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Abstract: Photoacoustic (PA) imaging–a technique combining the ability of optical imaging to probe 
functional properties of the tissue and deep structural imaging ability of ultrasound–has gained 
significant popularity in the past two decades for its utility in several biomedical applications. More 
recently, light-emitting diodes (LED) are being explored as an alternative to bulky and expensive 
laser systems used in PA imaging for their portability and low-cost. Due to the large beam 
divergence of LEDs compared to traditional laser beams, it is imperative to quantify the angular 
dependence of LED-based illumination and optimize its performance for imaging superficial or 
deep-seated lesions. A custom-built modular 3-D printed hinge system and tissue-mimicking 
phantoms with various absorption and scattering properties were used in this study to quantify the 
angular dependence of LED-based illumination. We also experimentally calculated the source 
divergence of the pulsed-LED arrays to be 58° ± 8°. Our results from point sources (pencil lead 
phantom) in non-scattering medium obey the cotangential relationship between the angle of 
irradiation and maximum PA intensity obtained at various imaging depths, as expected. Strong 
dependence on the angle of illumination at superficial depths (−5°/mm at 10 mm) was observed that 
becomes weaker at intermediate depths (−2.5°/mm at 20 mm) and negligible at deeper locations 
(−1.1°/mm at 30 mm). The results from the tissue-mimicking phantom in scattering media indicate 
that angles between 30–75° could be used for imaging lesions at various depths (12 mm–28 mm) 
where lower LED illumination angles (closer to being parallel to the imaging plane) are preferable 
for deep tissue imaging and superficial lesion imaging is possible with higher LED illumination 
angles (closer to being perpendicular to the imaging plane). Our results can serve as a priori 
knowledge for the future LED-based PA system designs employed for both preclinical and clinical 
applications. 

Keywords: LED; photoacoustic imaging; ultrasound; 3-D printed photoacoustic probe holder; light 
delivery optimization; LED divergence 

 

1. Introduction 

Photoacoustic (PA) imaging has gained significant popularity for imaging functional and 
molecular information in both preclinical and clinical settings [1–5]. The technique involves sending 
light pulses (a few nanosecond pulse-width) into imaging planes that get absorbed by endogenous 
(e.g., hemoglobin) or exogenous (e.g., Indocyanine Green) tissue chromophores and generate acoustic 
waves, which can be detected by conventional ultrasound (US) transducers [2,6,7]. Based on the 
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endogenous contrast provided by hemoglobin, PA imaging has shown promise in vascular functional 
imaging of human neonatal brains [8,9], malignant lesions [10–14], and monitoring therapies such as 
photodynamic therapy [1,15,16], etc. As PA imaging uniquely possesses the best properties of optical 
imaging (high spatial resolution, functional properties, and imaging speed) and US imaging 
(structural properties and penetration depth reaching tens of cm), its relevance and popularity are 
continuously increasing in clinical settings [2,4,17–19]. 

In PA phenomena, the acoustic pressure (P0) generated is proportional to the optical absorption 
coefficient (µa, m−1) of the light absorber and locally available light fluence or radiant exposure 
(f0, Jm−2). This can be represented by [2,6,20,21]: 𝐏𝟎 = Гµ 𝑓  (1) 

where, Г is the dimensionless, material thermal property dependent Gruneisen coefficient. 
Light attenuates as it travels down through a material or tissue due to scattering and absorption. 

Moreover, for a limited aperture illumination, angle of illumination also plays an important role in 
defining local fluence (Figure 1). As a result, f0 and thus PA signal intensity, P0, changes as a function 
of depth (distance from transducer or excitation source) and as a function of the illumination angle. 
Therefore, the optimization of light delivery is crucial for efficient PA imaging and obtaining high 
signal-to-noise (SNR) ratio at deeper penetration depths [22–26]. Specifically, for reflection mode PA 
imaging (transducer and light source on the same side of the sample), several studies demonstrated 
the dependence of irradiation angle and fiber (source)-to-transducer positioning on PA signal at 
various depths experimentally or through simulations [23,27–31]. Either unilateral or bilateral 
positioning of fiber bundles aligned with the nanosecond pulsed laser have been employed in these 
studies. For example, Haisch et al. utilized a mechanical setup that allowed unilateral illumination 
(one-side of the transducer) with 20–80 degrees range of motion [32]. The fiber bundle aperture size 
used in that study was shorter than the ultrasound transducer, which may hinder full aperture 
illumination of near field absorbers and can presumably suitable for intermediate to deep tissue 
imaging and is more suitable to image smaller lesions on the skin. In another study by 
Sivasubramanian et al., two fiber bundles were placed on either side of the transducer at a fixed angle. 
Change in the illumination angle would require changing the holder setup [33]. More recently, 
Sangha et al. designed a motorized system to change the bilateral light illumination in the 0°–60° 
range and concluded that the illumination geometry optimization is important to achieve high SNR 
at different depths [34]. All these studies point out that change in illumination geometry effects PA 
SNR at different depths and strongly indicate the need for a flexible handheld system that can deliver 
light at different angles depending on the depth of the lesions.  
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Figure 1. (a–c) Schematics of light emitting diode (LED) illumination cross-sectional view of 
photoacoustic (PA) setup at representative angles: 15°, 45°, and 75°, respectively, orthogonal to the 
imaging plane XZ, that contains a hypothetical absorber, p. M0 is the medium that facilitates acoustic 
coupling between the transducer and the phantom material M1. ; (d–f) Photographs of LED source 
pivoted at representative angles, θ = 15°, 45°, and 75°, respectively, using 3D printed modular hinge 
system. 

The light delivery optimization studies mentioned above were performed with spatially low 
diverging coherent laser sources. Though conventional lasers (e.g., Q-switched optical parameter 
oscillator (OPO)) can deliver the required pulse energy at various NIR wavelengths, their bulkiness, 
minimal-portability, and difficulty in operation prevent them from effortless usage in a clinical 
setting. Interestingly, nanosecond pulsed light-emitting diodes (LED) show promise in being an 
alternative to lasers, while offering cost-effectiveness and ease of operation has been recently proven 
to be successful in several studies [35–39]. Despite the low power of LEDs (about 3 orders of 
magnitude lower than the conventional Q-switched laser sources), their high pulse repetition rate 
(PRR) (maximum reported up to 16 kHz opposed) gives the opportunity to average several frames 
in real-time to achieve an SNR on par with conventional laser-based PA imaging (PAI). In addition, 
the large spatial divergence of LED arrays (~60°), could aid in irradiating larger sample area and 
potentially also provide a quasi-uniform illumination over several millimeters without a light 
diffuser. Given these attributes, LED-based PA systems demonstrate strong potential for clinical 
translation. As the use of LED’s in PA imaging is still in its infancy, it is important to characterize and 
optimize the light delivery strategies for better SNR at various depths. 

