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Point of care

Management of melanoma skin cancer involves a wide excision followed by histopathological analysis to confirm
the diagnosis, which is only guided by superficial dermoscopy. Dermatological oncology can thus benefit from
high-resolution, 3D images provided by photoacoustic microscopy; however, its clinical translation is hindered
by its elevated cost. Opening a pathway to point-of-care 3D melanoma assessment, we present the first
demonstration of a cost-effective photoacoustic microscope (CePAM) utilizing fast laser diode scanning with a
focused transducer in reflection mode. A novel application of a direct model inversion (DiMI) algorithm allowed
a 55-fold enlargement of the image field of view beyond the transducer acoustic focus, reaching a 1-square
millimeter laser-scanned area with uniform sensitivity (>20 dB). Furthermore, DiMI improved the intrinsic
axial resolution of the system via multiple selective-plane scanning. The feasibility of CePAM is demonstrated by
quantitative tests on phantoms and in vivo imaging of murine melanocytic dermal tumors, yielding accurate 3D
images and virtual cross-sections consistent with histology.

1. Introduction

Photoacoustic (PA) imaging is a cutting-edge biomedical imaging
technique with the potential to provide valuable insights into a wide
range of medical applications. By leveraging the production of ultra-
sound waves through the optically selective absorption of laser light into
the tissue, PA imaging can generate label-free volumetric images of
endogenous chromophores such as hemoglobin and melanin at greater
depths than purely optical methods [1,2]. The non-ionizing nature of
this medical imaging technique makes it particularly well-suited for
frequent, noninvasive monitoring of a wide variety of pathologies [3,4].

Melanocytic dermal tumors (MDT), especially primary cutaneous
melanomas, have been an early target for experimental photoacoustic
microscopy (PAM) systems [5-9], due to PAM’s ability to precisely
determine the extent and depth of tumor penetration in vivo [10,11].
Melanomas account for the great majority of skin cancer deaths (~90 %)
due to their high risk of metastasis which escalates with deeper skin
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penetration. Consequently, the vertical tumor thickness or Breslow
depth [12], is used for tumor staging, ranging from T1 (< 1 mm) to T4
(>4 mm) [13,14]. A recent study demonstrated a high 10-year survival
rate of 93 % for thin melanomas < 0.8 mm (T1) [15], but this rate de-
clines significantly to 50 % for T4 tumors, underscoring the need for
early detection and frequent monitoring of these aggressive skin tumors
[16]. PAM systems have the potential to facilitate early detection of
melanoma, a crucial factor in patient outcomes, by providing additional
information beyond the visual inspection of moles using conventional
dermoscopy [17]. However, the significant cost and size of PAM systems
using pulsed nanosecond solid-state lasers (SSLs) has hindered their
widespread adoption into standard clinical practice, despite the excep-
tional imaging performance provided by their high-energy and
Gaussian-quality beams [18-20]. Consequently, affordable systems are
urgently needed to bring the benefits of this PA technology to patients,
especially for melanoma detection. Significantly less expensive and
more compact laser diodes (LDs) have been proposed as an alternative
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technology in PA scanning microscopy, requiring lower laser pulse en-
ergy at high repetition rates. However, low-power, low-quality LD
beams typically require a short and tight focusing distance to achieve
adequate signal levels and competitive resolutions. As a result, the laser
working distance in LD-PAM systems is severely reduced [21-23],
posing a challenge to the integration of fast laser scanning mirrors and
other key system components in a reflection mode configuration as
required for practical in vivo imaging and in contrast to SSL-based PAM
systems [24-28]. Some previous systems operate in transmission mode
for thin tissue imaging, for example, using single-wavelength near-
infrared (NIR) pulsed laser diodes (PLD) with relatively high peak power
[29-31], or modulating continuous wave (CW) visible laser diodes for
multi-wavelength imaging [32]. Recently, newer reflection mode sys-
tems have adopted an effective fiber coupling design to homogenize the
low-quality LD beams using a NIR-PLD [33], and also using CWLDs for in
vivo vascular imaging with visible dual-wavelength [34,35], although
these experimental systems still rely on bulky and slow motorized image
scanning.

For the first time, the cost-effective photoacoustic microscope
(CePAM) presented herein utilizes fast laser diode scanning in reflection
mode for in situ volumetric imaging of melanocytic lesions in murine
models. System performance is enhanced by a novel application of a
direct model inversion (DiMI) algorithm, enabling an extended laser-
scanned field of view (FOV) using a focused transducer with high
signal-to-noise ratio (SNR) and improved axial resolution for accurate
depth measurements. To demonstrate the feasibility of CePAM, a variety
of phantoms and chemically-induced MDTs in mice were volumetrically
imaged and quantitatively compared with histopathologic analysis. The
obtained results suggest that this cost-effective and noninvasive
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technology could ultimately guide clinicians in the early detection of
melanoma through frequent screening of melanocytic skin lesions, as
well as for their postoperative follow-up at the point of care.

