec-
tively, with units of (m−1). The characteristic depth an optical
beam will penetrate a medium is l ¼ ðμs þ μaÞ−1 and for bio-
logical tissue at wavelengths >1400 nm, this depth is <1 mm,
which is on the order of an acoustic wavelength used for medical
ultrasound imaging.45,46 The small optical penetration depth
compared with typical imaging depths of 5 to 10 cm allows
the assumption that the acoustic source is located at the surface
of the material.

The thermal condition is the rate of thermal conduction
within the material compared with heating time. By analyzing
the diffusive terms in the heat equation,12 one arrives at the
equation

EQ-TARGET;temp:intralink-;e002;326;499τ ≪ l2minρCp∕κ; (2)

where ρ is the material density with units (kg∕m3), Cp is the
medium specific heat with units (J∕kgK), κ is the thermal con-
ductivity with units (W∕mK), τ is the laser pulse length in units
of (s), and lmin is the smaller of l or a, where a is the laser beam
diameter with units of (m) [Fig. 1(a)]. This condition requires
the heating time to be much shorter than the time for heat to
conduct away from the heating zone in the material and allows
for the assumption of instantaneous heating. The instantaneous
heating gives rise to the local expansion of the material and the
need for the localized stress or acoustic (source) condition.

The acoustic source condition requires what is often called
“stress confinement” in the literature. Physically, this condition
means that the mechanical energy generated by the thermal
expansion of the material cannot propagate away quicker
than the rate of energy delivery.

This condition requires

EQ-TARGET;temp:intralink-;e003;326;290τ ≪
l
c
; (3)

EQ-TARGET;temp:intralink-;e004;326;248τ ≪
a
c
; (4)

where c is the speed of sound in that material in (m/s). In the
context of LUS, Eq. (4) requires the spot diameter and optical
penetration depth to be sufficiently large to achieve these
conditions.

When the conditions are met, an LUS acoustic source can
be efficiently generated in biological tissue.21,30,31 For biological
tissues, with a sufficiently large laser spot diameter, all
three conditions are met for optical wavelengths from 800 to
2000 nm.

Theoretical models for an LUS wave in pure water with a
smooth surface show that the frequency-domain expression
for the waveform is given by Eq. (5) in Ref. 12 and is presented
again here with slightly different nomenclature as:
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EQ-TARGET;temp:intralink-;e005;63;408PsðωÞ ¼
iUoβμa
2Cp

eikR

R
a2k cosðθÞ

μ2a þ k2 cos2ðθÞ exp

�
−
a2k2 sinðθÞ

4

�
;

(5)

where ω is the radian frequency, i is the imaginary unit, R is the
range from the source to the target, β is the coefficient of thermal
expansion in (K−1), θ is the angle from the source to the target,
and k is the acoustic wave number defined as k ¼ 2π∕λ, where λ
is the acoustic wavelength (note: k ¼ ω∕c). The inverse Fourier
transform of Eq. (5) yields the time-domain signal. The expres-

sion μak cosðθÞ
μ2aþk2 cos2ðθÞ in Eq. (5) is an optical to acoustic conversion

efficiency factor scaling the amplitude of the source signal as
a function of acoustic frequency and μa. Thus, the optical
absorption can significantly impact the resultant acoustic
frequency response. The average frequency-domain expression
for the LUS waveform generated on a rough surface with
a Gaussian distribution of roughness heights is given by
Eq. (5) in Ref. 12 and is presented here with slightly different
nomenclature as

EQ-TARGET;temp:intralink-;e006;63;186hPrðωÞi ¼ PsðωÞ exp
�
−
σ2k2 cos2ðθÞ

2

�
; (6)

where σ is the mean square height of the roughness with units of
(m). The signal decays with increasing frequency scaled by σ.
The impact of roughness can be significant. For example, for
optical and acoustic parameters typical of biological tissue, a
surface roughness with σ ¼ 0.001 m results in a 5-dB reduction
in the source amplitude at 2.5 MHz compared with a smooth
surface.

