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Abstract. The development and demonstration of a multiphoton photoacoustic imaging technique capable of
providing high spatial resolution chemical images of subsurface tissue components as deep as 1.4 cm below the
tissue surface is described. By combining multiphoton excitation in the diagnostic window (650 to 1100 nm), with
ultrasonic detection of nonradiative relaxation events, it is possible to rapidly reconstruct three-dimensional,
chemical specific, images of samples underneath overlying structures as well as chemical species of the
same material. Demonstration of this technique for subsurface tissue differentiation is shown, with the ability
to distinguish between grade III astrocytoma tissue and adjacent healthy tissue in blind studies. By employing
photoacoustic signal detection, the high nonradiative relaxation rates of most biological tissue components
(>90%) and the minimal signal attenuation of the resulting ultrasound compensate for excitation efficiency losses
associated with two-photon absorption. Furthermore, the two-photon absorption process results in a highly local-
ized excitation volume (ca., 60 μm). Characterization of the probing depth, spatial resolution, and ability to image
through overlying structures is also demonstrated in this paper using tissue phantoms with well-characterized
optical scattering properties, mimicking those of tissues. © 2016 Society of Photo-Optical Instrumentation Engineers (SPIE) [DOI: 10

.1117/1.JBO.21.4.047001]
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1 Introduction
Optical spectroscopic techniques have become powerful tools
for disease diagnosis and surgical guidance over the past several
decades, with numerous spectroscopic chemical imaging meth-
ods being employed for the real-time monitoring of both endog-
enous biomarkers as well as exogenous contrast agents.1–5

Nevertheless, a major challenge in using optical techniques
for many tissue diagnostics is the concurrent need for improved
spatial resolution and deeper penetration depths, particularly for
subsurface imaging applications.1 A wide variety of laser
spectroscopic methods have been developed over the past sev-
eral decades that are capable of obtaining chemical images of
samples with spatial resolutions ranging from microns to a
few tens of nanometers depending on the transduction method
employed as well as the depth at which the measurement is
made.3–13 However, the techniques that provide spatial resolu-
tion in the micron and submicron regime (e.g., fluorescence,
optical coherence tomography, and so on) are generally limited
to obtaining images at depths of hundreds of microns or less.
This limitation is typically due to either strong absorption of
the excitation light or scattering of either the excitation or emit-
ted light. In the case of conventional fluorescence imaging,
ultraviolet or visible wavelengths are often required to have suf-
ficient energy to excite various chemical species being interro-
gated. Because of this limitation in excitation wavelengths
and the strong broadband absorption properties of tissues in
the ultraviolet and short-wavelength visible region of the

electromagnetic spectrum, such diagnoses are generally
restricted to layers of tissue <200-μm below the surface, thereby
limiting the applicability of such analyses to surface tissues.

To increase the useful penetration depth of fluorescent tissue
imaging, significant research efforts in the development and
application of near-infrared (NIR) absorbing exogenous dyes
(i.e., contrast agents) have grown.14 These dyes take advantage
of the significantly greater penetration depths associated with
NIR excitation light, due to minimal absorption over the optical
diagnostic window (∼650 to 1100 nm). Unfortunately, scattering
of both the excitation light as well as the emitted fluorescent light
from the dye still limits the ability to obtain high resolution (i.e.,
cellular level) chemical images at significant depths in most cases,
limiting the use of such methods primarily to general diagnostics.
Furthermore, issues associated with dye localization (i.e., target-
ing) in living tissues, toxicity, and photobleaching have also pre-
sented significant challenges in this promising field.

An alternate approach that has seen some limited success in
obtaining high-resolution subsurface chemical images of tissue
is multiphoton fluorescence, which has been employed by sev-
eral groups15–18 for tumor demarcation and bioimaging.19 In this
case, excitation light in the NIR is used to excite ultraviolet and
visible absorbing chromophores in a highly localized excitation
volume,20 minimizing both background luminescence and sam-
ple damage due to photobleaching.21 Additionally, the use of
excitation light in the NIR optical diagnostic window allows
for significant depth of penetration while allowing for excitation
of chemical species at the focal point that would typically
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exhibit single-photon absorption at approximately twice the
energy (i.e., 325 to 550 nm). Consequently, this allows for exci-
tation of most endogenous chromophores in tissues at signifi-
cantly greater depths (millimeters to centimeters) than are
possible via single-photon excitation. While this highly local-
ized “deep” tissue excitation has found some applications, its
ability to be used for high-resolution subsurface imaging has
been greatly hampered by both the absorption of the resulting
visible fluorescence prior to exiting the tissue surface as well as
the significant background two-photon fluorescence generated
at the tissue-air interface,22 which has been demonstrated to ulti-
mately limit the depth at which such analyses can be performed
due to signal to noise/background limitations.23

To overcome the limitations associated with signal loss fol-
lowing NIR two-photon excitation of tissues, the application of
photoacoustic detection as the means of signal transduction
has been developed over the past decade for subsurface
analyses.24,25 Unlike single-photon absorption-based photo-
acoustic imaging in tissues, which relies primarily on excitation
of oxygenated and deoxygenated hemoglobin for tissue contrast
due to hemoglobin’s red-shifted absorption (compared to most
endogenous chromophores),26–34 the use of nonresonant, two-
photon absorption results in both a localized excitation as
well as the ability to effectively excite species that typically
absorb UVor visible light.35–39 Furthermore, since photoacous-
tic detection relies on nonradiative relaxation and quantum
yields for endogenous chromophores are typically <10% for
even the most fluorescent species,40 the resulting ultrasonic
wave generated represents the majority of the energy absorbed
and suffers from minimal attenuation over the distances excited
by NIR light, making it an extremely sensitive technique.