2. Methods
2.1. Cost-effective photoacoustic microscopy system

A schematic and a photograph of the CePAM system are shown in
Figs. 1a, b. The scanner primary elements include a low-cost pulsed laser
diode (PLD) which is coupled to a multimode optical fiber via simple
optics and powered by a current driver board. This optical assembly is
encased within a portable box along with the necessary control and
synchronization electronics. Then, the use of a flexible optical fiber
easily transports the PLD beam from the electronics box into the
movable, compact microscope head. This head incorporates two-axis
laser scanning mirrors, positioned between the collimating and
focusing lenses, to rapidly scan the laser spot across the imaging plane.
For all phantom and in vivo imaging tests, the laser scan area was set to
1x1 mm?, as limited by the aperture of the objective lens. Coaxial to the
optical axis, a custom ring-shaped focused transducer receives the PA
waves in reflection mode. Thus, 3D imaging is performed by 2D-laser
scanning of multiple planes combined with axial mechanical scanning
in discrete steps. The other two stepper motors serve as an auxiliary 2D
mechanical scan either to cover larger image areas or to perform a
conventional 2D confocal raster scanning. For ultrasound coupling to
the sample, the transducer and the objective lens tube are immersed in
water with a 3D-printed ring structure that clamps a transparent film
filled with deionized water. This specifically designed water container

Fig. 1. CePAM laser diode scanner and the direct model inversion scheme for uniform FOV enlargement. (a) Schematic diagram of the microscope. CL: collimating
lens; OL: objective lens; FC: fiber coupler; MMF: multimode fiber; M; and M,: galvo-mirrors; UST: ultrasound transducer, TS: translation stages. (b) Photograph of the
CePAM system. The inset depicts a zoom of the microscope head. (c) Calibration scheme of the model for the spherically focused transducer. (d) Procedure of the
DiMI approach in a USAF resolution target element, where the measured PA waveform (p,,) is compared to the corresponding model calibration waveform (A") to

obtain the image pixel (py), thus retrieving a sensitivity-homogeneous image.
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enabled reflection-mode operation on dry samples, just requiring
coupling gel for efficient ultrasound transmission. Finally, the system
operation is managed with an application developed in Matlab (Math-
works) running on a stand-alone computer (PC). It provides control and
configuration functions through a custom graphical user interface (GUI)
and communicates to the system electronics via an ethernet link.
Furthermore, the rapid laser-scanned PA images are immediately dis-
played after processing the RF signals acquired from a PCl-express
digitizer board installed in the computer.

The electronic, optical and acoustic components are described more
in detail below. The laser source consists of a miniaturized pulsed laser
diode (PLD) (905D2S3JT09X, Laser Components) with near-infrared
emission at a 905 nm wavelength, allowing deeper penetration than
visible wavelengths and rich optical contrast of melanin with respect to
hemoglobin and other chromophores [35]. This laser source delivers
100 ns pulses with nominal peak power of 235 W and at a pulse repe-
tition frequency (PRF) of up to 10 kHz, which are provided by a pulsed
current driver (LDP-V 80-100, PicoLAS) and controlled by a program-
mable pulse generator board (PLCS-21, PicoLAS). Regarding the PA
detection by the transducer, the RF signal from each laser shot is
amplified (ZFL-500LN+, Minicircuits), low-pass filtered (BLP-27+,
Minicircuits) and then digitized at 250 MHz sampling rate and 14-bit
resolution by the PCle digitizer board installed in the computer
(ADQ14DC-2A-VG-PCIE, Teledyne SP Devices). All the triggering and
synchronization events are managed by a low-cost controller board
(STEMlab 125-14, Redpitaya) running a custom firmware developed in
C and FPGA-Verilog.

Building on our previous optical design [33], we employed a fiber
coupling strategy to homogenize the beam shape and divergence of the
low-quality PLD beam, which is characterized by its large, non-uniform
emitting area and high divergence. To achieve this, the PLD two-bar
pattern emitting area (235x212 pm?) is launched into a 150-um
square-core multimode fiber using two plano-convex, high-precision
aspheric lenses (AL1210-B, AL2520-B, Thorlabs). On the microscope
head, another set of collimating and focusing aspheric lenses
(ACL2520U-B, AL1210-B, Thorlabs) serves to produce a uniform square
spot of approximately 75 pm (Supplementary Information, Fig. S1),
which is scanned with two-axis galvanometric mirrors (QS20XY, Thor-
labs). This setup provides half-magnification of the fiber core and
maintains a long working distance of 1 cm in water. This fiber-coupling
design also enables resolution enhancement by placing a spatial filter
(pinhole) at the fiber output, preserving both fluence and working dis-
tance with a high resolution of up to 20 um (Supplementary Information,
Fig. S1). In this work, however, we employed the standard resolution
mode (without pinhole), achieving maximum energy delivery and
penetration capabilities of up to 2-3 mm at mesoscopic resolution,
which has been reported to be well suited for clinical dermatological
applications [36-38].

The custom-made focused transducer features a central through-hole
coaxially aligned to the optical tube axis. For the design of this ultra-
sound sensor, we optimized its geometry by maximizing the Gain-to-
Focus-width Product (GFP), accounting for both optical and mechani-
cal limitations (Supplementary Information, Fig. S2). In this work, the
GFP was employed as a suitable figure of merit for the geometrical
design of a focused sensor because it is independent of the frequency
response, as given by its analytical expression,