LED array-based PAI studies so far have used a fixed orientation either in the reflection mode 
[40–42] or transmission mode [38,43]. In this study, we designed a flexible modular light delivery 
system for reflection mode PAI that is capable of orienting light from the LED arrays at various angles 
in the range of 0°–90° (Figure 1). Utilizing the flexible light delivery system, we evaluated PA image 
contrast in various tissue-mimicking phantoms (point targets in non-scattering and scattering liquid 
media, absorbing lesion under non-scattering liquid and scattering tissue such as the chicken breast) 
for the PA signal dependency as a function of irradiation angle and depth. We believe that our 
findings have an important impact on optimizing the design of LED-based PA probes and accelerate 
its clinical translation towards imaging both deeper and shallower lesions. 
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2. Materials and Methods 

2.1. Photoacoustic System and Modular Arrangement for Varying Illumination Direction 

2.1.1. AcousticX 

An LED-based photoacoustic system (AcousticX from Cyberdyne Inc., Tsukuba, Japan) with 
linear US transducer (7 MHz central frequency, 128 elements, 0.315 mm pitch, and 38.4 mm aperture 
size, elevation focus of 15 mm) and two 850 nm LED arrays (30 to 150 ns pulse width, 4 kHz maximum 
repetition rate, 200 µJ pulse energy for each array, 5 mm × 40 mm aperture size, 60° divergence) on 
both sides of the US detector was used for the experiments [44]. PA and US raw data were sampled 
at 40 MHz and 20 MHz, respectively, and data was reconstructed in real-time using an inbuilt 
Fourier-domain reconstruction algorithm of the system. For offline analysis, both PA and US data 
were reconstructed using a previously reported frequency domain beamforming algorithm [45]. 
Radiant exposure per pulse at the LED array surface is about 100 µJ/cm2 (200 µJ/pulse in an array 
area of 2 cm2). Given the LED source divergence of 60° and ~10.5 mm distance between the US 
transducer and the phantom surface to accommodate LED arrays for different angles, maximum 
radiant exposure at the phantom surface was estimated to be about 29 µJ cm−2 (for an area of about 
6.93 cm2) from a single array at 0° LED illumination angle. 

2.1.2. Flexible LED Holder: Modular Design for Adjusting Irradiation Direction 

Two identical modular hinge systems were designed, 3D printed and used to pivot LED arrays 
at different illumination directions with respect to the imaging plane. The modular LED holder 
consisted of three parts that were designed on Autodesk and printed using polylactic acid (PLA) on 
a MakerBot system. All pieces were joined together with 8–32 socket head screws. (Figure 2). Each of 
the modules consisted of four hinges that were attached to one another. These hinges can be adjusted 
or pivoted to create the required angle of illumination. Modules were attached to the US transducer 
on its one end and the LED arrays were gripped through the heat sink of the arrays on the pivoting 
end of the module, as shown in the figure. The inter LED array distance (between their adjacent 
edges) was about 1 cm to accommodate the US transducer. Experiments were done for 0°, 15°, 30°, 
45°, 60°, 75°, and 90° angles using this modular arrangement. The LED array angles were adjusted 
with respect to the central axis of the US transducer using a custom-made protractor as shown in 
Figure 1d. During the experiments, both the US transducer and sample position were unaltered and 
only the LED sources were adjusted, to avoid PA intensity variations due to sample motion with 
respect to the US transducer. 

 

Figure 2. (a) Modular hinge system holding the LED arrays and attached to the US transducer. (b) 
The photographs of the individual pieces are shown in the top panel. The 3D renderings of the hinge 
pieces are shown on the bottom panel. Part A fits around the transducer and extends the horizontal 
reach of the holder to allow the LEDs to be placed at angles approaching 90°. Part B in conjunction 
with Part A allows precise horizontal and vertical height adjustment. The holder consists of two-part 
B pieces, and schematic of only one piece is shown in the panel. Part C holds the LEDs using the heat 
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sinks and provides flexibility for any final adjustments on the LED illumination angle. Scale 
bar = 10 mm. 

2.2. Phantoms 

2.2.1. Graphite Pencil Lead Phantoms 

A matrix of pencil leads (Graphite 2B 0.5 mm manufactured by June Gold, Bountiful, UT USA), 
arranged in 4 rows × 5 columns with a spacing of about 5 mm (columns) and 6 mm (rows), was 
constructed using two 3D printed plastic holders as shown in Figure 3a. The phantom construction 
with pencil lead is immersed in a container with water or 1% Intralipid (Sigma Aldrich Inc., Atlanta, 
GA, USA) solution (Figure 3b). The scattering coefficient of 1% intralipid solution is 1.8 mm−1 [46,47] 
close to the values reported for tumor tissue (1–2 mm−1) [48–50]. All experiments were conducted at 
room temperature (22 °C). 

 

Figure 3. (a) Photograph of Pencil lead matrix; (b) photograph of an experimental arrangement using 
intralipid medium; (c–h) PA image acquired at representative angles 15° (c and f), 45° (d and g), and 
75° (e and h) in water (c–e) and 1% intralipid (f–h); (i and k) Mean PA signal intensities and their 
standard deviations (of 5 lateral positions at each depth) plotted as a function of LED angles in water 
(j) and intralipid (k); and (j and l) corresponding contrast to noise ratios (CNRs) obtained as a function 
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of LED angles in water (j) and intralipid (l). Different depths from the transducer are indicated by 12 
mm (line with black circles), 18 mm (line with red squares), 24 mm (line with blue diamonds), and 30 
mm (line with green downward triangles). The noise background levels corresponding to 12, 18, 24, 
and 30 mm are represented by black, red, blue, and green dash-dotted lines, respectively, in (i) in 
water and (j) in intralipid. The backgrounds were obtained right below from each signal regions, e.g., 
as indicated by the yellow rectangles in (c) and (f). Images for all the angles can be found in Figure S2 
(for water) and Figure S3 (for intralipid). 