In this paper, we demonstrate the potential of multiphoton
photoacoustic spectroscopy for differentiating between healthy
and malignant (grade III astrocytoma) brain tissues, based on
blind studies from multiple excised, flash frozen human brain
tissue matched pair samples. These samples were independently
classified as healthy or malignant via histopathology for com-
parison. In addition, characterization of the spatial resolution
and maximum subsurface analysis depth achievable using
this multiphoton photoacoustic technique at ANSI safe laser flu-
ences is determined using well-characterized tissue phantoms,
with optical scattering properties consistent with brain tissues.

2 Experimental Methods

2.1 Chemicals and Materials

2.1.1 Tissue samples

Twelve matched pairs of excised, grade III astrocytoma, and
adjacent healthy brain tissue biopsy samples from 12 different
patients were purchased from Asterand PLC and employed for
training and blind studies. Tissue samples were purchased as
snap frozen samples, ∼5-mm thick, and stored at −80°C.
Prior to photoacoustic analysis, they were slowly warmed to
room temperature under ambient conditions.

2.1.2 Chemicals

Gelatin from bovine skin (type B) was purchased from Sigma-
Aldrich Inc. and used to make gelatin tissue phantoms. Double
distilled and deionized water was used for all solutions in gelatin
tissue phantom preparation. Rhodamine B (RhB) was also
purchased from Sigma-Aldrich Inc. and used without further

purification. Alumina (Al2O3) particles (0.3-μm diameter)
were purchased from Baikowski Int. Corp. Acoustic coupling
gel (Aquasonic 100, Parker Lab Inc., New Jersey) was used
to couple the piezoelectric transducer to the samples for photo-
acoustic analyses.

2.2 Sample/Gelatin Phantom Preparation

Preparation of gelatin tissue phantoms was performed by mixing
bovine-derived gelatins with Al2O3 particles (to mimic the opti-
cal scattering properties of brain tissues) as well as RhB. RhB
was used during characterization studies as a model compound
and with samples prepared from a common stock solution. A
1 × 10−3 M stock solution of RhB was prepared by adding
0.2395 g of RhB to 500 mL of double distilled and deionized
water. Lower concentration solutions, ranging from 1 × 10−6 M
to 10 × 10−6 M, were then subsequently prepared from this
stock to generate RhB-doped gelatins of various concentrations.

To provide optical scattering properties comparable to the
worst case frontal lobe brain tissue (i.e., reduced scattering coef-
ficients of ranging from 20 to 40 cm−1),41 0.01% (w/w) of
0.3-μm diameter Al2O3 was added to the 50-mL RhB solution
prior to mixing with bovine gelatin, resulting in gelatins with
reduced scattering coefficients of 38 to 39 cm−1. For resolution
and depth penetration studies, 3.0 g of gelatin was added to each
of the 50-mL RhB solutions while stirring and heating to 90°C.
After the gelatin was completely mixed in the solution, the mix-
tures were poured into 0.5- or 0.1-cm-thick aluminum molds to
gel. In addition, various thickness blank gelatins (having scat-
terers but without dye embedded into them) were also created
via the same procedure. Following extraction of the solid gelat-
ins, their thicknesses and uniformity were verified via optical
microscopy.

2.3 Multiphoton Photoacoustic Measurement
System

Multiphoton photoacoustic measurements were performed
using the laboratory-based system shown in Fig. 1. A nanosec-
ond (i.e., <5 ns) pulsed, β-barium oxide (BBO)-based optical
parametric amplifier (OPA; Opotek Inc., Vibrant B), pumped