A; R?
GxF, = O.7EX = (cosy, — cosy,) (@)

where A represents the active surface, R the spherical radius (or focal
length), and a the half aperture of the transducer. This relation is simply
obtained by multiplying the gain (or detection sensitivity), G = A;/AR
[39]; and, the Full Width at Half Maximum (FWHM) of the acoustic
focus, F,, = 0.7AR/a [40], according to the solution of the Rayleigh-
Sommerfeld integral for a focused transducer at a given acoustic
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wavelength 4. The right term of Eq. (1) is specifically written for a ring-
shaped geometry, where the active sensor area depends on angles y, and
71, as defined from the focal center to the edges of the aperture and the
hole of the transducer, respectively. The final transducer design was
manufactured by Precision Acoustics Ltd using polyvinylidene fluoride
(PVdF), a highly sensitive piezo-polymer material, and featuring the
following specifications: total aperture of 60 mm, focal length of 30.25
mm and central frequency of 19 MHz with a 150 % bandwidth. To select
the optimal transducer frequency response, a scaled design was simu-
lated in k-wave [41] to account for the specific pulse duration and spot
size of the PLD excitation. Additionally, it is worth noting that the
fabricated sensor initially showed an extreme sensitivity to external
electromagnetic interference (EMI) noise, which initially buried the
weak PA signals. This appeared to be due to the EMI induction on the
aluminum housing, an effect that was magnified when the transducer
was immersed in water. Despite most of the induced noise was mitigated
by grounding the sensor with a copper braid to an adjacent metal
structure, this unwanted effect necessitated more signal averaging, ul-
timately slowing down acquisition times.

2.2. Direct model inversion algorithm

The image field of view (FOV) of PAM systems utilizing a focused
transducer and laser-scanning is typically restricted to the acoustic focus
region. This is primarily due to the temporal dispersion of the spherical
pulses arriving at different times at the surface of the transducer when
they originate at out-of-focus locations, which eventually results in
distortion of the received PA signal [19,27]. To compensate for this ef-
fect and enlarge the effective FOV beyond acoustic focus, we introduce
the use of a direct model inversion (DiMI) algorithm that is computa-
tionally inexpensive.

The reconstruction of a photoacoustic image through solving the
inverse problem is founded upon the assumption of a discrete physical
model that accurately represents the image formation process [42]. This
allows the original initial pressure value at each voxel in the image space
to be recovered, based on the expected pressure signal from that posi-
tion. To construct the model matrix A, the impulse responses emanating
from punctual sources located at every point of the image space are
captured. This process can be performed analytically, numerically, or
through experimental calibration. The transducer total impulse response
(TIR), which accounts for acoustic diffraction effects and bandwidth
limitations [43], as well as known heterogeneities of the medium, can be
introduced into the model to approximate the real system as closely as
possible. The measured pressure signal p,, can be thus defined as a linear
combination of the model matrix A and the initial pressure distribution
Po as

Dm = Apo (2

If A is invertible, the reconstructed image p{*, is computed by solving
the model inversion as A~'p,. In practice, A is singular and non-
invertible in most cases, so the problem is treated as an optimization
process by minimizing a cost function as [42-44]

rec

pre = argmin{||p, — Apo||3} 3

Po >0
This equation can also include a regularization term if the system is
ill-posed, as well as positivity constraints to ensure physical integrity.
However, a simple, direct analytical solution of Eq. (2) can be defined as

psec — ATpm “

here A' represents a generalized inverse, commonly referred to as the
Moore-Penrose pseudoinverse, which is defined as A" = (ATA) AT, In
most common model-based PA tomographic scenarios with large 3D
datasets, Eq. (4) becomes impractical. In these cases, iterative ap-
proaches to solve Eq. (3) such as the least-squares (LSQR) [45] are used,
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which take several minutes to hours to obtain the reconstructed volume,
even in fast GPU-based implementations.

However, for a PAM system with a single-element PA signal from a
punctual excitation, Eq. (4) can be computed directly. In our case, this
model-based method is employed to enlarge the FOV, as demonstrated
with the experimental images of Figs. 1c and 1d. Here, for each laser-
scanned position across the transversal focal plane, the model is a sin-
gle time vector A with dimensions 1xNg, where Ny denotes the number of
time samples. This vector captures the TIR of the transducer at that
location. Therefore, each image pixel value pj is calculated as the scalar
product of the measured signal time vector (Ngx1) and the pseudoinverse
of the calibrated waveform (Nsx1). This operation can be interpreted as
having two elements. First, a normalization factor that enhances the
inversion output at lower signal magnitudes, thereby compensating for
sensitivity loss outside the acoustic focus. Second, the scalar product of
the two waveforms, which reflects the degree of similarity between
these waveforms in terms of phase and morphology, and also suppresses
out-of-phase components from signals originating outside the focal
plane. The two-dimensional image is then formed by applying this fast
procedure to every pixel scanned within the focal plane.

An important consequence for the axial depth scan is that the TIR
calibration model provides remarkable selectivity of the imaging plane
slice, thereby improving the accuracy of depth profiling, as quantita-
tively demonstrated by the experiments. This is essentially because the
TIR calibration is built with A-lines from the focal plane of the trans-
ducer, so the phase-aligned signals are compensated while other off-
plane signals excited by the laser depth of focus are rejected. Further-
more, the use of time-domain RF signals allows to apply complementary
signal processing techniques to enhance the final volumetric image. In
our system, we employed a spatially matched filter followed by a signal
correlation to effectively mitigate image artifacts arising in low SNR
realistic conditions.

2.3. Experimental model calibration

The TIR calibration plane was obtained experimentally using a
straightforward and rapid method (Fig. 1c¢). We utilized a uniform and
thin absorber from the square region of a commercially available USAF
resolution target (R3L3S1P, Thorlabs), which is made of a 120-nm-thick
chromium foil. An area of 1x1 mm? is scanned with a step size of 25 um,
and the signals generated at each point are averaged 500 times to obtain
the matrix model waveform with low noise. The duration of the entire
focal plane calibration process at a PRF of 5 kHz takes less than 2.5 min.
The collected signals were stored in a 3D model matrix having n, x n, x
ns, where n, is the number of pixels of the image and n, the time samples,
and then used after the imaging process for each plane of the acquired
volumes in the image reconstruction process. A numerical study was also
performed to obtain a simulated model using pseudo-spectral methods.
To mimic the experimental conditions, both the laser excitation pa-
rameters and the transducer frequency response were considered. Due to
computer memory constraints, in the simulation we utilized a scaled 3D
volume that conserved the experimental spatial proportions. Addition-
ally, a point source was scanned through only half of the focal plane,
based on the assumption of a symmetric response.