2.2.2. Tissue Mimicking Phantom Containing Lesion with High Optical Absorbance 

Tissue mimicking phantoms were prepared using agar powder (Sigma-Aldrich Inc., Atlanta, 
GA, USA). Titanium (IV) oxide, anatase powder (99.8%, Sigma-Aldrich Inc., Atlanta, GA, USA) was 
added to provide acoustic contrast and enhance the optical scattering properties of the agar. The 
preparation was done by slowly adding 1% wt./vol. of agar powder and 1% wt./vol. of TiO2 powder 
into continually stirred deionized water at ambient conditions to avoid clumps. The final solution 
was then heated above 80° C, above the melting temperature of agar, and exposed to a vacuum level 
of about 0.1 atm for 5 min to degas the solution and cooled it down to room temperature to obtain 
the final phantom. A cylindrical light-absorbing lesion with acoustic scatterers was prepared in a 
similar aforementioned method. Additionally, 0.5% wt./vol. graphite powder (<20 µm, synthetic 
graphite, Sigma Aldrich Inc., Atlanta, GA, USA) and 0.5% wt./vol. TiO2 powder were added. The 
concentration of the absorbing and scattering particles was chosen to mimic tumor tissue with an 
absorption coefficient (~0.2 cm−1) and reduced scattering coefficient (~10 cm−1 ) as previously reported 
in the literature [46–51]. 

2.3. Signal Analysis 

2.3.1. PA intensity & Contrast to Noise Ratio (CNR) Calculation 

The PA signal intensity of each pencil lead in the phantom was calculated by taking the 
maximum pixel value from the region of interest (ROI) around the target (white rectangle in Figure 
3c). All the five laterally positioned PA intensities were then averaged to find mean and standard 
deviation (σ) of PA intensities corresponding to each depth location and illumination angles. 
Background (Bg) was calculated from an ROI below each point target (yellow rectangle in Figure 3c). 
It is important to note that the noise/background values were calculated from regions close to the 
signal ROIs. We chose the ROIs within close proximity of the signal ROI and not from regions at the 
corner or with only electronic noise, including reconstruction related artifacts that may be present 
when changing the illumination angle. To plot PA intensity changes as a function of angle in the 
tissue-mimicking phantom, PA signal intensities from the lesion was obtained by choosing the 
median PA intensities above the Bg level. Here also, similar to the pencil phantom case, Bg and σ 
were chosen from a region close to the lesion ROI. PA intensity was plotted in decibel (dB) with the 
formula: 𝑃𝐴 𝑖𝑛𝑡𝑒𝑛𝑠𝑖𝑡𝑦 𝑖𝑛 𝑑𝐵 = 10𝑙𝑜𝑔 𝑃𝐴 𝑖𝑛𝑡𝑒𝑛𝑠𝑖𝑡𝑦  (2) 

and the CNR was calculated using the formula: 𝐶𝑁𝑅 𝑖𝑛 𝑑𝐵 = 10𝑙𝑜𝑔 𝑃𝐴 𝑖𝑛𝑡𝑒𝑛𝑠𝑖𝑡𝑦 − 𝐵𝑔𝜎  (3) 

2.3.2. Divergence of the LED Source 

Divergence of the LED source is an angular measure of the increase in irradiation area (and 
corresponding diameter or radius) with distance from the source. Laser light sources are known to 
have very low divergence while LED sources have high divergence. Sources with high divergence 
have lower radiant exposure per unit area on the target at a given depth than sources with lower 
divergence. These changes in radiant exposure can influence PA signal and hence it is critical to 
evaluate the divergence of the source and choose appropriate illumination angle to obtain maximum 
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CNR. Assuming the LED is a line source aligned in the X-axis (parallel to the US transducer) while 
the emitted wavefronts take quasi-cylindrical shape in the imaging volume, an approximate 
divergence of the source in the YZ plane (Figure 4), in degrees can be computed using: 𝐷𝑖𝑣𝑒𝑟𝑔𝑒𝑛𝑐𝑒 𝑎𝑛𝑔𝑙𝑒 = 2  tan 𝑡𝑎𝑟𝑔𝑒𝑡 𝑑𝑒𝑝𝑡ℎ𝐿𝐸𝐷 𝑡𝑜 𝐷𝑒𝑡𝑒𝑐𝑡𝑜𝑟 𝑑𝑖𝑠𝑡𝑎𝑛𝑐𝑒  (4) 

 

Figure 4. (a) Illustration of the source wavefront profile, while assuming the LED array as a line source 
with Gaussian profile having divergence described by Equation (4); (b) Source profile after pivoting 
LED arrays at three different angles in the imaging plane–green at 0°, red at 45°, and blue at 90°; (c) 
Normalized PA intensity obtained from 18 mm target vs. LED illumination angle, θ, is indicated in 
blue squares. The red solid curve shows the Gaussian fit using Equation (5), with an R-squared value 
of 0.95; (d) Blue squares with error bar show the peak PA intensity with standard deviation for each 
depth plotted as a function of θ for pencil lead phantom data in water. The black solid curve displays 
the best fit using a cotangent function (R2 = 0.95). 

The multiplying factor 2 is used to include both sides of the illumination plane. Target depth 
and LED to detector distance refer to the absorber (pencil lead) position in depth below the detector 
(US transducer) and its lateral distance to the source (LED array), respectively. In our experiment, the 
target and LED to detector distance were fixed while the source was pivoted, as shown in Figure 4b. 
We assume that the LED source exhibits a Gaussian spatial intensity profile and thus a Gaussian 
function is used to fit PA intensity vs. LED- illumination angle data to find the divergence of the LED 
arrays, given by 𝑓 𝑥 =  𝑎 𝑒  (5) 

where x is the source angle, a is the peak PA intensity and that corresponds to angle b, and c is the 
half of the angle span at which PA intensity shows half maximum (50%) or −6 dB roll-off. The 
divergence can then be calculated by multiplying c by two, resulting in the full width of the angle at 
half maximum of the PA intensity (FWHM). The model can be fitted using a least-squares 
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minimization method to obtain best-fit parameters. Moreover, the position of the peak intensity for 
a chosen depth can be described by 𝑑 = 𝑚 + 𝑛. cot 𝜃   (6) 

where θ is the LED illumination angle (Figure 1), m is the offset of imaging plane in depth, n is the 
separation between LED and detector, and d is the imaging depth. 

3. Results 

Experiments were conducted in two different phantom environments: liquid and chicken tissue. 
The first phantom consisted of pencil lead (point source) as absorbing targets (Figure 3) in water or 
1% intralipid media. The second tissue-mimicking phantom consisted of an absorbing cylindrical 
lesion made of graphite powder (Figure 5), which was placed on top of a chicken breast tissue 
arranged obliquely to the imaging plane, while the top layer was interchanged between water or 
chicken breast tissue. The experiments were designed to probe the phantom at all depths 
simultaneously for each angle of choice, thereby reducing experimental uncertainties. 