Acoustic attenuation, α, is also important when using LUS to
image biological tissue. Acoustic attenuation is due to heating
and scattering within the tissue. In human tissue, α ¼ 0.5 to 2
(dB/cm MHz)and in bovine muscle values of 2 to 3 (dB/cm
MHz) have been reported.47,48 Acoustic absorption impacts
the depth- and frequency-dependent amplitude, A, of an acoustic
wave exponentially, as given as

EQ-TARGET;temp:intralink-;e007;326;331Aðz;ωÞ ¼ Ao10
−αzω

40π ; (7)

where Ao is the initial pressure amplitude, with units of (Pa).
Acoustic attenuation, with respect to imaging, severely decreases
the amplitude of high-frequency signals and limits spatial reso-
lution. As image resolution is dependent on the inverse bandwidth
of the transmit signal, attenuation can set an upper limit of image
resolution and maximum imaging depth due to finite signal-to-
noise ratio (SNR) of imaging systems.

2.2 Experimental Setup

Three hardware configurations [Figs. 1(a)–1(c)] are utilized for
the experiments. The first configuration [Fig. 1(a)] uses the LUS
generation laser for exciting an acoustic wave at the surface of
the sample and the second configuration [Fig. 1(b)] uses a piezo-
electric transducer to generate an acoustic wave at the surface of
the sample. The second configuration is employed to isolate the
impact of tissue surface roughness for comparison with data
from configuration one. The third setup is a pulse echo imaging
setup [Fig. 1(c)] that consists of an LUS generation laser to
excite an LUS source at the surface and a contact piezoelectric
transducer to receive the reflected and direct arrivals from the
LUS source.

Fig. 1 Schematic of the three experimental setups employed. (a) Experimental setup one: the generation
laser is used to excite an acoustic wave at the surface of the tissue sample, which is detected by the
piezoelectric transducer at the bottom of the sample. (b) Experimental setup two: a piezoelectric trans-
ducer is lightly contacted with the top of the tissue sample and emits an acoustic wave, which is detected
by the piezoelectric transducer at the bottom of the sample. (c) Experimental setup three (imaging setup):
the generation laser excites an acoustic wave at the surface of the tissue sample, which is detected by
the piezoelectric transducer at the surface of the sample. The mirror scans the generation laser spot
along the surface of the sample and the two steel rods serve as test targets.
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The generation laser is a Continuum 9030 Panther
(30 pulses∕s, 9 ns pulses) tunable optical parametric oscillator
laser, operating at discrete optical wavelengths from 800 to
2000 nm stepped in 50-nm increments. About 2000 nm is
the maximum wavelength used due to generation of laser hard-
ware constraints and significant reductions in the acoustic
source amplitude beyond 2000 nm. More specifically, the opti-
cal penetration depth becomes much smaller than the acoustic
wavelengths of interest causing significant reductions in LUS
source efficiency [see Eq. (5)] at the acoustic frequencies of
interest (0.5 to 5.0 MHz). Further, theoretical exposure thresh-
olds for skin are 10 times lower beyond 2600 nm. The beam
from the laser passes through an adjustable attenuator to a mir-
ror, which directs the beam through a 3-mm iris and then onto
the sample. Beneath the iris is a removable power meter to mea-
sure the optical power reaching the sample [Fig. 1(a)]. The tissue
sample lays underneath the iris on the transducer mounting-
bracket, which is mounted on an x − y stage rigidly secured
to the optical table [Fig. 1(a)]. The x − y stage enables centering
of the laser spot above the piezoelectric acoustic receiving trans-
ducer (Olympus V1091). The transducer mount serves as a rigid
mount for the transducer and AquasonicR 100 ultrasound trans-
mission gel couples the transducer to the tissue sample. The
transducer has a 5-MHz center frequency and a usable band-
width between 0.5 and 8.0 MHz. The piezoelectric, disk-shaped
element in the transducer is 3.0 mm in diameter yielding a far-
field distance of ∼3 cm at 5 MHz. A piezoelectric transducer is
selected to measure the waveforms to avoid variability in vibr-
ometer sensitivity and SNR due to variation in tissue optical
properties between samples. A piezoelectric transducer guaran-
tees consistent detection behavior across different tissue types
and samples. After the waveform passes through an Olympus
5077 PR pulser-receiver with a 50-dB gain and a 10-MHz
lowpass filter, a Tektronix TDS 2024B 200 MHz oscilloscope
digitizes the waveform for collection.