2.4. System characterization

The lateral and axial resolutions of the microscope were experi-
mentally determined by performing 2D scans on a bar pattern of the
USAF resolution target. These tests were performed for the laser-
scanning DiMI approach and then compared to the conventional
confocal raster scanning. For both scanning methods, the lateral reso-
lution was measured from the Edge Spread Function (ESF) across a sharp
edge, and its data points fitted to obtain the Gaussian profile of the
corresponding Line Spread Function (LSF). On the other hand, the axial
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resolution was measured from the Hilbert-transform envelope of a raw
PA signal in the case of confocal raster scanning and, for the DiMI al-
gorithm, from the ESF of a vertical scan along 1 mm travel at 25 ym
steps.

Furthermore, the optical characterization of the laser diode was
previously performed at several points of the laser beam transport path
during the system assembly. A CCD camera with broadband vis-NIR
spectral response (LT665, Ophir Photonics) was used to obtain images
of the beam profile. Finally, the laser pulse energy was measured at the
focal point across the full laser-scanned FOV using an integrating sphere
coupled by optical fiber to a monochromator spectrometer (AvaSpec
ULS2048XL-EVO, Avantes).

2.5. Phantom imaging

After model calibration, photoacoustic images of different phantoms
were captured to assess the efficacy of the algorithm in an experimental
environment. The performance of the DiMI algorithm was first demon-
strated in a 2D test using the resolution target. It was also imaged
through a 0.6-mm thick skin phantom (made by stacking silicon mem-
branes) to test the resolution, SNR degradation and robustness of the
algorithm through a highly scattering medium. In all experiments with
the USAF target, the PLD was limited to about half of its full power (at
PLD driver voltage 40 V) to avoid non-linear PA signal generation due to
the high absorption of the thin chromium film. The PRF was set to 5 kHz,
and the PA signals were averaged 50 times at each scan position. The 2D
image dimensions correspond to those of the calibrated focal plane,
having a pixel size of 25 um and a total FOV of 1.2x1.2 mm?. The 3D
imaging capability of the proposed method was tested on a phantom
consisting of two crossed surgical sutures (black silk, Silkam) of 250-um
diameter embedded in agar (Fig. 1f). The imaging plane area was chosen
to be 1x1 mm?, with 21 planes acquired at a vertical step size of 50 pm
for a final volume of 1x1x1 mm?>. Furthermore, to measure the accuracy
in depth size profiling of DiMI, confocal axial scans were performed
using two rabbit blood-filled polyethylene tubes with inner diameters of
0.25 and 1 mm.

2.6. Animal preparation

All animal procedures were approved by the animal ethical com-
mittee of the Universitat Politecnica de Valencia and by the Ethical Review
Panel of the Directorate-General for Agriculture, Fisheries and Livestock
from the Valencian Community (2024-VSC-PEA-0065) and were con-
ducted in an accredited animal care facility (ES462500001091). Ani-
mals were maintained under a standard 12-12 h light-dark cycle at
room temperature (24 + 1°C) with normal humidity. Food and water
were available ad libitum. A skin tumor mouse model (BALB/c, 7 weeks
old) was induced by the topical application of two different chemicals,
7,12-dimethylbenz[a]anthracene (DMBA) and 12-O-tetradecanoyl
phorbol-13-acetate (TPA) [46]. DMBA and TPA were obtained from
Merck (Madrid, Spain) and were dissolved in acetone prior to topical
application. The treatment was applied twice weekly to the shaved
dorsal area of the mice. Topical application of DMBA/TPA to mouse skin
induces the formation of dermal tumors due to the accumulation of
melanocytes (nevi) [47].

2.7. In vivo imaging and histology of melanocytic dermal tumors

The CePAM system was moved to the animal facility to perform all
the mice imaging tests in situ. Mice were weighed on a digital scale prior
to dosing anesthetics and analgesic. Mice received ketamine (0.1 mg/g;
0,01 ml/g of a 10 mg/ml solution) and xylazine (0.01 mg/g; 0.005 ml/g
of a 2 mg/ml solution) and buprenorphine (0.1 pg/g: 0.01 ml of a 0.01
mg/ml solution). They were picked up by the base of the tail or with a
cupped hand and then briefly scuffed for injections. Anesthetics were
administered intraperitoneally in the lower left or right quadrant of the
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abdomen while buprenorphine was subcutaneously administered in the
scruff of neck hold between the thumb and index fingers by using a 1-mL
syringe and 27-gauge needle [48]. After this procedure, mice were
placed under the CePAM system using a custom-made 3D printed holder
that featured a square window, within which the lesion was located. To
enhance the visibility of the window, the holder was covered with black
tape, thus increasing the image contrast. First, a large 5x5 mm? PA
image was acquired performing fast 1x1 mm? scans while moving the
microscope using the motorized axes. Once the lesion was located at the
correct plane, volumetric multi-plane scans were performed. For the in
vivo experiments, the PRF was set to 8 kHz. Signals were averaged 50
times at each scan point to mitigate high induced EMI noise, obtaining
the complete 1 mm® volume in less than 3 min. After 20 min of anes-
thetic induction, the mice were injected with atipamezole (0.3 mg/kg).
Following the injection, they were placed in a polycarbonate cage and
received thermal support for 30 min on a heating plate maintained at
46 °C. After this period, the animals were returned to their home cages.