 

Figure 5. (a) Schematic of the tissue-mimicking phantom: Absorbing lesion (cylindrical in shape, 2 
mm in diameter) placed on chicken tissue and arranged obliquely in the XZ plane. (b) Photograph of 
the experiment. The dotted line indicated by arrowhead shows the projection of lesion to the x-axis; 
(c and d) US image of the sample showing water top layer(c) or chicken layer (d) lesion and bottom 
chicken tissue in both cases; (e–j) PA intensity images captured using water as the top layer (e–g) or 
chicken tissue as the top layer (h–j), by choosing LED array directions: 15° (e and h), 45°(f and i), and 
75° (g & j) with respect to the imaging plane. 
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3.1. Pencil Lead Phantom Experiments 

3.1.1. Pencil Lead in Scattering and Non-Scattering Media Shows Weak Dependency on the LED 
Illumination Angle 

Initially, PA intensities were monitored as a function of the illumination angle using a 4 × 5 
pencil-lead matrix (as detailed previously) aligned orthogonal to the imaging axis to form point 
targets at defined locations. LED directions were varied from 0° to 90° in steps of 15°, as shown in 
Figure 1. Figure 3a,b shows the photographs of the lead matrix and an experimental arrangement in 
intralipid, respectively. PA intensity images (in dB scale) obtained at three representative angles: 15°, 
45°, and 75° in water and 1% intralipid medium are shown in Figure 3c–e, f–h, respectively. PA 
images from all the angles between 0° and 90° can be found in Figure S2 (for water) and Figure S3 
(for intralipid). Angle dependent PA intensities and CNR were calculated for four depths 
(approximately at 12 mm, 18 mm, 24 mm, and 30 mm) as described in Section 2.3 and plotted in 
Figure 3i, k, j, l, respectively. An approximate gap of 10.5 mm from the US transducer to the sample 
was kept avoiding near field reconstruction errors and also to allow room for LED adjustments. For 
non-scattering media (water), the PA signal intensity increased as LED illumination angle increased 
from parallel orientation (0°), and then reached a maximum value at intermediate angles and finally 
decreased in its strength as the angle approached 90° (LED illumination perpendicular to the 
transducer). It is obvious from the plots that the angles corresponding to the maximum PA intensity 
value were in an inverse relation to the target depth, by showing a maximum value at a steeper angle 
for the 12 mm target and a maximum value at a shallower angle corresponding for the 30 mm target. 

Figure 3j demonstrates CNR obtained in water as a function of the angle of irradiation. It reveals 
that the PA contrast did not change significantly after reaching a maximum level for an extended 
angle range of 15° to 75°. This was due to an increase in the background (due to various artifacts) 
along with the target signal increase that in turn reduced the angle dependency. PA intensities using 
intralipid (Figure 3k, l) showed a similar trend as water, especially for angles between 15° to 75°. In 
the cases of 0° and 90°, even though the trend was similar to that of the water phantom, the changes 
in PA intensity were less for intralipid phantom as expected. This reduction in intensity is due to 
reduced fluence due to optical scattering that reduces the incoming light directionality (and thus the 
angle dependency) as opposed to the case of non-scattering water medium. Comparing the depth-
dependent CNR within the quasi angle-independent regime (15°–75°), the total drop was larger in 
scattering media (~30 dB) than in the water phantom (~15 dB). This can be due to a larger attenuation 
promoted by increased light scattering. 

3.1.2. LED Source Divergence and Optimum Illumination Angle from Pencil Lead Targets in Water 

Knowing the target location in depth and its lateral separation from the illumination plane, the 
source divergence (Figure 4) orthogonal to the illumination plane (Y) can be computed. In our 
experiments, the center of the light source (approximated here as a line source) was located at 10.5 ±2 mm away from the imaging plane (imaging axis of the US transducer). Utilizing Equation (5), the 
divergence of the LED source was calculated to be 58 ± 8° at FWHM from the Gaussian fit of PA 
intensities from pencil lead target at 18 mm depth (Figure 4c). The experimentally derived divergence 
value is in good agreement with the manufacturer’s data (60°, from Cyberdyne Inc., Tsukuba, Japan). 
The peak PA intensity (coefficient b in Equation (5)) at 18 mm depth was observed at 44° ± 3°. We 
further analyzed the data in Figure 3i to infer the angle at which maximum PA intensity could be 
obtained as a function of depth (Figure 4d) using the coefficient b in Equation (5). The black solid 
curve in Figure 4d shows the cotangent fit (Equation (6)) to the data shown in blue squares with a 
goodness of fit (R-squared) value equal to 0.95. Fitting was done by choosing m (depth offset) and n 
(separation of LED to the detector) as free fit parameters. Best fits (and 95% confidence interval 
bounds) obtained for, m is 9 mm (−0.6, 18.6 mm) and n is 10.7 mm (3, 18 mm). A large offset value 
might be due to the experimental error coming from the spatial width of the LED array, which takes 
up ~10.5 mm below the US transducer, in the imaging plane, at its steepest angle (90°). The value of 
n matched well to our experimentally set approximate value of 10.5 mm. From the fit, maximum PA 
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signal intensity value at 12 mm can be obtained with a LED illumination angle of 74° while 27° can 
be used to image lesions at 30 mm depth. It should be noted that there exists a strong dependency of 
the illumination angle at superficial regions (slope of −5°/mm at 10 mm), which weakens as it goes to 
deeper locations (−2.5°/mm at 20 mm and −1.1°/mm at 30 mm) due to the nature of the cotangent 
function. The diameter of the projected beam onto the imaging plane, Z, at a given θ is estimated to 
be about 11.2 mm (θ = 84.5°) and 11.8 mm (θ = 27°) at 10 mm and 30 mm depths, respectively. 
Interestingly, less than 4% variation in the beam diameter in the imaging range is observed with 
different LED illumination angle. So, the large source divergence of about 11–12 mm overcomes the 
strong angle dependencies and can be used to lower the number of illumination angles for imaging 
lesions at various depths as is the case with Laser illumination. The LED illumination angle effects 
are even less notable in scattering medium, where deep tissue imaging can be achieved with smaller 
LED illumination angles (closer to being parallel to the imaging plane) and superficial lesion imaging 
is possible with larger LED illumination angles (closer to being perpendicular to the imaging plane). 