The second setup uses two of the same piezoelectric trans-
ducers previously mentioned. The source–transducer connected
to an Olympus 5077 PR pulser-receiver is mounted to an adjust-
able bracket fixed to the optical table. The pulser-receiver gen-
erates a one-and-a-half cycle square wave with 0.7-μs duration
peaks. The source transducer is centered above the receiving
transducer and lightly contacted with the tissue sample using
the adjustable mounting bracket. Ultrasound gel couples the
source and receives transducers to the sample. The waveform
acquisition setup and receiving transducer configuration are
identical to the first setup.

Three sample types are tested, bovine muscle, chicken breast
with skin, and a pork hock bought from the butcher and
approved for use under Massachusetts Institute of Technology
Committee on Animal Care protocol number E17-09-0320 for
use of animal tissue. All tissue samples are at least 3.5 cm in
height such that all data with frequency content <5 MHz are
in the far field of both the transducer and LUS source. The
bovine sample contains only muscle and fat, while the chicken
and pork samples both have skin at the surface with muscle and
fat tissue underneath.

The data collection process using the first setup starts by cen-
tering the laser spot above the transducer. Next, the generation
laser wavelength is manually swept from 800 to 2000 nm at
50-nm increments. Across the spectrum of wavelengths, the
laser power is kept at 7.5 mW with a spot area of 0.071 cm2

(3-mm diameter) yielding a fluence of 3.54 mJ∕cm2 per

pulse, which is skin safe across the entire evaluated optical spec-
trum to avoid tissue damage. Consequently, this fluence level is
also eye safe for wavelengths between 1500 and 1800 nm49 with
a safety factor just under 10 (30-Hz pulse frequency). The laser
power at the samples remains constant by checking the power
meter after changing the laser wavelength and correcting the
attenuator as needed to maintain constant power.

At each optical wavelength, the LUS source generated by the
laser pulse is saved on the oscilloscope for postprocessing,
resulting in 25 waveforms for each tissue sample tested.
Signals with insufficient SNR are omitted from the dataset.

The data collection process using the second setup starts by
centering the source transducer above the receiving transducer.
Next, an acoustic pulse propagates from the source transducer
through the tissue to the receiving transducer. An oscilloscope
attached to the receiving transducer digitizes the incident acous-
tic waveform on receiving transducer and the resulting data are
saved on the laptop for postprocessing. Only data on the bovine
samples are collected using the second setup.

The third setup [Fig. 1(c)], referred to from here on as the
imaging setup, uses all the same hardware as setup one except
the iris is removed to allow scanning of the generation laser spot.
The beam diameter at the surface of the sample is 2 mm and the
pulse energy is 0.8 mJ, yielding skin safe optical exposure levels
from 810 to 2000 nm. The transducer position is now on the
sample’s top surface just like the generation laser spot. The
data acquisition setup is identical to setup one. The sample
under test is bovine shoulder muscle purchased from the butcher
with two small metal wires inserted into it.