For histology analysis, fresh skin tumor tissues were fixed in 4 %
PFA, dehydrated, embedded in paraffin, and cut into 5-pum-thick sec-
tions. The sections were stained with hematoxylin for 1 min to identify
the cell nucleus and eosin for 30 s to identify the cytoplasm. Finally, the
sheets were dehydrated and sealed.

3. Results
3.1. Model calibration and characterization of the CePAM system

The TIR of the transducer was experimentally obtained from a laser-
scanned area of 1 mm? on a chromium thin absorber (USAF resolution
target), yielding an acoustic focus size of 150 um at FWHM. This TIR
then served as the single-plane calibration map for the DiMI algorithm,
enabling a 55-fold FOV increase with respect to the acoustic focus, as
demonstrated in Fig. 1d. Experimental and also numerical TIR maps,
along with characteristic PA waveforms at the acoustic focus and 500
um away from it, are supplied in Fig. S3 of the Supplementary
Information.

The lateral and axial resolutions of CePAM were measured using the
USAF resolution target and compared between the laser-scanning DiMI
and the conventional confocal 2D raster-scanning methods. The test
results are provided in Fig. S4 of the Supplementary Information. The
laser-scanning DiMI achieved a lateral resolution of 49 ym (measured
outside the acoustic focus), which was similar to the 47 um resolution
obtained with the confocal raster-scanning method. For the axial reso-
lution, the confocal raster-scanning yielded a value of 275 pm which is
determined by the PA signal frequency content [49]. This resolution is
thus worsened due to the narrow signal spectrum typically produced by
the long energy pulses (50-100 ns) of LD-based PAM systems, which are
typically used to obtain sufficient PA signal levels. In contrast, the
multiplane laser-scanning achieved an axial resolution of 155 pm, rep-
resenting a 43 % improvement of the intrinsic axial resolution, which is
attributable to the plane selectivity of the DiMI algorithm.

Fig. S1 of the Supplementary Information shows the results of the
PLD beam optical characterization using a CCD camera. The PLD spec-
trum was measured showing a Gaussian-like profile centered at 907 nm
wavelength with a 7 nm linewidth. A maximum emission pulse energy of
21.1 pJ was measured at the PLD output facet. After coupling the beam
into the fiber, a pulse energy of 10 uJ was obtained at the square core
fiber output. Finally, after the delivery optics in the microscope head, a
6.25 pJ pulse energy was measured at the focal spot in the center of the
FOV for the PLD at the maximum voltage rating. In addition, the radial
energy decay of the laser focal spot was also measured within a square
area of 2x2 mm? Ultimately, the pulse energy was set to 4 uJ for in vivo
imaging experiments, which yielded a mean fluence along the image
FOV of 47.57 mJ cm ™2, considering the light attenuation introduced by
the water film container. This value is below 51.4 mJ cm ™2, the ANSI
Maximum Permissible Exposure (MPE) limit for skin irradiation at 100-
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ns laser pulse width and 905-nm wavelength [50].

It is important to note that the discrepancy between the measured
photoacoustic lateral resolution (around 50 um) and the optical spot size
(75 um) was most likely due to the lower LD pulse energy used for the
ESF lateral resolution measurement. To avoid damaging the USAF tar-
get’s thin chromium layer, the LD pulse energy was set to half of its
available energy for the ESF method, while the optical spot size was
measured at full energy. This lower pulse energy naturally excited fewer
propagation modes inside the multimode fiber core delivering a fainter
laser focal spot with a reduced PA response at its edges, thereby
decreasing the ESF lateral resolution measurement.

3.2. Imaging performance of DiMI algorithm on phantoms

The 3D imaging capability of the proposed method was tested on a
phantom consisting of two-crossed surgical sutures of 250 um diameter
embedded in agar (Fig. 2b). As shown in the Maximum Intensity Pro-
jection (MIP) images (Fig. 2a), the DiMI algorithm ensures a uniform
SNR over the entire FOV in the top view image on the right side, while
the raw image on the left is constrained to the transducer focus. For
example, at a lateral offset of 500 um from the acoustic focus center, the
SNR is improved from 5.3 to 27.4 dB (Fig. 2a, white squares).

As expected from the laser excitation along its approximately 700 um
depth of focus, the raw image shows elongated objects in the cross-
sectional views (Fig. 2a, bottom-left). Conversely, the suture cross-
sections are reconstructed close to their actual diameter and show
well-defined depth profiles when DiMI is applied with a 50 pm multi-
plane step. The experimental results are presented in Fig. 1c, where the
full-width suture diameter measured with DiMI yields an average value
of 360 um, compared to the 870 um obtained from the same measure-
ment in the raw image. For comparison with the confocal raster scan-
ning method, an image of the same phantom was acquired. This
conventional method yielded a mean suture diameter of 410 um which is
consistent with the intrinsic axial resolution of 275 um, as determined by
the characterization tests. These results demonstrate a more accurate
imaging of the sample volume thickness for the multiple plane-selective
scanning using the DiMI algorithm. As previously stated, this enhance-
ment is essentially due to the TIR focal plane calibration. This calibra-
tion provides high selectivity for the PA signals of the imaging plane,
effectively rejecting signal contributions excited by the laser focus depth
from outside its calibrated plane.