Fig. 1 Schematic diagram depicting multiphoton photoacoustic
measurement system employed for tissue differentiation and imaging.
Inset shows an image of a typical brain tissue sample on the
transducer.
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by the third harmonic of an Nd:YAG laser, with maximum out-
put energy of 20 mJ∕pulse (10 Hz), was used as the excitation
source. This allowed for continuous spectral tuning over the
diagnostic window from 700 to 1100 nm. Reduction of
power, from the maximum to the ANSI tissue safe levels
employed, was achieved by detuning the q-switch of the
pump Nd:YAG laser. To ensure complete removal of any of
the visible signal beam from the OPA, an external 680-nm
long-pass filter was employed in addition to the internal
beam selection optics. This 680-nm long-pass filter removed
any residual bleed-through of visible signal beam and second
and third harmonics from the Nd:YAG laser that escape the
OPA housing without reducing the output power of the idler
beam below the tissue safe powers used in the various experi-
ments. The resulting laser beam was then focused via an f∕2
lens onto the tissue sample, which was located on top of a non-
focused, broadband 1.0-MHz ceramic piezoelectric transducer
(0.5-in. diameter; Panametrics Inc.) used for acoustic detection.
Using an unfocused transducer, negligible biasing of the mag-
nitude of the measured signal due to position of the generated
ultrasonic wave occurred. Furthermore, the small size of the
biopsied samples (i.e., ∼5 mm) makes the use of a focused
transducer unnecessary, due to minimal signal loss. A 1-MHz
center frequency broadband transducer was employed because
of its availability and reasonable response following sample
excitation with a 5-ns laser pulse. The output of the piezoelectric
transducer was then coupled to a 500-MHz digital oscilloscope
that was triggered by a fast photodiode monitoring the laser fir-
ing events. Generation of the optical trigger was performed by
placing a glass microscope slide in the laser beam, allowing the
minimal reflection off the slide to illuminate the fast photodiode.
By employing a glass microscope slide as the beam splitter for
triggering, minimal power is lost from the sample excitation
beam while generating a measurable signal to monitor the rel-
ative laser power from pulse-to-pulse and ensure that only sig-
nals generated from excitation pulses greater than the threshold
needed for two-photon excitation were signal averaged. To
account for pulse-to-pulse variability in the laser power output,
as well as to improve the signal-to-noise ratio of the measure-
ments, acoustic signals corresponding to 300 excitation events
were averaged for each wavelength analyzed in these studies.
Although pulse-to-pulse normalization of the photoacoustic sig-
nals based on the measured laser powers is possible, it was
found that after averaging 300 pulses, such normalization
was unnecessary since it provided negligible difference to the
average signals.

2.4 Multiphoton Fluorescence System

Multiphoton fluorescence analyses were performed with the
same OPA laser used for excitation and an inverted epifluores-
cence microscope (Nikon Eclipse TE2000-S) equipped with an
intensified charge-coupled device (ICCD; Roper Scientific,
Model PI-MAX) for signal collection. Filtering of the fluores-
cent light was performed using a standard Nikon rhodamine fil-
ter cube in the typical arrangement. The angle of the excitation
beam with respect to the sample and microscope stage varied
depending upon whether penetration depth or longitudinal res-
olution studies were being performed [details of the excitation
angle are discussed in Sec. 3 for each study along with sche-
matic diagrams, depicting the two-photon excited fluorescent
measurement systems employed; Figs. 3(a) and 4(a)].

3 Results and Discussions

3.1 Brain Tissue Differentiation

In order to demonstrate the potential of multiphoton photo-
acoustic spectroscopy for rapidly differentiating between
healthy and malignant brain tissues, analysis of 12 pairs of biop-
sied, flash frozen, human brain tissue samples was performed
and the results were compared to independent histopathology
results. These matched tissue pairs were acquired from
Asterand PLC and came from 12 different patients of varying
age and race, with each pair consisting of one malignant astro-
cytoma (grade III) biopsy sample, and one neighboring healthy
tissue biopsy sample from the frontal lobe of the same patient for
comparison.

Analysis of the samples was performed by placing the par-
ticular excised tissue sample of interest on top of a broadband
piezoelectric transducer with acoustic coupling gel. In order to
ensure effective coupling of the acoustic signals to the trans-
ducer, the sample was gently rubbed in the gel with tweezers
to reduce the presence of any air bubbles in the coupling gel
between the sample and transducer. Once the sample was posi-
tioned, the filtered, NIR output of the OPAwas focused into the
center of the tissue using an f∕2 biconvex lens, perpendicular to
the transducer’s surface to ensure that the signal generated was
due to absorption by the tissue and not interaction of the exci-
tation light with the transducer itself. The resulting photoacous-
tic signals were collected by the transducer and averaged on a
digital oscilloscope, with the output of 300 laser shots being
averaged for each excitation wavelength to account for shot-
to-shot laser power fluctuations, while also improving the sig-
nal-to-noise ratio of the measurements. Although this resulted in
data acquisition times of several seconds at each wavelength
using the Q-switched OPA employed in these studies, the use
of comparable kHz or MHz mode-locked excitation sources
(e.g., topaz prime OPA; light conversions, and so on) should
allow for achievement of subsecond analysis times that
would be required for in-vivo analyses.

Figure 2(a) shows typical reconstructed two-photon induced,
photoacoustic spectra from one of the malignant grade III astro-
cytoma tissue samples (solid circles) and it is corresponding
matched healthy tissue (open circles). Excitation wavelengths
from 740 to 1100 nm were used to cover the optical diagnostic
window in the NIR without providing significant excitation of
hemoglobin via one photon excitation, which occurs primarily at
wavelengths below 740 nm. Additionally, excitation powers
(power densities) were kept at 20 mW for these measurements,
well below ANSI specified tissue safe limits, to demonstrate this
technique’s potential for future in-vivo applications.

