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LIST OF FIGURES

Figure 2. 1 Schematic and photograph of LED-based photoacoustic system. A) Schematic
of the PAI system using LED array light source. B) Photograph of PLED-PAI probe associated
with motorized stage. C) Whole imaging setup includes PC and processing unit, data acquisition,
LED driver, ultrasound transducer, LED light source, and motorized stage. D) PLED-PAI probe
with imaging plane and illumination source are shown schematically. LED array design is also
shown in the inset—there were alternating rows of LEDs with different wavelengths.................. 9

Figure 2. 2 LED beam characterizations of PLED-PAI system. A) Parallel lines were printed
on transparency film and placed inside 1% agar. The distance between the lines is 2 mm. B) LED
fluence per pulse versus pulse width for 690 and 850 nm. C) MIP image for sixteen parallel lines
with a scan size of 10 mm. D) The line profile along the dotted line in C. E) Statistical analysis of
each line and the averaged PA intensity along all sixteen lines. Error bars show standard deviation
between different ROIs in each printed line. F) LED power stability (in different repetition rates)
versus time when PLED-PAI is placed inside the water. G) LED power statistical parameters when
PLED-PAI is in water for 500 s. H) LED power stability (in different repetition rates) versus time
when PLED-PAI is placed inside the air. ) LED power statistical parameters for PLED-PAI in air
L0 1724 0L 1RSSR 15

Figure 2. 3 Axial resolution by measuring photoacoustic point spread function using a
human black hair. A) Photograph and bright field microscopy image of black hair inside 1% agar
phantom. The thickness of the hair is 100.1 + 5.6 um. B) Photoacoustic image of hair. Image size
is 3.5 cm x 4 cm. The image is reconstructed using the FTA algorithm. C) Lateral profile along
dotted line for all conditions with different colors (1K Hz (32, 64, 96, 160, 320, 640, 1600, 3200,
and 6400 averages), 2K Hz (64, 128, 192, 320, 640, 1280, 3200, 6400, and 12800 averages), 3K
Hz (128, 192, 320, 640, 1280, 3200, 6400, and 12800 averages), and 4K Hz (128, 256, 384, 640,
1280, 2650, 6400, 12800, and 25600 averages). There is no significant difference in lateral profile
in this phantom as a function of repetition rate or averages. D) Axial profile for all conditions with
different colors. E) Fitted Gaussian distribution on the axial profile with measured FWHM. Axial
FESOIULION 18 28 M. ...ttt et e st s e s s s e e s e e s e eeeneeeees 16

Figure 2. 4 Lateral resolution measurement of LED-based photoacoustic imaging system.
A) Parallel lines with various spacing (1.1 mm, 0.83 mm, 0.75 mm, 0.59, and 0.55 mm) are printed
on transparency film and placed inside 1% agar phantom. B) Photoacoustic image for 1.1 mm
spacing between lines. C) 0.83 mm spacing. D) 0.75 mm. E) 0.59 mm. F) 0.55 mm. G) Lateral
profile for two different samples (0.59 mm and 0.55 mm). This plot shows that LED-based
photoacoustic imaging can distinguish lines when there is 0.59 mm spacing between lines. The
0.55 mm spacing cannot be resolved by this imaging system. H) Bright field microscopy image
for 0.59 mm spacing. ) Bright field microscopy image for 0.75 mm spacing. ..........ccccccceeeeeeenns 17

Figure 2. 5 Penetration depth measurement of PLED-PAI. A) Experimental configuration
includes chicken breast tissue with pencil lead 3.2 cm deep. B) Photoacoustic image of pencil
lead 1.8 cm deep with a frame rate (FR) of 30 Hz. C) Depth of 2.4 cm when FR = 30 Hz. D) Depth
of 3.2 cm when FR = 6 Hz. By increasing the depth, the photoacoustic system acquires more
averages (decrease the frame rate) to improve SNR. E) Depth of 3.2 cm when FR = 0.6 Hz. F)
B-mode ultrasound image of pencil lead 3.2 cm deep with a frame rate of 0.6 Hz. The ultrasound
resolution at 10 MHz does not clearly discriminate the target. G) Photoacoustic image of pencil
lead 3.2 cm deep when FR = 15 Hz. The SNR decreases by increasing the frame rate. Object is
poorly defined with low contrast. H) Signal to background noise as a function of depth and frame



rate. Panels |-K are blood samples below chicken breast tissue. Panel | is a frame rate of 0.15
Hz. J) Photoacoustic image of blood sample 2.2 cm deep when frame rate of 0.15 Hz. K). Signal-
to-background noise as a function of depth and frame rate for blood sample inside the chicken
breast. If the contrast is lower than the detection limit (S/N < 3), then the specimen cannot be
[0 1= = o3 (=T 1R 19

Figure 2. 6 Evaluation of LED-based photoacoustic imaging system for exogenous
contrast agents. A) MIP image of ICG solutions (640 uyM, 320 uM, 160 uM, and DI water) with
high concentration as positive control inside Teflon light wall tubes. B) Statistical analysis of data
in A. C) MIP image detection limit experiment for ICG (36 pM, 18 pM, 9 pM, and DI water). D)
Statistical analysis of data in C. E) MIP images of MB solutions (6 mM, 3 mM, 1.5 mM, and DI
water) with high concentration as positive control inside Teflon light wall tubes. F) Statistical
analysis of data in E. G) MIP image detection limit experiment for MB (1.5 mM, 0.75 mM, 0.37
mM, and DI water). H) Statistical analysis of data in G. I) MIP images of DiR solutions (592 uM,
320 uM, 148 uM, and DMSO) with high concentration as positive control inside Teflon light wall
tubes. J) Statistical analysis of data in I. K) MIP image detection limit experiment for DIiR (136 uM,
68 uM, 34 uM, and DMSO). L) Statistical analysis of data in K. All the error bars demonstrate
standard deviation between different ROIls in each tube. Scan size is 10 mm............cccooceeeee 21