The DiMI algorithm was tested against other fast direct model-
inversion algorithms such as the spatial impulse response deconvolu-
tion [45] or spatial matched filter (SMF) [39,46] (Supplementary In-
formation, Fig. S5). Deconvolution resulted in extremely noisy and
blurred images, mainly due to the instability of the Fourier transform
used to process the reconstructed signal. Conversely, the implementa-
tion of the SMF correlation led to an effective expansion of the FOV, but
leading to binarized images with deteriorated lateral and axial resolu-
tion. When compared to iterative methods, the non-negative LSQR
showed similar imaging performance [39,41], but within a much longer
computation time of 8.4 vs. 0.8 s of DiML

Furthermore, the robustness of DiMI in reconstructing the image was
tested through a highly scattering medium, employing the USAF reso-
lution target with a stacked-membrane phantom of 0.6 mm thickness
(Supplementary Information, Fig. S6). Although exhibiting lower reso-
lution and SNR, DiMI still corrected the loss of sensitivity outside the
150-um acoustic focus within a laser-scanned area of 1.2x1.2 mm?2
Finally, the accuracy of the depth profiling was determined by per-
forming axial scans of two polyethylene tubes filled with rabbit blood
(Supplementary Information, Fig. S7). From the sharp depth profiles of
the multiplane DiMI method, the internal diameters of tubes with 0.25
and 1 mm were measured with much greater accuracy (0.45 and 0.9
mm) than from the stretched profiles of the raw data and also the depth-
encoded A-scans. Interestingly, the irregular depth profile displayed by
A-scans can be primarily attributed to the coherent interference of
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Fig. 2. (a) PA images of the two crossed black sutures phantom for comparison between DiMI algorithm (right column) and the raw data (left column) for top view
(first row) and axial cross-section (bottom row). The PA intensity linear profiles are also compared on the right. The SNR values are calculated from the pixels inside
the white squares. (b) Rendering of the 250 ym diameter suture phantom and axial scan 50 um steps. (c¢) Diameter measurement (fullwidth mean diameter and
standard deviation bar) of a suture thread from the axial profiles of 10 cross-sectional images for the raw data (1 in (a)), the DiMI approach (2 in (a)), and the
conventional A-line backprojection approach from the raster scanning PAM (3, inset).

acoustic waves [47], which are simultaneously excited within the 0.7-
mm-long laser depth of focus. This effect is also ruled out by the DiMI
axial selective scanning.

3.3. In vivo volumetric imaging of melanocytic dermal tumors

The high absorption contrast of melanocytes at the selected NIR
wavelength helped to demonstrate that the low-cost LD-based system
presented here can be used for the anatomical characterization of MDTs,
as well as of cutaneous melanoma and other pigmented skin cancers.
Furthermore, the DiMI approach allows the focused transducer FOV to
be extended to the laser scan area of 1 mm? for fast, noninvasive mea-
surement of the tumor size and thickness with high accuracy. To
demonstrate the capabilities of the CePAM scanner, we imaged three
mice with MDT in vivo. For the first two mice, 12-dimethylbenz[a]
anthracene and 12-O-tetradecanoyl phorbol-13-acetate (DMBA/TPA)
induced nevus (benign dermal tumor due to the accumulation of mela-
nocytes) [46] that can be visualized using CePAM (Fig. 3a). As shown in
Fig. 3b, nevi in the first mouse are accurately imaged in three di-
mensions using the DiMI algorithm. The top view (xy) image provides
anatomical information of the aggregation that correlates well with the
nevi photograph, aiding in the measurement of nevi diameters and
boundaries. Sagittal (yz) and coronal (xz) projections were also obtained
for depth profiling. Using the data provided by CePAM, a maximum
nevus thickness of 0.41 mm was determined. Fig. 3c depicts the
rendered volume of the tumor using the acquired data. For clarity of
visualization, a pixel connectivity function was applied to remove single
bright pixels corresponding to background noise. In the 3D view are
shown three melanocytic growths appearing as nevi that are located at
different depths within the papule. The larger MDT having a vertical-
horizontal size ratio of 2.56:1, as measured from the 3D image

sections (Fig. 3b).

As shown in Fig. 3d, the DiMI approach allowed for both an extended
FOV and contrast enhancement, revealing hidden aggregations that
were imperceptible in the raw data image. Fig. 3e shows the transversal,
coronal and sagittal projections of the nevus (red square, labeled 1) of
the second mouse, obtained with CePAM and applying DiMI to each
plane of the axial (z) scan. The same nevus was then imaged using
confocal raster scanning in a single xy-plane to compare the two
methods (Supplementary Information, Fig. S8). Multiplane laser scan-
ning provided sharper profiles with enhanced contrast at a faster
acquisition time of less than 3 min, compared to more than 12 min for
mechanical raster scanning.