To verify that the signals generated were due to two-photon
absorption, as opposed to weakly absorbing single-photon
absorption events, laser power studies were performed for
each tissue sample, revealing a quadratic power dependence,
indicative of two-photon absorption. Figure 2(b) shows a typical
excitation power-dependent photoacoustic signal response for a
grade III astrocytoma sample excited at 750 nm, with data points
representing the experimental results and the dotted fit showing
a clear quadratic power dependence. The equation for the best fit
quadratic curve was found to be y ¼ 40879þ 988.21x2.3ð�0.2Þ,
revealing a value of 2.3 for the power dependence. This value is
typical for all of the tissue samples (between 740 and 1050 nm),
with power dependences decreasing to a minimum of 1.4 for
excitation wavelengths >1050 nm. This reduction in the
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order of the power-dependent term at these longer wavelengths
is suggestive of the fact that at longer wavelengths, there are
reduced contributions from two-photon absorbers and the
increased single-photon absorption by water at wavelengths
between 1050 and 1100 nm begins to start dominating. This
would also explain why both healthy and malignant tissue sam-
ples show relatively similar intensities in this wavelength range.
In addition to ensuring the quadratic power dependence of the
signals at each wavelength, temporal filtering of the acquired
signal was also performed, as described previously,35 restricting
the potential for single-photon induced interferences from other
locations throughout the sample (e.g., the sample surface where
potential nonlinear effects can occur) from contributing to the
measured signal.

Further verification of the two-photon induced origin of the
spectra shown in Fig. 2(a) was demonstrated by performing the
same analyses on the same tissue samples while exciting them
with laser powers incapable of promoting measurable two-photon
signals. Figure 2(c) shows an example of such measurements for
typical healthy (solid circles) and malignant (open circles) tissue
samples following excitation with 1-mW excitation power. This
excitation level is below the threshold needed for measurable
two-photon excitation of the tissues (∼10 mW), as seen from
the power dependence curve in Fig. 2(b). At excitation powers
<5 mW, a linear power-dependent fit provides a reasonable esti-
mation of the power dependence. From Fig. 2(c), no significant
difference between the spectral response between the healthy
and malignant tissue sample can be observed. In addition, the sig-
nals are significantly weaker than those seen in Fig. 2(a) and reveal
the opposite spectral trend, with the largest signals occurring at the
longer wavelengths (i.e., >1050 nm). This is what might be
expected from such single-photon excited measurements in

excised (nonblood perfused) tissues where water absorption
would dominate at wavelengths between 1050 and 1100 nm.

Based on the two-photon excited tissue spectra in Fig. 2(a), a
clear difference can be seen between the healthy and malignant
tissue samples at the short-wavelength NIR excitation (i.e.,
740 nm) region, with the endogenous chromophores in the
malignant tissues providing significantly greater absorption
than the healthy tissue. However, at longer wavelengths (i.e.,
1100 nm), the signals from the two different matched samples
(i.e., healthy and malignant) are statistically the same. This same
trend was found to exist in all 12 of the matched tissue pairs,
with the short wavelength NIR resulting in significantly greater
signals for the malignant tissues than in their corresponding
matched healthy tissue. In addition, in every case, a relatively
narrow band at 970 nm was found to exist (quadratic power
term at 970 nm was found to be 1.9� 0.1) for the malignant
tissue and not the healthy tissue samples. Although the exact
chemical species responsible for generating these differential
signals is unknown (and beyond the scope of this manuscript),
the significant increase in two-photon absorption at 740 nm for
the malignant tissues, relative to the healthy tissues, could
potentially be due to differences in the oxidation state of various
endogenous biochemical species, such as flavins. Such species
would provide significant two-photon absorption in this wave-
length region and have been previously demonstrated in cellular
studies to exhibit significantly altered levels between healthy
and malignant cells.42,43 Furthermore, as the two-photon excita-
tion wavelength approaches 1100 nm, the number of potential
endogenous absorbers dramatically decreases, resulting in a
reduced two-photon photoacoustic signal for both healthy
and malignant tissue samples and similar magnitude signals
at these longer wavelengths.

Fig. 2 (a) Representative multiphoton photoacoustic spectra of grade III astrocytoma tumor tissue (solid
dots) and healthy (open circles) brain tissue. (b) Excitation power dependent photoacoustic signal
response. (c) Photoacoustic spectra of same healthy (solid circles) and tumor (open circles) tissue sam-
ples obtained with 1-mW laser power. (d) Average ratiometric signals at the wavelength ratios of
740 nm:1100 nm and 970 nm:1100 nm for healthy (H) and tumor (T) tissues. Error bars represent
90% confidence limits.
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Since the absolute magnitude of the photoacoustic signals is
largely dependent on optical and acoustic scattering within the
sample as well as the acoustic coupling of the sample to the
transducer, ratiometric analysis of signals taken at 740, 970,
and 1100 nmwas evaluated to more reliably distinguish between
the healthy and malignant brain tissues based on endogenous
chemical differences. Statistical results from these ratiometric
analyses are shown in Fig. 2(d), with each of the dozen matched
pair tissue samples being analyzed three times by different indi-
viduals. Each bar in Fig. 2(d) represents the average of these 36
replicate analyses on either healthy or malignant tissue with the
error bars corresponding to the 90% confidence interval. The
740:1100 nm ratio, for the malignant tissue samples, was
found to have a value of 23.0� 6.1, while the healthy tissue
samples provided a value of 9.0� 2.5, clearly demonstrating
a statistical difference between the two tissue types (with greater
than 90% confidence) based on this single two wavelength
analysis. Furthermore, if a ratiometric analysis of the two-pho-
ton photoacoustic signals following 970:1100 nm excitation is
performed, distinct statistical differences are also found to exist,
with malignant tissues resulting in a ratio of 8.5� 3.0 and the
healthy tissue samples corresponding to 1.3� 0.5. These results
demonstrate a clear ability to distinguish between the excised,
flash frozen tissues with a simple ratiometric analysis, offering a
great potential for rapidly distinguishing biopsy samples and
possibly allowing for a rapid diagnosis and surgical guidance
tool that could one day be used in vivo. In addition, since
the 970-nm band is well separated from the shorter wavelength
of 740-nm band, it is likely that the biochemical specie(s)
responsible for the differential absorption at these two wave-
lengths are two (or more) different biomarkers. If these two
biomarkers are not related by a common biochemical reac-
tion/signaling pathway within the tissue, they would represent
two independent measures for differentiation, each with >90%
certainty, resulting in a combined certainty of greater than 99%
for tissue diagnoses based on only three measurements.