3.2. Effect of Surrounding Media and Illumination Direction on PA Signal from Tumor Mimicking Lesion. 

A second set of experiments were conducted using tumor mimicking light-absorbing lesion 
placed obliquely in the imaging plane on top of chicken breast tissue (backing layer) while using 
water (Figure 5a) or scattering chicken tissue as the top layer (Figure 5b). This phantom study aimed 
to simulate superficial or deep-seated tumor lesions filled with blood vessels or contrast agents. US 
images corresponding to experiments using a top water layer (Figure 5c) and top chicken layer 
(Figure 5d) show the lesion placement and surrounding layers for comparison with corresponding 
PA images. The PA images using water as the top layer or chicken tissue as the top layer at LED 
source angles 15°, 45°, and 75° are shown in Figure 5e–g, h–j, respectively. An apparent lateral shift 
in lesion positions between the images generated with water and chicken top layers was due to a 
change in imaging transducer placement about 2 mm in the horizontal axis, between the experiments 
(Figure 5h–j), which had negligible or no effects in our depth-dependent analysis. 

Experiments with the top water layer show PA signals from the lesion for the entire imaging 
depth (Figure 5e–g), which can be associated with the negligible light scattering in water, opposed to 
chicken tissue (Figure 5h–j). Angle dependent PA intensity variations were also visible in both cases, 
where deeper tissue illumination was achieved at lower incident angles while increased PA intensity 
in the detector vicinity was observed for higher illumination angles. These results are very similar to 
those observed in Figure 3 using pencil lead phantom in water and intralipid. For a detailed analysis 
of depth-dependent PA intensity variation, Figure 6 was presented with analyses from three depth 
locations at 12 mm, 20 mm, and 28 mm, in which PA signals were plotted as a function of illumination 
angle, for the tissue-mimicking phantom with the top water and chicken layers. The white 
parallelograms in Figure 6a indicate the selected ROI from where the median PA intensity was 
calculated and the yellow parallelogram ROIs were considered for the background. Calculated PA 
intensities and CNRs as a function of angle for different depths are shown, respectively, in Figure 6b, 
c while using water as the top layer, and Figure 6d, f for chicken breast as the top layer. In the case of 
water as the top layer, the illumination angle parallel to the imaging plane, i.e., 0°, produced highest 
PA intensity (~23 dB) at the bottom (28 mm) than at the top regions; at 12 mm, the intensity dropped 
to ~17 dB as demonstrated in Figure 6b. On the other hand, experiment with the chicken top layer 
(Figure 6d) showed almost equal but low PA intensity (~17 dB) for all depths at 0°. It is interesting to 
note that the PA signal from 12 mm was quasi-constant for all angles from 30° and above. For the 
intermediate depth (20 mm), the intensities showed an increase up to 15°, then stayed almost 
unchanging until 60° and showed a slight decrease in the mean value with further increase in angle 
from 75° and above. It should also be noted that the signal from 28 mm depth while using chicken 
top layer was very close to the background level (CNR is less than 5 dB), which shows the maximum 
penetration depth achieved within our experimental limits. 
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Figure 6. (a) PA image of a sample containing absorbing lesion (2 mm diameter) with the top water 
layer. White parallelograms indicate the regions selected for PA intensity and yellow for the 
background; (b,d) PA signal intensity plotted as a function of LED angles for selected depths in mm 
as labeled by numbers with the corresponding color, right next to each plot. Black circle with line 
corresponds to 12 mm, red squares with line corresponds to 20 mm and blue diamond with line 
indicates 28 mm. The black dotted lines, red dash-dotted lines, and blue dashed lines represent the 
background levels for 12, 20, and 28 mm depths (from the transducer) respectively; a gap of 10.5 mm 
exists between the transducer and the phantom surface. (c) CNR of the lesion under water; (e) CNR 
of the lesion under chicken breast. The error bars represent the standard deviation. 

4. Discussion 

The dependence of image contrast on irradiation parameters such as the angle of irradiation 
relative to the transducer, wavelength of the light irradiation, and distance between the transducer 
and the light source is undisputed. In this paper, we studied the dependence of signal intensity and 
contrast in PA images generated by an LED light source at various illumination angles. The 3D 
modular hinge design gave extreme flexibility to adjust the illumination angle as well as the 
transducer to LED-array distance. In the current work, the distance between the LED light source and 
transducer was relatively constant with the LED array positioned very close to the transducer (Figure 
1). Studies addressing different separation distances between the transducer and the LED array can 
potentially give complementary information to our results. With respect to the 3D modular hinge 
system itself (Figure 2), several design criteria could be improved. Currently, the footprint of the 
modular system is large (11.5 cm at its widest dimension). Though the complete probe is lightweight 
due to lack of any heavy motors or metallic pieces, it is still larger than the other 3D printed fixed 
angle holders, e.g., by Sivasubramanian et al. [33]. The hinge system can be further modified with 
computer-controlled micro-hinges, can be adapted to any fiber bundles irrespective of their shape or 
size and can also be integrated with any laser or pulsed diode-based systems. 

In all our results, it is evident that the background signal is also increasing along with the PA 
signal of interest (Figure S1), resulting in less impact on CNR when the illumination angle is increased 
beyond a certain limit. We believe that the background signal may be affected by various artifacts 
like reflection artifacts, out-of-plane clutter, and side lobes. For example, it is well known that more 
reflection artifacts are caused by high PA signal from tissue/phantom surface reflecting off 
acoustically dense structures when the illumination angle is steep and the fluency is high just beneath 
the US probe. These reverberation type of reflection artifacts are visible in our results too (Figures 3 
and S1) and would have impacted the CNR calculation. At lower illumination angle setups, light can 
scatter outside the imaging plane, get absorbed by different features, and generate out-of-plane 
artifacts and this also may have an impact in the CNR [52]. We strongly believe that it is also 
important to consider these common artifacts in the CNR analysis hence we chose a region very close 
to the target of interest for the calculations, instead of choosing a blank image (image generated with 
no light) or electronic noise. Furthermore, we used 850 nm irradiation, a wavelength at which there 
is relatively high penetration depth in tissue. The utility of other illumination wavelengths will 
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impact the PA signal intensity and CNR based on the absorption properties of lesions at those 
wavelengths. Our future studies will involve evaluating these observations especially in an in vivo 
situation with both subcutaneous (superficial lesions) and orthotopic tumors (deep lesions). 

A recent study by Agarwal et al. demonstrated that single-shot laser-based PAI and LED-based 
PAI achieved the same SNR from lesions 2–3 cm deep in chicken tissue. Though high frame averaging 
(2560 frames) was performed in LED-based PAI, they achieved real-time imaging due to the high 
pulse repetition frequency of LED sources [53]. The utility of LED-based PAI systems has been 
extensively reviewed by Zhu et al. [37] and one of the key factors currently hindering the clinical 
translation of LED-based photoacoustic imaging systems regardless of demonstrated promise in 
multiple preclinical and clinical imaging applications is the optical output power of the LED arrays 
[37,54]. It is of paramount importance to improve the optical output power of LEDs to enhance its 
usage in a wide range of deep-tissue imaging applications, and thus accelerate the clinical translation. 
The pulse repetition rate of LEDs is several-fold higher than pulsed LASER systems and it is feasible 
to average multiple image frames to improve SNR without compromising on real-time imaging 
capability. However, averaging N frames can improve SNR by only √N, and thus this approach has 
its limitations. Recently several developments in beamforming methodologies are made to improve 
the CNR and SNR of the LED-based PA systems [55,56]. We believe that the improvement of optical 
pulse energy and the development of novel image reconstruction and enhancement algorithms will 
be critical to accelerate the clinical translation of LED-based PAI [54]. 