3.4. In vivo slice-free characterization of melanocytic tumor thickness

In addition to its invasive nature, histopathological analysis relies on
the manual visualization of individual slices, which is a lengthy and
costly diagnostic process [10]. Moreover, in the process of histological
preparation, tissue samples shrink after paraffin embedding process
mainly due to dehydration. A micro-CT study found that the volume
reduction percentage is between 19.2-61.5 % [51], which also appears
to be inversely related to tissue density. Therefore, volumetric PA im-
aging would be suitable to determine the actual in vivo tumor size and to
accurately measure its Breslow depth, without waiting for biopsy sample
processing [52]. To demonstrate this, a third mouse model of DMBA/
TPA-induced MDT was imaged with the CePAM scanner and the re-
sults were compared with the corresponding histological cross-sectional
images. Fig. 4a shows the photograph of the nevus with a visible darker
pigmentation due to melanocytes (Supplementary Information, Fig. S9).
The top view and depth-coded MIP images obtained from the in vivo 3D
scan of the mouse tumor with CePAM are also shown. Despite the
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Fig. 3. CePAM images of melanocytic dermal tumors in vivo. (a) Photograph of the mouse with a 5x5 mm? window mount and close-up image of nevi, also indicating
the acquired image FOV of 1 mm?. (b) Top view (red), coronal (blue), and sagittal (yellow) MIP images of the nevi using the DiMI algorithm. The thickness of the
larger nevus was measured to be 0.41 mm using the depth profile of the image. () Volume rendering of the imaged nevi in a 1 mm? volume. The 3-axis projections
are displayed as shadows. (d) Photograph and PA images of the FOV during the large-area localization scan, prior to the volumetric acquisition. As observed, the DiMI
algorithm shows nevi while the raw image shows only the black tape borders attached to the skin window mount. (e) 3D MIP image projections of the nevi labeled 1

in the red square area in (d).

irregular borders and surfaces of the tumor, multiplane laser scanning
imaging enabled an accurate visualization of the entire lesion, as
observed in the rendered volume (Fig. 4b). The tumor thickness can then
be measured in any direction, so three transverse (yz) slices were
selected from the main volume and compared with their corresponding
stained histological slices (Fig. 4c). CePAM provided depth visualization
of the same regions in a completely noninvasive manner, and the tumor
thickness of the same 3 slices was measured from the CePAM cross-
sectional images and the histological slide measurements (Fig. 4d). As
expected, a greater tumor thickness is obtained from the in vivo acquired
PA images compared to the whole slide images of the histology spec-
imen, which shrinks due to dehydration. The processed samples show an
average size reduction of 45 % with respect to the PA sections, which is
consistent with the shrinkage range found in the study using the micro-
CT technique [51]. For a fair comparison, we calculated the horizontal-
vertical (H-V) aspect ratio of the tumor thickness, which should be the
same for both, the imaging and histological techniques, assuming a
uniform shrinking of the sample. As shown in Fig. 4d, the H-V ratios
between both techniques are in very good agreement, and the thickest
part of the tumor (0.35 mm) was easily found from the PA volumetric
image at approximately its center (slice 2). These results confirm the
fidelity of the CePAM system in reproducing the in vivo tumor volume
size and suggest that cost-effective slice-free PA imaging is feasible for
precise in situ tumor sectioning and depth assessment.

4. Discussion and conclusion

The incidence of cutaneous melanoma has steadily increased in
white populations worldwide since the 1950's [53]. While dermoscopy
has revolutionized the ability to examine suspicious lesions [17], addi-
tional imaging techniques, including reflectance confocal microscopy
and optical coherence tomography, can help in guiding decision-making
around the need for skin biopsy [53]. However, these optical techniques
provide only superficial information to the clinician. In this context,
photoacoustic imaging has emerged as a promising tool for melanoma
detection due to its unique ability to noninvasively image the tumor
extent under several millimeters of skin and accurately measure the
tumor thickness (Breslow depth), as the most important predictor of
disease outcome [13,14] Moreover, once a primary melanoma is
confirmed through a skin biopsy, a photoacoustic imaging device has the
potential to guide less invasive and safer surgical procedures by
reducing excision margins. Recognizing the lack of an affordable pho-
toacoustic system to fully realize the advantages of this technology, we
developed a cost-effective photoacoustic microscope (CePAM) to
demonstrate its feasibility in mice. The CePAM system is a low-cost,
optical resolution PA microscope that uses fast laser diode scanning to
obtain 3D images of melanocytic dermal tumors in vivo.

Over the past two decades, numerous studies have been documented
using various PA modalities and systems to assess melanoma Breslow
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Fig. 4. In vivo slice-free characterization of MDT thickness using CePAM. (a) Photograph (left), top view (middle) and depth color-coded (right) PA images of the
nevus. (b) Volume rendering of the imaged lesion, showing the measured central thickness of 0.35 mm. (c) Comparison between the three slice-free CePAM images
(top row) and the corresponding H&E-stained sections (bottom row) at the three locations marked in (a). (d) Tumor thickness bar graph (left axis) and horizontal-
vertical aspect ratio scatter plot (right axis) for CePAM and H&E comparative analysis for the three slices in (c). Scale bar 100 um.

depth and tumor-associated angiogenesis [5-9]. Some OR-PAM systems
have also been proposed for slide-free or virtual sectioning from ac-
quired tumor images [52]. All these experimental systems have used
expensive nanosecond SSLs as the laser source because of their superior
performance in producing high-quality PA images. Replacing this
technology with lower beam-quality LDs as the system laser source is
challenging, but it would lead to a significant cost reduction of a PAM
system. This is because an SSL usually represents the majority of the
components’ cost, while an LD source is about fifty times less expensive.
Additionally, other system components, including standard optics, a
single-element transducer, off-the-shelf galvo-mirrors, auxiliary motor-
ized axes and the system’s associated electronics, are also cost-effective.