Following determination of the ratiometric thresholds for
classification of the excised tissue samples, blind studies
were performed to evaluate the comprehensive variability of
sample-to-sample as well as analyst-to-analyst. In these studies,
the same 12 matched pair samples used for determining the
ratiometric thresholds were measured a total of 125 times by
four different individuals. Using a two-wavelength discrimina-
tion analysis ratio at 740:1100 nm, the tissue sample was cor-
rectly classified as either healthy or malignant 123 out of 125
times based on these 90% confidence intervals and asking the
corresponding question, “is this representative of a grade III
astrocytoma?”. In the two cases that failed to provide an accu-
rate classification, based on this analysis, measured signals were
extremely weak for the entire spectrum and resulted in ratios of
15.4 and 14.7, which are still well above the 90% threshold
value for healthy tissues, but outside of the 90% confidence
interval for classification as grade III astrocytoma. Similarly,
using the 970:1100 nm ratio, the tissue samples were correctly
identified 118 out of 125 times, using the same discrimination
criteria, with the seven inaccurately classified samples providing
ratios of 4.3, 4.6, 4.1, 4.6, 4.4, 4.4, and 4.8, falling just outside of
the 90% confidence interval for classification as grade III astro-
cytoma, but all again falling outside of the 90% confidence
interval for healthy tissue classification. In fact, for all blind
analyses, both the 740:1100 nm ratio and the 970:1100 nm
ratio, the malignant tissues were classified as “not healthy”

(i.e., a ratio of >11.5 for 740:1100 nm ratio or >1.8 for
970:1100 nm ratio) for all 125 measurements. Furthermore,
if both ratios were employed for blind studies and when either
ratio (i.e., 740:1100 nm or 970:1100 nm) provided a result
within the 90% confidence interval for malignant tissue classi-
fication, it was classified as malignant, and the study correctly
identified all of the 125 samples. Although more refined thresh-
old values and classification algorithms would need to be devel-
oped before clinical application of such a technique, including
the introduction of additional astrocytoma grade and neoplastic
tissues as well as in-vivo tissue training sets for potential future
in-vivo classifications, the results from these blind studies dem-
onstrate a great potential for the rapid differentiation of healthy
and advanced stage (i.e., grade III) astrocytoma tissue using
two-photon photoacoustic spectroscopy.

3.2 Probing Depth and Axial Spatial Resolution

To further characterize the potential of multiphoton photoacous-
tic spectroscopy for subsurface tissue diagnostics and imaging,
penetration depth and spatial resolution studies were performed
on gelatin tissue phantoms. In these studies, gelatin tissue phan-
toms doped with 0.01% (w/w)Al2O3, to provide optical reduced
scattering coefficients comparable to frontal lobe brain tissues
over the red and NIR spectral region (i.e., 39 cm−1), were fab-
ricated and employed. These gelatin phantoms were prepared by
homogenously dispersing micromolar concentration solutions
of RhB and the Al2O3 throughout gelatin slabs prior to gel for-
mation in a process previously described.44,45 To provide differ-
ent thickness samples, aluminum molds of precise thicknesses
ranging from 1 mm to 2 cm, in 1-mm increments, were used.
Once the gelatins had set, their scattering properties over the
optical diagnostic window were verified by optical scattering
measurements,44 to have reduced scattering coefficients between
38 and 39 cm−1, representative of the high end of reduced scat-
tering coefficients for frontal lobe brain tissues. Since the maxi-
mum depth of penetration into tissues for multiphoton
photoacoustic spectroscopy using NIR excitation light in the
optical diagnostic window is limited by the optical scattering
of the sample (not the absorption by the tissue or the propagation
of the ultrasonic signal generated),15,22,23 multiphoton fluores-
cence studies were performed to determine the maximum
depth at which subsurface tissue analyses could be performed
using tissue safe laser powers. Unlike two-photon excited fluo-
rescence, the ultrasonic signal generated from the nonradiative
relaxation exhibits minimal attenuation over the optical probing
depth, limiting the analysis only to the depth at which significant
two-photon absorption can occur at tissue safe powers.