The data collection process using the imaging setup consists
of scanning the generation laser a distance of 5.4 cm in the x-
direction in 0.54-mmdiscrete steps along the sample surface
starting 0.5 cm from the transducer [Fig. 1(c)]. At each of
the 101 scan locations, the generation laser excites an LUS
source and the transducer, which remains fixed for the scan,
records the direct and reflected wave arrivals. Four scans
using generation laser wavelengths of 810, 1064, 1550 and
2000 nm comprise the dataset from the imaging setup. The ana-
log gain on the transducer remains constant across all scans. An
SAFT algorithm10 is used to generate an ultrasound image from
each scan yielding four images from four different generation
laser wavelengths on the same target.

3 Results

3.1 Waveforms and Spectra

The LUS source signals in the bovine sample, measured with
experimental setup one, exhibit a similar form to LUS source
signals observed in water11,12 [Fig. 2(a)]. The data in Fig. 2(a)
are from the bovine samples, data for the pork and chicken are
similar and are shown in Sec. 6 Appendix. The spectra of the
signals exhibit a peak near 1 MHz and a steady decay in ampli-
tude until the noise floor of the data is reached, near 3.5 MHz,
depending on the optical wavelength used [Fig. 2(b)]. The decay
in the spectral amplitude with frequency [Fig. 2(b)] is not due to
the transducer response, which is shown by the dashed line in
Fig. 2(b). The downward slope of the spectra after the 1-MHz
peak is roughly twice the expected value for acoustic power law
absorption for bovine muscle of −2.9 dB

cmMHz
.47 There is also

energy that arrives after the first peak in the time-domain signals
[Fig. 2(a)], which suggests multiple scattering along the
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propagation path. It is also possible that scattering of the rough
sample surfaces is accounting for the late arrival of energy.

The SNR of the waveforms collected from the chicken sam-
ple at the optical wavelengths of 800 and 850 nm is sufficiently
low that the waveforms are excluded from the results.
Waveforms from the pork sample at optical wavelengths of
800, 850, 900 and 950 nm are also excluded for the same reason.
None of the waveforms collected on the bovine sample are
excluded from the results.

3.2 Impact of Surface Roughness and Attenuation

The impact of surface roughness can be assessed by comparing
waveforms collected using setup one (LUS source) with

waveforms from setup two (piezoelectric source). In Fig. 3(a),
an LUS source signal generated with a 1550-nm pulse in a
bovine sample (gray line) is compared with a signal generated
by a piezoelectric transducer from setup two (thick black line).
The signals are collected on the same sample along the same
acoustic path using the same receiver. The LUS signal is also
compared with theoretical predictions (thin black line and
dashed line).

The theoretical prediction (thin black line) for the LUS
source waveform using Eq. (6) is corrected for acoustic attenu-
ation, surface roughness, and the transducer frequency response
to best predict the observed data collected from the experimental
setup and shows good agreement with the observed LUS source
signal (gray line) [Figs. 3(a) and 3(b)]. As the acoustic data are

Fig. 2 LUS source waveforms and spectra representative of the full dataset for the bovine sample.
(a) LUS source waveforms collected from the bovine sample. (b) Spectra of the waveforms in (a) calcu-
lated with a Hanning window roughly over the −1 to 1 μs interval and the frequency response of
the receiving transducer.

Fig. 3 Time-domain waveforms and spectra from the bovine sample acquired using experimental setup
one and two plotted with theoretical predictions. (a) Time-domain waveforms. The thick black line is the
data from setup two using piezoelectric transducer to send and receive the acoustic signal. The gray line
is the LUS source waveform acquired in the bovine sample with a 1550-nmwavelength optical pulse. The
thin black line is Eq. (6) corrected for acoustic attenuation in bovine muscle (−2.9 dB