5. Conclusions 

Our results show that the optical excitation using an LED source behaves differently than the 
laser excitation due to a large source divergence of LED arrays, which we calculated to be 58° ± 8°. 
This in turn reduces the source direction dependency of PA signal at different depths. Our analysis 
in the non-scattering medium shows a strong dependence of illumination angle vs. depth at near field 
regions (−5°/mm at ~10 mm) and weak dependence at deeper locations (−2.5°/mm at 20 mm; −1.1°/mm 
at 30 mm). On the other hand, results from tissue-mimicking phantom in scattering media showed 
significantly weaker angle dependence of PA signal intensity than the phantom in water. So, utilizing 
an LED-based system (or a source with similar divergence) for either deep tissue lesions or superficial 
lesions would be less cumbersome in terms of source alignment by offering the freedom to choose a 
wide range of irradiation angles without losing CNR in the images. In contrast, spatially coherent 
sources would require stringent alignment strategies for illuminating lesions at various depths 
[57,58]. The modular light delivery system and results presented in this study can serve as a priori 
knowledge for future LED-based PA system designs and aid in further catapulting its utility in both 
preclinical and clinical applications. 

Supplementary Materials: The following are available online at www.mdpi.com/1424-8220/20/13/3789/s1, 
Figure S1: (a) A photograph of Pencil lead array placed in water bath in the presence of PA transducer on top; 
(b) Schematic of the pencil lead array; (c - h) PA image acquired at representative angles 15° (c & f), 45° (d & g), 
and 75° (e & h) in water (c–e) and 1% intralipid (f–h); Differ to figure 2 in the main article, where the reconstructed 
images are shown in a dynamic range of 30 dB, these images are shown in 40 dB to show the presence of 
background.. Figure S2: Pencil lead in water at different angles of illumination mentioned as in each image title. 
PA intensity values are given in the bottom color bar. Figure S3: Pencil lead in intralipid at different angles of 
illumination mentioned as in each image title. PA intensity values are given in the bottom color bar. 

Author Contributions: Conceptualization, M.K., M.K.A.S., and S.M.; methodology, M.K., C.D.N., and S.M.; 
software, M.K.; validation, M.K. and C.D.N.; formal analysis, M.K.; investigation, M.K.; resources, S.M.; data 
curation, M.K. and C.D.N.; writing—original draft preparation, M.K. and S.M.; writing—review and editing, 
M.K., M.K.A.S., C.D.N., and S.M.; visualization, M.K. and S.M.; supervision, S.M.; project administration, S.M.; 
funding acquisition, S.M. All authors have read and agreed to the published version of the manuscript. 

Funding: This research was funded by the School of Engineering, Tufts University. Partial salary support of M.K 
and S.M. by the National Institute of Health RO1CA231606 grant is gratefully acknowledged. 

Acknowledgments: The authors would like to thank Michael D. Kennedy, Department of Biomedical 
Engineering, Tufts University, Medford, MA, USA, for 3D printing the modular holder for LED arrays. 



Sensors 2020, 20, 3789 13 of 15 

 

Conflicts of Interest: M.K.A.S. is employed by CYBERDYNE INC. The authors have no financial interests or 
conflicts of interest to disclose. 

References 

1. Hester, S.C.; Kuriakose, M.; Nguyen, C.D.; Mallidi, S. Role of Ultrasound and Photoacoustic Imaging in 
Photodynamic Therapy for Cancer. Photochem. Photobiol. 2020, 96, 260–279. 

2. Beard, P. Biomedical photoacoustic imaging. Interface Focus 2011, 1, 602–631. 
3. Brown, E.; Brunker, J.; Bohndiek, S.E. Photoacoustic imaging as a tool to probe the tumour 

microenvironment. Dis. Model Mech. 2019, 12, dmm039636. 
4. Steinberg, I.; Huland, D.M.; Vermesh, O.; Frostig, H.E.; Tummers, W.S.; Gambhir, S.S. Photoacoustic clinical 

imaging. Photoacoustics 2019, 14, 77–98. 
5. Zackrisson, S.; van de Ven, S.; Gambhir, S.S. Light in and sound out: Emerging translational strategies for 

photoacoustic imaging. Cancer Res. 2014, 74, 979–1004. 
6. Liu, G. Theory of the photoacoustic effect in condensed matter. Appl. Opt. 1982, 21, 955–960. 
7. Wang, L.V. Tutorial on Photoacoustic Microscopy and Computed Tomography. IEEE J. Sel. Top. Quantum 

Electron. 2008, 14, 171–179. 
8. Craig, B.; Sussman, C.R., Qizhi Zhang, Huabei Jiang, Tong Zheng, Dennis Steindler, Linda Young, and 

Michael, D. Weiss. hotoacoustic tomography can detect cerebral hemodynamic alterations in a neonatal 
rodent model of hypoxia-ischemia. Acta Neurobiol. Exp. 2012, 72, 253–263. 

9. Wang, X.; Chamberland, D.L.; Xi, G. Noninvasive reflection mode photoacoustic imaging through infant 
skull toward imaging of neonatal brains. J. Neurosci. Methods 2008, 168, 412–421. 

10. Lin, L.; Hu, P.; Shi, J.; Appleton, C.M.; Maslov, K.; Li, L.; Zhang, R.; Wang, L.V. Single-breath-hold 
photoacoustic computed tomography of the breast. Nat. Commun. 2018, 9, 2352. 

11. Dogra, V.S.; Chinni, B.K.; Valluru, K.S.; Moalem, J.; Giampoli, E.J.; Evans, K.; Rao, N.A. Preliminary results 
of ex vivo multispectral photoacoustic imaging in the management of thyroid cancer. AJR Am. J. Roentgenol. 
2014, 202, W552–W558. 

12. Yang, M.; Zhao, L.; He, X.; Su, N.; Zhao, C.; Tang, H.; Hong, T.; Li, W.; Yang, F.; Lin, L., et al. 
Photoacoustic/ultrasound dual imaging of human thyroid cancers: An initial clinical study. Biomed. Opt. 
Express 2017, 8, 3449–3457. 