Despite their low energy, LDs are particularly well suited to optical-
resolution PA microscopy modality, which typically requires a few
microjoules focused into a micrometer-size region. Furthermore, LDs
deliver tens of kilohertz pulse repetition rates at a very compact size,
with small encapsulation package and modular driver electronics,
making them suitable for building affordable, fast scanning and portable
PA microscopes. Then, through an effective fiber coupling strategy and a
simple optical design [33], the short working distance required to ach-
ieve competitive lateral resolution with the low-quality multimode LD
beams is overcome. Notably, the CePAM system enables reflection-mode
imaging with a centimeter-long working distance with a lateral resolu-
tion of 49 ym.

A key feature of the system is the introduction of a direct model
inversion (DiMI) algorithm. The benefits of this approach are three-fold.
First, it allows to effectively extend the FOV of the transducer, which is
initially constrained to its small acoustic focus. Consequently, CePAM

achieves a laser-scanned area of 1 mm?, representing a substantial in-
crease over the 150-um acoustic focus diameter, while maintaining a
uniform response and improved SNR. Then, DiMI also provides accurate
depth profiling and improved axial resolution by acting as a highly
selective-plane filter of PA signals from the imaging plane, while
rejecting unwanted off-plane signals excited by the laser depth of focus.
The axial resolution of DiMI multiplane imaging approach outperformed
the conventional raster scanning by 43 % (155 vs 275 um). Finally, DiMI
only requires a one-time, single-2D calibration map to account for the
system total impulse response (TIR) waveforms across the laser-scanned
imaging plane.

The imaging performance of the system was first tested on a phantom
with two crossed black sutures, which provided the closest measure of
the actual suture diameter (250 pm) as compared to the unprocessed raw
data and the conventional image from a confocal raster scanning. Unlike
direct correction algorithms that use the confocal impulse response,
such as deconvolution [54] or spatial matched filter [55], DiMI accu-
rately represents the size and shape of sutures with virtually no
computational time cost. Conversely, only the iterative LSQR model-
based approach [44] reaches a similar performance to DiMI, at the
expense of much longer computation times, which severely hinders the
implementation of real-time imaging in contrast to DiMI.

Compared to prior LD-based OR-PAM systems, which were limited
by slow scanning [29,34] or transmission-mode constraints [30-32],
CePAM demonstrates a unique combination of fast laser scanning in
reflection mode, competitive spatial resolution and large penetration
depth with cost-effective system components. The ability to image cubic
millimeter volumes up to a penetration depth of 1 mm in vivo in less than
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three minutes and produce accurate z-profiles, quantitatively validated
against both phantom and histological references, is especially relevant
for accurate tumor thickness measurements, highlighting its suitability
for clinical or preclinical use. Importantly, CePAM accurately assessed
tumor thickness in murine models of melanocytic dermal tumors, with in
vivo measurements closely matching histology after accounting for tis-
sue shrinkage. The aspect ratio consistency between PA and histological
images supports the fidelity of the 3D reconstructions and demonstrates
the capability of the system for virtual tumor sectioning, affirming its
suitability for reliable noninvasive tumor assessment.

Despite these advances, the current prototype and this study present
several limitations. First, DIMI substantially extended the FOV of the
focused transducer to a 1x1 mm? laser scan area, but this was limited by
the optical lens aperture, and the maximum FOV extension was not
quantified at the limit of the transducer sensitivity. Second, our in vivo
validation of a 1-mm penetration depth, including propagation through
approximately 0.5 mm of highly pigmented tumor tissue, does not
establish the maximal reach of the system, as none of the chemically
induced melanocytic dermal tumors shown here exceeded this thick-
ness. Previous reports of LD-ORPAM achieving imaging depths greater
than 2 mm in ex vivo models [31] suggest that the CePAM system may
exceed this value. Nevertheless, feasibility of a full-scale assessment of
tumor thickness based on the Breslow criteria for tumor staging, i.e., up
to 4 mm, remains to be determined in future in vivo studies. Another
shortcoming is the choice of an oversized, highly focused transducer
(60-mm aperture, 30.25-mm focal length) to maximize the detection
sensitivity for low-energy LD pulses, which inadvertently introduced
electromagnetic interference (EMI) and forced a 50-pulse averaging in
the images acquisition. Reducing the aperture or improving the shield-
ing of the transducer could help to decrease averaging and thus acquire a
full 3D image in less than the reported three minutes. On the other hand,
despite its narrow focus width, this geometry offers superior sensitivity
owing to the larger active surface, whereas other considered geometries
had lower focus gain and were inherently restricted to tight foci (<200
um) by the limited working distance of the system and the central hole
for the optics (see Supplementary Fig. S2). If an unfocused detector is
used, with sufficient active area and in a short working distance system,
its response is severely penalized since it would operate in the near-field
regime, where the sensitivity is significantly reduced. Moreover, the
temporal dispersion of signals at out-of-focus positions occurs because
different portions of the spherical wavefront reach the active surface at
different times. In this context, a concave geometry provides a shorter
propagation path than a planar detector. Therefore, the unfocused
transducer represents the least suitable option for a clinical-oriented
PAM system. Further research should be conducted to develop a more
compact reflection mode design that incorporates a smaller, less focused
transducer, as it would benefit from the DiMI approach and enable the
reconstruction of larger images with high contrast.

In summary, these findings indicate that a near-infrared laser diode-
based PA microscope, offering superior melanin penetration compared
to visible light, holds significant promise as an affordable clinical device
capable of accurately imaging primary cutaneous melanomas. Making
this technology accessible at the point of care for routine screening of
suspicious skin lesions could result in earlier melanoma diagnoses and a
reduction in unnecessary biopsies. Furthermore, in cases of melanoma
confirmed by skin biopsy, it could aid in better defining surgical margins
and detecting residual malignant melanocytes post-surgery.
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