cmMHz), the transducer
response, and a surface roughness factor of σ ¼ 3.4 × 10−4 m. The dashed line is Eq. (5) corrected for
the transducer response. (b) The spectra of the signals in (a) with the same line coding. Note the steeper
decrease in signal amplitude with frequency for the data from experimental setup one (gray line) com-
pared with setup two (thick black line).
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not calibrated, Eq. (6) is arbitrarily shifted vertically to compare
with the observed data. The key parameters put into the theo-
retical prediction are μa ¼ 730 m−1, σ ¼ 3.4 × 10−4 m, and
α ¼ −2.9 dB∕cmMHz. The value for σ is the value that min-
imizes the mean square error between the model [Eq. (6)]
and the data over the 0.5 to 2 MHz spectral band. The values
for μa and α are taken from the literature.45,47 The spectra of the
time domain signals from Fig. 3(a) are shown in Fig. 3(b). Both
spectra are sloping downward as expected. The negative slope of
the spectra from setup one is significantly greater than the down-
ward slope from setup two. As both signals experience the same
acoustic attenuation, the results suggest surface roughness
impacts the bandwidth of LUS signals. The nulls in the spectra
from setup two at 2.75 and 5.75 MHz are intrinsic to a square
pulse waveform. This comparison is not shown for other tissues
because reliable estimates of α for other tissues are not available
in the literature.

The experimental LUS signal from the bovine sample in
Figs. 3(a) and 3(b) shows agreement with the “corrected” theo-
retical curves and thus the hypothesis that acoustic absorption
and surface roughness play a significant role determining the
LUS source characteristics. The dashed lines in Figs. 3(a) and
3(b) are the theoretical prediction for an LUS source waveform
generated on a smooth pure-water surface corrected only for
the receiving transducer frequency response.

The experimental results are wider in the time domain
[Fig. 3(a)] and narrower in the spectral domain [Fig. 3(b)]
(gray line) compared with the theoretical predictions for pure
water. This is due to surface roughness and attenuation that
affect LUS source waveforms in biological tissues. Data col-
lected on water, not shown, are similar to the theoretical curves
with high SNR from 1 MHZ up to 9 MHz as well as a narrow
pulse.

3.2.1 Signal power as function of absorption

As shown in Eq. (5), the energy of the LUS source signal should
strongly depend on μ2a for the experiments conducted. As shown
in Figs. 4(a)–4(c), the energy as a function of optical wavelength
for each tissue closely follows the μ2a curve for water. The energy
of the LUS source signals from bovine, chicken, and pork
samples as well as the energy compensated by the efficiency
factor from Eq. (5) versus optical wavelength are shown in
Figs. 4(a)–4(c) on a logarithmic scale. On the second y-axis,
μ2a for water

45 is plotted on a logarithmic scale [Figs. 4(a)–4(c)].
The energy of an LUS source signal is calculated by integrating
the spectrum of each waveform in the 0.5- to 2.5-MHz band.

3.2.2 Impact of generation laser optical wavelength on
image quality

The images formed, using an SAFT technique,10 from the data
collected using the third experimental setup clearly show the
two rods imbedded in the bovine sample as well as the sam-
ple–table interface [Figs. 5(a)–5(d), Fig. 1(c)]. The brightness
of the rod and sample-table interface increases with optical
wavelength of the generation laser, illustrating a strong depend-
ence of image SNR on the generation laser wavelength for bio-
logical tissues [Figs. 5(a)–5d)]. The wires are the bright spots in
the images at z ¼ 2.25 cm and z ¼ 1.75 cm and are indicated
schematically by the green dots in Figs. 5(a)–5(d). The rod at
z ¼ 2.25 cm is not perfectly perpendicular to the imaging
plane and fades in and out of the image from x ¼ 1.5 to

3.0 cm. The bright return at z ¼ 4.0 cm is the sample–table
interface. The interface appears brighter than the rods despite
being located at larger range, because it is a stronger reflector
and scatterer of acoustics waves compared with the rods. The
interface appears to lift and disappear for x > 3 cm, this is likely
due to side lobe interference and the specular reflections of the
boundary. Specular reflections are not always imaged well using

Fig. 4 Dependence of signal energy uncorrected for efficiency; see
Eq. (5) as a function of optical wavelength as compared with μa of
water for bovine, chicken, and pork samples. (a) Signal energy vs.
optical wavelength for bovine sample. (b) Signal energy versus optical
wavelength for chicken sample. (c) Signal energy versus optical
wavelength for pork sample.
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SAFT techniques because SAFT was developed for imaging
point scatterers10 like the rods. The energy in the image between
the rods and the table is interference likely due to side lobes
from the sample–table interface and internal reflections and
mode conversion in the elastic rods. All images are acquired
on the identical sample with matching scan patterns and dis-
played on matching color scales.