13. Mallidi, S.; Luke, G.P.; Emelianov, S. Photoacoustic imaging in cancer detection, diagnosis, and treatment 
guidance. Trends Biotechnol. 2011, 29, 213–221. 

14. Valluru, K.S.; Wilson, K.E.; Willmann, J.K. Photoacoustic Imaging in Oncology: Translational Preclinical 
and Early Clinical Experience. Radiology 2016, 280, 332–349. 

15. Mallidi, S.; Watanabe, K.; Timerman, D.; Schoenfeld, D.; Hasan, T. Prediction of tumor recurrence and 
therapy monitoring using ultrasound-guided photoacoustic imaging. Theranostics 2015, 5, 289–301. 

16. Moore, C.; Jokerst, J.V. Strategies for Image-Guided Therapy, Surgery, and Drug Delivery Using 
Photoacoustic Imaging. Theranostics 2019, 9, 1550–1571. 

17. Kim, J.; Park, S.; Jung, Y.; Chang, S.; Park, J.; Zhang, Y.; Lovell, J.F.; Kim, C. Programmable Real-time 
Clinical Photoacoustic and Ultrasound Imaging System. Sci. Rep. 2016, 6, 35137. 

18. Schellenberg, M.W.; Hunt, H.K. Hand-held optoacoustic imaging: A review. Photoacoustics 2018, 11, 14–27. 
19. Upputuri, P.K.; Pramanik, M. Photoacoustic imaging in the second near-infrared window: A review. J. 

Biomed. Opt. 2019, 24, 1–20. 
20. Xu, M.; Wang, L.V. Photoacoustic imaging in biomedicine. Rev. Sci. Instrum. 2006, 77, 041101. 
21. Oraevsky, A.A.; Karabutov, A.A. Optoacoustic Tomography. In Biomedical Photonics Handbook; Vo-Dinh, T., 

Ed.; CRC: Boca Raton, FL, USA, 2003; Chapter 34 
22. Sivasubramanian, K.; Pramanik, M. High frame rate photoacoustic imaging at 7000 frames per second using 

clinical ultrasound system. Biomed. Opt. Express 2016, 7, 312–323. 
23. Sowers, T.; Yoon, H.; Emelianov, S. Investigation of light delivery geometries for photoacoustic 

applications using Monte Carlo simulations with multiple wavelengths, tissue types, and species 
characteristics. J. Biomed. Opt. 2020, 25, 1–16. 

24. Wang, Y.; Lim, R.S.A.; Zhang, H.; Nyayapathi, N.; Oh, K.W.; Xia, J. Optimizing the light delivery of linear-
array-based photoacoustic systems by double acoustic reflectors. Sci. Rep. 2018, 8, 13004. 

25. Wang, Z.; Ha, S.; Kim, K. A new design of light illumination scheme for deep tissue photoacoustic imaging. 
Opt. Express 2012, 20, 22649–22659. 

26. Yang, G.; Amidi, E.; Nandy, S.; Mostafa, A.; Zhu, Q. Optimized light delivery probe using ball lenses for 
co-registered photoacoustic and ultrasound endo-cavity subsurface imaging. Photoacoustics 2019, 13, 66–75. 

27. Carles, G.; Zammit, P.; Harvey, A.R. Holistic Monte-Carlo optical modelling of biological imaging. Sci. Rep. 
2019, 9, 15832. 



Sensors 2020, 20, 3789 14 of 15 

 

28. Flock, S.T.; Patterson, M.S.; Wilson, B.C.; Wyman, D.R. Monte Carlo modeling of light propagation in 
highly scattering tissue--I: Model predictions and comparison with diffusion theory. IEEE Trans. Biomed. 
Eng. 1989, 36, 1162–1168. 

29. Held, K.G.; Jaeger, M.; Ricka, J.; Frenz, M.; Akarcay, H.G. Multiple irradiation sensing of the optical 
effective attenuation coefficient for spectral correction in handheld OA imaging. Photoacoustics 2016, 4, 70–
80. 

30. Watte, R.; Aernouts, B.; Van Beers, R.; Herremans, E.; Ho, Q.T.; Verboven, P.; Nicolai, B.; Saeys, W. 
Modeling the propagation of light in realistic tissue structures with MMC-fpf: A meshed Monte Carlo 
method with free phase function. Opt. Express 2015, 23, 17467–17486. 

31. Held, G.; Preisser, S.; Akarcay, H.G.; Peeters, S.; Frenz, M.; Jaeger, M. Effect of irradiation distance on image 
contrast in epi-optoacoustic imaging of human volunteers. Biomed. Opt. Express 2014, 5, 3765–3780. 

32. Haisch, C.; Eilert-Zell, K.; Vogel, M.M.; Menzenbach, P.; Niessner, R. Combined optoacoustic/ultrasound 
system for tomographic absorption measurements: Possibilities and limitations. Anal. Bioanal. Chem. 2010, 
397, 1503–1510. 

33. Sivasubramanian, K.; Periyasamy, V.; Wen, K.K.; Pramanik, M. Optimizing light delivery through fiber 
bundle in photoacoustic imaging with clinical ultrasound system: Monte Carlo simulation and 
experimental validation. J. Biomed. Opt. 2017, 22, 41008. 

34. Sangha, G.S.; Hale, N.J.; Goergen, C.J. Adjustable photoacoustic tomography probe improves light delivery 
and image quality. Photoacoustics 2018, 12, 6–13. 

35. Jo, J.; Xu, G.; Zhu, Y.; Burton, M.; Sarazin, J.; Schiopu, E.; Gandikota, G.; Wang, X. Detecting joint 
inflammation by an LED-based photoacoustic imaging system: A feasibility study. J. Biomed. Opt. 2018, 23, 
1–4. 

36. Leskinen, J.; Pulkkinen, A.; Tick, J.; Tarvainen, T.; Ntziachristos, V.; Zemp, R. Photoacoustic tomography 
setup using LED illumination. In Proceedings of the Opto-Acoustic Methods and Applications in 
Biophotonics IV, Munich, Germany, 24–25 June 2019. 

37. Zhu, Y.; Feng, T.; Cheng, Q.; Wang, X.; Du, S.; Sato, N.; Kuniyil Ajith Singh, M.; Yuan, J. Towards Clinical 
Translation of LED-Based Photoacoustic Imaging: A Review. Sensors 2020, 20, 2484. 

38. Agrawal, S.; Fadden, C.; Dangi, A.; Yang, X.; Albahrani, H.; Frings, N.; Heidari Zadi, S.; Kothapalli, S.R. 
Light-Emitting-Diode-Based Multispectral Photoacoustic Computed Tomography System. Sensors 2019, 19, 
4861. 