In these studies, the rhodamine-embedded gelatin tissue
phantoms were placed on an inverted microscope stage and illu-
minated from above via the OPA [as shown in Fig. 3(a)]. Due to
physical constraints associated with the microscope, the OPA
beam was brought in at ∼12- deg angle relative to the
perpendicular to the stage. The OPA was focused via an f∕2
lens onto the bottom side of the sample (i.e., z-plane of the
microscope stage), at the same height as the focal plane of
the microscope objective. Aligning the OPA’s focus and the
microscope’s image plane to the lower surface of the gelatin
insured that the entire thickness of the gelatin was traversed
prior to excitation, while also reducing scatter of the resulting
fluorescent light. Simply by replacing one gelatin phantom for a
different thickness gelatin phantom and monitoring the resulting
two-photon excited fluorescence, the maximum excitation depth
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possible via two-photon excitation (using tissue safe powers), as
well as the axial spatial resolution of the measurement system,
was determined. While the exact maximum measurement depth
for every chemical species will be different depending on its
absorption coefficient and concentration within the tissue, the
use of rhodamine as a model compound at micromolar concen-
trations provides a similar two-photon absorption cross-section
to many of the dominate endogenous chromophores in tissue
and at comparable or lower concentrations than the endogenous
chromophores. Furthermore, it allows for visualization of the
two-photon excitation volume in the axial dimensions, provid-
ing a conservative measure of the multiphoton photoacoustic
excitation volume at different depths within the sample.

Two-photon excitation of the rhodamine B was performed
using 20 mW, 1050-nm laser pulses (5 ns∕pulse), corresponding
to power densities of 0.05 W∕cm2. One thousand fifty nano-
meters corresponds to the two-photon absorption maximum for
rhodamine B. The resulting fluorescence emission was filtered
with a standard Nikon rhodamine filter cube (mounted in a
Nikon TE2000 epifluorescent microscope) and imaged using
the fluorescence microscopic imaging system described previ-
ously. Measurements were then made for gelatins ranging in thick-
ness from 1 mm to 1.5 cm in 1-mm increments. For each
thickness, five different gelatin samples were prepared and imaged
to provide statistical analyses.

Intensity normalized, two-photon induced, fluorescence
images of typical gelatin samples ranging in thickness from
1.1 to 1.4 cm can be seen in Fig. 3(b). From the image taken
with a 1.1-cm gelatin phantom (upper left image), the localized
fluorescence excitation spot can easily be seen, with a size of
∼60 μm along the longest axis. The slightly elongated (i.e., non-
circular) shape of the fluorescent emission is due primarily to the
slightly off-axis excitation angle, with a small amount of the
shape attributed to the excitation beam profile. Similar two-pho-
ton excited fluorescence excitation spots can also be seen in the
images corresponding to 1.2-, 1.3-, and 1.4-cm thick gelatin
phantoms, with the intensity decreasing with increasing

thickness. From these images, it can be seen that two-photon
excitation in the optical diagnostic window is possibly as
deep as 1.4 cm using tissue safe laser powers. Although a
two-photon excited fluorescent spot could also be seen in the
1.5-cm sample (image not shown), the signal intensity was
not statistically different than that of the blank tissue phantom
(i.e., tissue phantom without rhodamine) at the 90% confidence
interval, suggesting that 1.4 cm is the maximum depth that can
be probed prior to optical scatter of the excitation beam limiting
the ballistic photons available for two-photon excitation.
Furthermore, as expected, these images also reveal a relatively
constant axial excitation area independent of the excitation
depth. This is due to the fact that any scattered excitation pho-
tons cannot contribute to the two-photon absorption process,
therefore, no matter how scattering the sample, the excitation
volume is dictated by the source diameter and excitation optics.
Therefore, using the same excitation source and optics for two-
photon photoacoustic measurements, the resulting axial excita-
tion area will be ∼60 μm in diameter, with a slight decrease in
excitation area at depths >1.3 cm, where the ballistic photon
density decreases to a point where two-photon excitation on
the edges is diminished. This 60-μm spatial resolution is suffi-
cient to provide near cellular level spatial resolution while still
providing significant two-photon photoacoustic signals neces-
sary for tissue differentiation.

To verify the ability to generate two-photon excitation events
at depths of 1.4 cm or less in the presence of both optical scat-
tering as well as optical absorption associated with real brain
tissue samples, a similar study was performed with excised
brain tissue samples acting as the scattering overlayer. In this
study, an 1-mm thick RhB doped gelatin sample (without
Al2O3 scatters) was fabricated and placed on the fluorescence
measurement system, with three separate biopsied tissue sam-
ples stacked on top of the gelatin, providing an overall tissue
thickness of 1.4 cm. Because several tissue samples had to
be stacked to provide a comparable thickness to that determined
from the tissue phantoms, acoustic coupling gel was placed

Fig. 3 (a) Schematic diagram depicting the excitation system used for maximum penetration depth and
axial spatial resolution studies. (b) Two-photon excited fluorescence images obtained from RhB doped
gelatin tissue phantoms obtained at different depths. (c) Two-photon excited fluorescence image of RhB
doped gelatin tissue with an ∼1.4-cm thick brain tissue overlayer.
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between each biopsy sample to reduce interface effects. Once
the gel coupled tissue samples were placed on top of the dye
doped gelatin, fluorescence images were obtained by exciting
through the overlying tissue with 1050-nm laser light. The cor-
responding two-photon excited fluorescent image of the gelatin
is shown in Fig. 3(c). From this image, which has been intensity
normalized to match the images in Fig. 3(b), a clear fluorescent
excitation spot can be seen. This fluorescent spot appears
slightly lower in intensity than the 1.4-cm thick gelatin phantom
image in Fig. 3(b), however, they are statistically the same. In
addition, the diameter of the excitation spot is ∼60 μm, compa-
rable to the size of the spot obtained in the nonabsorbing tissue
phantom studies; thereby confirming the comparable scattering
properties of the gelatin phantoms to real tissues and verifying
that the dominant limitation of two-photon excitation of tissues
over this spectral range is due to scattering loses as opposed to
absorption loses.