4 Discussion
The waveform and spectral shapes of LUS source signals
observed in the tissues tested are broadly consistent with the
theory for LUS source signals in pure water (Fig. 2) when acous-
tic attenuation, surface roughness, and the receiving transducer
response are taken into account [Figs. 3(a) and 3(b)]. Further
analysis of the LUS source signals suggests that Eqs. (5) and
(6) are valid for biological tissue at the optical wavelengths
from 1400 to 1550 nm and 1900 to 2000 nm (Fig. 6). At
these optical wavelengths, μa is greater than μs, which means
the effect of scattering in the medium is small compared with
absorption.45,46,50 For the theoretical predictions in Fig. 6,

Eq. (6) is used with values of μa taken from Ref. 51, σ ¼ 1.5 ×
10−4 m and α ¼ −2.9 dB∕cmMHz and the theoretical curves
are corrected by the receiving transducer frequency response.

The agreement between the model and measured data spec-
tral slope [Figs. 3(a) and 3(b), Fig. 6] confirms the predictive
power of the theoretical models. These models indicate that the
spatial resolution of noncontact LUS imaging systems using a
pulsed laser source is controlled by the roughness of the tissue
surface and the acoustic attenuation of the tissue. The depend-
ence of the LUS source on these parameters could result in
patient and body-part-dependent resolution and system perfor-
mance. These results also indicate that the resolution of a non-
contact LUS imaging system will likely be better than 3 mm as
there is always acoustic energy in the frequency range above
500 kHz (i.e., λ ¼ c∕f).

The relative energy in the observed LUS source waveforms
for all three tissues agrees with the absorption curve for water
[Figs. 4(a)–4(c)] as predicted by Eqs. (5) and (6), respectively.
The optimal optical wavelengths for maximizing LUS source
energy are from 1400 to 1550 nm as well as 1900 to 2000 nm
[Figs. 4(a)–4(c)], consistent with Yao et al.32

Fig. 5 Dependence of image quality on the generation laser wavelength. All images are shown on
a 32-dB dynamic range and are acquired on the same sample at the same location using identical
fluences. The green dots indicate the approximate locations of the metal wires in the images.
(a) Image resulting from the dataset using a 810-nm generation laser wavelength. (b) Image resulting
from the data set using a 1064-nm generation laser wavelength (c) Image resulting from the dataset
using a 1550-nm generation laser wavelength. (d) Image resulting from the dataset using a 2000-nm
generation laser wavelength.
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These are ideal wavelength ranges to work with when devel-
oping noncontact LUS imaging systems for medical purposes.
Optical hardware operating in these ranges is commonly avail-
able. Additionally, the high optical absorption values for water
in these ranges could allow eye and skin safe designs with larger
fluence levels compared with wavelengths <1400 nm. At the
frequencies of interest (0.5 to 5.0 MHz), the high optical absorp-
tion, safety thresholds, and source efficiency [Eq. (5)] in the
1400 to 1550 nm and 1900 to 2000 nm wavelength ranges
(Fig. 7) allow for the largest safe LUS acoustic sources com-
pared with any other wavelength bands. The optical absorption
for water at 3000 nm is also high, but the efficiency for gener-
ating an acoustic source in the low MHz range is very low at this
optical wavelength [see Eq. (5)].