39. Xia, W.; Kuniyil Ajith Singh, M.; Maneas, E.; Sato, N.; Shigeta, Y.; Agano, T.; Ourselin, S.; J West, S.; E 
Desjardins, A. Handheld real-time LED-based photoacoustic and ultrasound imaging system for accurate 
visualization of clinical metal needles and superficial vasculature to guide minimally invasive 
procedures. Sensors 2018, 18, 1394. 

40. Zhu, Y.; Xu, G.; Yuan, J.; Jo, J.; Gandikota, G.; Demirci, H.; Agano, T.; Sato, N.; Shigeta, Y.; Wang, X. Light 
Emitting Diodes based Photoacoustic Imaging and Potential Clinical Applications. Sci. Rep. 2018, 8, 9885. 

41. Jo, J.; Xu, G.; Cao, M.; Marquardt, A.; Francis, S.; Gandikota, G.; Wang, X. A Functional Study of Human 
Inflammatory Arthritis Using Photoacoustic Imaging. Sci. Rep. 2017, 7, 15026. 

42. Hariri, A.; Lemaster, J.; Wang, J.; Jeevarathinam, A.S.; Chao, D.L.; Jokerst, J.V. The characterization of an 
economic and portable LED-based photoacoustic imaging system to facilitate molecular imaging. 
Photoacoustics 2018, 9, 10–20. 

43. Joseph Francis, K.; Boink, Y.E.; Dantuma, M.; Ajith Singh, M.K.; Manohar, S.; Steenbergen, W. Tomographic 
imaging with an ultrasound and LED-based photoacoustic system. Biomed. Opt. Express 2020, 11, 2152–2165. 

44. Toshitaka Agano, M.K.A.S., Ryo Nagaoka, Kunio Awazu. Effect of light pulse width on frequency 
characteristics of photoacoustic signal—An experimental study using a pulse-width tunable LED-based 
photoacoustic imaging system. Int. J. Eng. Technol. 2018, 7, 4300–4303. 

45. Jaeger, M.; Schüpbach, S.; Gertsch, A.; Kitz, M.; Frenz, M. Fourier reconstruction in optoacoustic imaging 
using truncated regularized inversek-space interpolation. Inverse Probl. 2007, 23, S51–S63. 

46. Driver, I.; Feather, J.W.; King, P.R.; Dawson, J.B. The optical properties of aqueous suspensions of Intralipid, 
a fat emulsion. Phys. Med. Biol. 1989, 34, 1927. 

47. Pogue, B.W.; Patterson, M.S. Review of tissue simulating phantoms for optical spectroscopy, imaging and 
dosimetry. J. Biomed. Opt. 2006, 11, 041102. 

48. van Leeuwen-van Zaane, F.; Gamm, U.A.; van Driel, P.B.A.A.; Snoeks, T.J.A.; de Bruijn, H.S.; van der Ploeg-
van den Heuvel, A.; Mol, I.M.; Löwik, C.W.G.M.; Sterenborg, H.J.C.M.; Amelink, A., et al. In vivo 
quantification of the scattering properties of tissue using multi-diameter single fiber reflectance 
spectroscopy. Biomed. Opt. Express 2013, 4, 696–708. 

49. Elena Vladimirovna, S.; Brian, J.; John, N.; Anna, N.Y. Optical properties of normal and cancerous human 
skin in the visible and near-infrared spectral range. J. Biomed. Opt. 2006, 11, 1–9. 



Sensors 2020, 20, 3789 15 of 15 

 

50. Vogt, W.C.; Jia, C.; Wear, K.A.; Garra, B.S.; Joshua Pfefer, T. Biologically relevant photoacoustic imaging 
phantoms with tunable optical and acoustic properties. J. Biomed. Opt. 2016, 21, 101405–101405. 

51. Bohndiek, S.E.; Bodapati, S.; Van De Sompel, D.; Kothapalli, S.R.; Gambhir, S.S. Development and 
Application of Stable Phantoms for the Evaluation of Photoacoustic Imaging Instruments. PLoS ONE 2013, 
8, e75533–e75514. 

52. Nguyen, H.N.Y.; Steenbergen, W. Three-dimensional view of out-of-plane artifacts in photoacoustic 
imaging using a laser-integrated linear-transducer-array probe. Photoacoustics 2020, 19, 100176. 

53. Sumit, A.; Mithun Kuniyil Ajith, S.; Xinyi, Y.; Hussain, A.; Ajay, D.; Sri-Rajasekhar, K. Photoacoustic 
imaging capabilities of light emitting diodes (LED) and laser sources: A comparison study. In Proceedings 
of Proc.SPIE. 

54. Kuniyil Ajith Singh, M.; Sato, N.; Ichihashi, F.; Sankai, Y. Clinical Translation of Photoacoustic Imaging—
Opportunities and Challenges from an Industry Perspective. In LED-Based Photoacoustic Imaging: From 
Bench to Bedside; Kuniyil Ajith Singh, M., Ed.; Springer: Singapore, 2020; pp. 379–393; doi:10.1007/978-981-
15-3984-8_16. 

55. Miri Rostami, S.R.; Mozaffarzadeh, M.; Ghaffari-Miab, M.; Hariri, A.; Jokerst, J. GPU-accelerated Double-
stage Delay-multiply-and-sum Algorithm for Fast Photoacoustic Tomography Using LED Excitation and 
Linear Arrays. Ultrason. Imaging 2019, 41, 301–316. 

56. Farnia, P.; Najafzadeh, E.; Hariri, A.; Lavasani, S.N.; Makkiabadi, B.; Ahmadian, A.; Jokerst, J.V. Dictionary 
learning technique enhances signal in LED-based photoacoustic imaging. Biomed. Opt. Express 2020, 11, 
2533–2547. 

57. Alijabbari, N.; Alshahrani, S.S.; Pattyn, A.; Mehrmohammadi, M. Photoacoustic Tomography with a Ring 
Ultrasound Transducer: A Comparison of Different Illumination Strategies. Appl. Sci. 2019, 9, 94. 

58. Luo, H.; Yang, G.; Zhu, Q. Fiber endface illumination diffuser for endo-cavity photoacoustic imaging. Opt. 
Lett. 2020, 45, 632–635. 

 

© 2020 by the authors. Licensee MDPI, Basel, Switzerland. This article is an open access 
article distributed under the terms and conditions of the Creative Commons Attribution 
(CC BY) license (http://creativecommons.org/licenses/by/4.0/). 

 

 