3.3 Longitudinal Spatial Resolution

In order to determine the volume of sample probed during a sin-
gle analysis, it is also essential to determine the longitudinal res-
olution of the two-photon excitation occurring. To achieve this,
two-photon excited fluorescence studies similar to those
described for the axial resolution analyses were performed,
but with the excitation laser beam oriented parallel to the surface
of the microscope stage on which the gelatin phantom was
placed [see Fig. 4(a)]. This orientation allows for the length
of the two-photon excitation volume to be imaged along the
axis of light propagation. The same f∕2 lens was used for focus-
ing the laser into the rhodamine embedded tissue phantom, with
the focal point kept as close to the bottom surface of the gelatin
as possible to prevent significant scattering of the fluorescent
light before being imaged by the microscope. This distance
was ∼2 mm from the bottom of the gelatin sample to prevent
clipping of the excitation beam by the microscope stage. As
can be seen from the fluorescent image shown in Fig. 4(b)
(taken 1.1 cm into a gelatin tissue phantom), the length of
the fluorescent spot along the laser axis is ∼70 μm. This
image was obtained at a 1.1-cm depth within the sample,
with multiple excitation events coadded (resulting in a slightly
saturated image) to ensure the maximum longitudinal excitation
length possible is measured, thereby providing a conservative
estimate of the longitudinal resolution. Similar to the radial res-
olution measurements, the deeper into the sample you excite, the

more scatter occurs and the length of the excitation volume will
only decrease, improving the longitudinal resolution. As
expected, this dimension is slightly larger than the axial dimen-
sions but is still on the size scale of one to two cells in a tissue
sample. This longitudinal resolution was verified to be ∼70 μm
at all depths within the gelatin phantom between 1 and 1.3 cm.
The resulting 60 μm × 60 μm × 70 μm two-photon excitation
volume determined in these studies (which corresponds to a
slight overestimation due to scattering of the generated fluores-
cent light) suggests that two-photon photoacoustic signals
responsible for tissue differentiation are generated at the cellular
or near cellular level (i.e., one to five cells).

3.4 Subsurface Imaging

Following determination of the optical penetration depth and spa-
tial resolution of the two-photon excitation process, the ability of
the technique to three-dimensionally image analytes of interest
through overlying structures was evaluated. In this study, a
1.5-cm-thick gelatin tissue phantom was created as described pre-
viously, however, at depths of 5-mm, 7-mm, and 9-mm, three pol-
ymer microtubes (internal diameter 250 μm) were inserted and
filled with solutions of 1 × 10−6 M RhB, as shown in Fig. 5(a).
Micromolar RhB solutions were employed as the model
analyte for these studies to provide a conservative estimate of
the contrast potential biomarkers of interest might provide. At a
concentration of 1 × 10−6 M, this is well below that of many bio-
markers, and the high quantum yield (i.e., ∼90%) of rhodamine
results in the vast majority of the absorbed energy being emitted
radiatively and not contributing to the photoacoustic signal, as
opposed to most biological chromophores, which have quantum
yields of <10%.40

In order to generate three unique structures in each of the
different z-planes, each tube was oriented in a different direc-
tion. Once fabricated, two-photon photoacoustic images were
obtained using the measurement system, as shown in Fig. 1.
The laser was focused to different depths within the sample, cor-
responding to the depth of the sample being imaged (e.g., 5 mm,
7 mm, and so on) and the sample and piezoelectric transducer
were raster scanned together in the x and y planes in 50-μm
increments (keeping the laser focal point fixed in space). By ras-
ter scanning the piezoelectric transducer and sample together as
one unit, with the micrometer controlled x-, y-, z- positioner,
precise determination of the location being probed by the
fixed laser focus was achieved without the need to alter the

Fig. 4 (a) Schematic diagram depicting longitudinal spatial resolutionmeasurement. (b) Multiphoton fluo-
rescence image obtained from RhB doped gelatin phantom obtained at a depth of 1.1 cm below the
surface.
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contact between the sample and the piezoelectric transducer
from measurement-to-measurement. Image planes of every 1-
mm deep, from 4 mm through 10 mm within the sample,
were measured and reconstructed. The resulting reconstructed
image slices are shown in Fig. 5(b). In addition, white light
microscopy images of the sample are also shown (leftmost col-
umn of images) with the focal plane of the microscope objective
adjusted to highlight the corresponding microtube structure
imaged via two-photon photoacoustic spectroscopy. From
these reconstructed images, the location, orientation, and size
of the rhodamine-filled microtubes can be easily seen for
each of the depths (5, 7, and 9 mm) with a clear contrast
from the surrounding gelatin sample. Even at a depth of
9 mm, where the two-photon induced photoacoustic signal is
expected to be significantly weaker due to greater scattering