These results additionally suggest that higher bandwidth
ultrasonic signals can be generated in humans because the
acoustic attenuation is typically 0.5 dB

MHz
cm, which is smaller

than in bovine muscle. Additionally, the surface of human

skin in many cases will be smoother than the surface of the sam-
ples tested here. Measurements on human subjects in vivo are
not done for this study due to the difficulty in obtaining a meas-
urement location with an unimpeded acoustic path and concerns
of reliably and safely aligning the LUS source location and the
receiver. Mouse experiments are also avoided due to the lack of
a predominantly homogenous propagation path of >2.5 cm to
obtain far-field measurments. Future work should include mea-
surements in vivo and ex vivo on human tissue and, where appro-
priate, measurements in mouse models.

Lastly, it is seen [Figs. 5(a)–5(d)] that the image quality
improves with increasing optical wavelength of the generation
laser, consistent with the results showing energy in the LUS
source wave increases with increasing optical wavelength of
the generation laser. These images demonstrate the importance
of choosing a generation laser wavelength to maximize image
quality by maximizing the source amplitude. In the context of
designing a noncontact LUS system for imaging biological
tissue, one should choose a generation laser wavelength
where the absorption coefficient of water and the acceptable
human exposure limits are high to generate the largest amplitude
LUS source possible. In cases where treatment of the sample
surface is acceptable, it may be advantageous to use films
designed to have large optical absorption and thermal expansion
coefficients.25–29

5 Conclusion
LUS sources are generated using a pulsed laser at optical wave-
lengths from 800 to 2000 nm, with 50-nm increments, in bovine,
chicken, and pork tissue samples, to assess the relevant theory
and constraints for choosing an optimal generation laser wave-
length for a noncontact, nonimmersion, and surface treatment
free LUS imaging system. The data can be used as a reference
dataset for future design of noncontact LUS imaging systems for
biological tissue. The resulting dataset also expands the number
of optical wavelengths and tissues for which LUS signals have
been excited and recorded in the far field. Optical wavelengths
from 1400 to 1550 nm and from 1900 to 2000 nm are likely to
be good choices for a medical noncontact LUS imaging system.
The results also show the majority of LUS signal energy in
biological tissues is within the 0.5- and 3-MHz frequency band
for most of the generation laser optical wavelengths tested.
Experimental results suggest that, for system design purposes,
it is appropriate to model LUS source signals in biological
tissues using the LUS theory for pure water and correcting for
surface roughness and acoustic attenuation. This is not a perfect
approximation, and there are cases where it is not appropriate,
especially if predicting absolute source amplitude. A factor not
addressed is the optically inhomogeneous nature of biological
tissue, which likely further reduces the signal amplitude due
to reduced absorption and increased scattering as well as modi-
fies the signal bandwidth and even modifies the shape of the
signal.

6 Appendix
This appendix presents the data from the pork and chicken sam-
ples [Figs. 8(a)–8(d)]. The waveforms and spectra are similar to
those for the bovine sample. A skin layer is present on both
the chicken and the pork samples yet the presence of the skin
does not appear to alter the source waveform characteristics
compared with the beef sample.

Fig. 6 Spectra of LUS source signals from the bovine sample at opti-
cal wavelengths of 1400 to 1550 nm as well as 1900 to 2000 nm (gray
lines) compared with theoretical predictions including surface rough-
ness acoustic attenuation and transducer response (black lines).
Note: the curves have been arbitrarily shifted vertically to show the
agreement in the spectral slope (controlled by σ and α) between
the observations and the theory.

Fig. 7 LUS source amplitude [Eq. (5)] at 1.5 MHz versus optical
wavelength when accounting for ocular maximum permissible expo-
sure49 to a 1 ns to 1 μs long pulse. Uo is taken from Ref. 47 and μa
from Ref. 49 and all other constants in Eq. (5) are set to 1. Note how
significantly larger sources can be generated at wavelengths above
1400 nm at safe optical exposure levels.
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