of the excitation light and a reduced number of ballistic photons
available for two-photon absorption, a significant contrast can
still be seen. Furthermore, by raster scanning in 50-μm steps
across the 250-μm rhodamine-filled microtube, the resulting
images confirm the ∼60-μm axial spatial resolutions previously
measured via fluorescence. In addition, it should also be noted
that the images shown are obtained by exciting the sample
through the overlying microtube structures without causing
any distortions or backgrounds (i.e., ghosts) within the deeper
images. This ability to visualize at a specific depth without inter-
ference from overlying structures highlights a major advantage
of using two-photon excitation for signal generation. This ability
to image without distortions or effects from overlying structures
can be further seen in the two-photon photoacoustic images
obtained at depths corresponding to no microtubes being present

Fig. 5 (a) Schematic diagram depicting the three-dimensional orientation of the embedded objects in the
model tissue phantom. (b) Reconstructed multiphoton photoacoustic images of different depths within the
tissue phantom, following 1050-nm excitation, revealing the location of model structures. Depth planes of
5 through 9 mm below the surface are imaged with 50 μm x -y step sizes. (c) Reconstructed multiphoton
photoacoustic planar images of tissue phantomswith hemoglobin added throughout the gelatin at excess
physiological concentrations, revealing the ability distinguishing the RhB filled microtubes in the pres-
ence of the dominant NIR absorbing background.
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(i.e., 6- and 8-mm deep). From these two images, a relatively
uniform intensity can be seen, corresponding to the background
intensity in each of the other image planes. To verify that the
image contrast from the phantom layers with microtubes was
not due to absorption or scattering effects associated with the
microtubes themselves, similar images were obtained from
gelatin phantoms having microtubes filled with only gelatin
(no rhodamine) and no signals other than background were
observed.

To further verify the contrast abilities of this technique, and
its potential usefulness in blood perfused tissue analyses, a sec-
ond gelatin phantom embedded with rhodamine-filled micro-
tubes and loaded with hemoglobin throughout the gelatin
matrix was fabricated. This gelatin phantom was created
using a process similar to that described in the previous
study except that the solution in which the gelatin matrix
was allowed to gel contained 150 g∕L of hemoglobin (50:50
mixture of oxy- and deoxyhemoglobin) in distilled water.
This concentration was chosen because it represents a signifi-
cant excess over what is found in blood, thereby representing
an overestimation of what might be encountered in blood per-
fused or living tissues.46–48 To ensure that the hemoglobin did
not degrade, the temperature of the gelatin was not allowed to
exceed 37°C during the gel formation process. Once the body of
the gelatin phantom was created, 1 × 10−6 M rhodamine B-
filled microtubes were added the same way as before.
Hemoglobin was doped into the phantoms because it represents
the dominant tissue constituent exhibiting single-photon NIR
absorption over the diagnostic window47,49 and the ability to
contrast the two-photon absorption of the micromolar rhod-
amine B in its presence is essential for any future work in living
tissues. Once constructed, a series of images were taken, as
before, by raster scanning the transducer with the sample
mounted on top while keeping the laser focus fixed. Images
were reconstructed for different depths within the phantom (4
to 10 mm) using the raw photoacoustic signal intensity mea-
sured following excitation at 1050 nm. Figure 5(c) shows the
images at 5, 7, and 9 mm, corresponding to the depths at
which the microtubes filled with rhodamine B were embedded,
along with a corresponding intensity scale. Although the inten-
sity of the background signal increased slightly with the inclu-
sion of the hemoglobin, the position of the rhodamine-filled
microtubes can easily be distinguished with a high degree of
contrast, even at physiologically excessive hemoglobin concen-
trations. Furthermore, the presence of the hemoglobin through-
out the gelatin phantom matrix does not degrade the depth at
which images can be obtained, as evidenced by the clear contrast
of the microtube from the surrounding gelatin even at a depth
of 9 mm.

4 Conclusion
Multiphoton photoacoustic spectroscopy offers a great deal of
potential for the differentiation of healthy and malignant astro-
cytomas without the need for exogenous contrast agents. This
work has demonstrated the potential for rapid tissue differentia-
tion of malignant astrocytomas from healthy tissues as well as
characterized the fundamental imaging abilities and limits of
multiphoton photoacoustic imaging. Blind studies on 12
matched pair excised brain tissue samples exhibited significant
differences in the endogenous absorption spectra of the tissues
over the NIR optical diagnostic window. Characterization of
the optical performance characteristics of this technique for

subsurface analyses has demonstrated the ability to obtain mea-
surements in tissue phantoms as deep as 1.4 cm below the sur-
face. Furthermore, the ability of multiphoton photoacoustic
spectroscopy to provide cellular level spatial resolution in tissue
phantoms with optical scattering properties similar to brain tis-
sue has also been demonstrated. Finally, the ability to image at
various subsurface depths within optically scattering samples
without interference from overlying tissue/tissue-like structures
has also been shown, even in the presence of a physiological
excess of hemoglobin, suggesting that this technique might
offer a great potential for in-vivo diagnoses in the future.
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