Figure 2. 7 In vivo evaluation of PLED-PAIl. A) Photoacoustic image when needle is
subcutaneously injected on spinal cord area before DiR injection. The needle has strong
photoacoustic signal. B) Photoacoustic/ultrasound image of A. C) Photoacoustic image after
subcutaneously injection of DiR. D) B-mode photoacoustic/ultrasound image of C. E)
Photoacoustic image when needle is subcutaneously placed on the spinal cord area before
HMSC labeled with DiR (DiIR @ HMSC) injection. F) B-mode photoacoustic/ultrasound image of
E. G) Photoacoustic image after injection of HMSC labeled with DiR (DiR @ HMSC) on spinal
cord. H) B-mode photoacoustic/ultrasound image of G. |) Photoacoustic image in presence of
needle before injection of unlabeled HMSC as control experiment. J) B-mode
photoacoustic/ultrasound image of |. K) Photoacoustic image of HMSC as control. This image
shows no photoacoustic signal for HMSC. L) B-mode photoacoustic/ultrasound image of K. ... 22

Figure 2. 8 Evaluation of PLED-PAI on rabbit eye. A) B-mode ultrasound image when fresh
enucleated rabbit eye was embedded in 1% agar. B) B-mode photoacoustic/ultrasound image of
rabbit eye using 690 nm. C) B-mode Photoacoustic/ultrasound image of rabbit eye using 850 nm.
D) B-mode photoacoustic/ultrasound image when both 690 and 850 nm are used at the same
time. Retinal vessels are imaged in depth of 2 cm. E) Photoacoustic image of skin and vasculature.
Skin and blood vessel are shown using YelloW arroWs. .............ooiiiiiiieiiiiiee e 23

Figure 3. 1 Experimental training setup. A) TiO.-based optical scattering gels reduce the laser
fluence. The laser fluence at wavelength of 850 nm was 17, 0.95, 0.25, 0.065, and 0.016 mJ/pulse
after using 0, 4, 6, 8, and 10 mg/ml of TiO,, respectively. B) Three different complicated 3D
structures were made using a 3D pen print to collect training data. C) Imaging setup—the 3D
structures are placed in the agarose phantom with a TiO.-based optical scatter on top. We
scanned the entire structure for each sample and acquired 270 frames; 850 nm was the
ilumination wavelength. D) B-mode photoacoustic images with different optical scatterer
concentrations and thus laser fluence values show reduced SNR with increasing TiO:
concentration (decreased laser fluence). Scale bars represent 1 cm. 29

Figure 3. 2 MWCNN model architecture. Contracting subnetwork features are extracted in
wavelet space. In expanding the subnetwork, features expand into the image space while



preserving high resolution details. This model takes a 512 x 512 noisy image as the input and
transfers that to a 512 x 512 denoised output image. Add operations directly feed the contracting
feature maps to expanding feature maps to preserve image details and avoid blur effects....... 32

Figure 3. 3 Low fluence laser source evaluation. A) Ground truth 3D image of UCSD sample
with full laser fluence of 17 mJ/pulse. We used this image as a reference for measuring image
quality metrics. B) SSIM of noisy (input) and MWCNN data vs laser fluence. The results show that
the SSIM is significantly improved by 1.45, 1.5, and 1.62 at laser fluence values of 0.95, 0.25,
0.065 mJ/pulse, respectively. The model failed to improve the structural similarity at fluence of
0.016 mJ/pulse. C) PSNR of both noisy and MWCNN data vs laser fluence—the PNSR is
significantly improved with a factor of 2.25, 1.84, and 1.42 for 0.95, 0.25, 0.065 mJ/pulse,
respectively. However, the MWCNN cannot significantly improve the image quality with a laser
fluence of 0.016 mJ/pulse. In both B and C, the error bars represent the standard deviation of
SSIM and PSNR among the four letters in “UCSD”. * indicates p < 0.05. D, E, F, and G) Noisy
(input) images with 0.95, 0.25, 0.065, and 0.016 mJ/pulse laser fluence, respectively. H, |, J, and
K) MWCNN model (output) images with 0.95, 0.25, 0.065, and 0.016 mJ/pulse laser fluence,
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Figure 3. 4 LED light source evaluation. A) Ground truth 3D image of UCSD word using the
LED-based photoacoustic imaging system. The ground truth data were collected by operating the
LED source at 4 K Hz with a fluence of 160 puJ and 20 rounds of averaging for each frame. B)
SSIM results of both noisy (input) and MWCNN model (output) in two different LED fluences of
40 and 80 pJ/pulse. An improvement of 2.2- and 2.5-fold is observed for 40 and 80 pJ/pulse,
respectively. C) PSNR of noisy (input) and MWCNN model (output) at 40 and 80 uJ/pulse.
MWCNN improved the PNSR by 2.1 and 1.9 for 40 and 80 pJ/pulse, respectively. In both B and
C, the error bars represent the standard deviation of SSIM and PSNR among the four letters in
“UCSD”. D) The 3D noisy (input) photoacoustic image used 80 uJ/pulse. E) 3D MWCNN mode
(output) photoacoustic image using 40 pJ/pulse. F) 3D Noisy (input) photoacoustic image with 40
pd/pulse. G) 3D MWCNN mode (output) photoacoustic image with 40 pJ/pulse. .......ccccceeee... 38

Figure 3. 5 Penetration depth evaluation using an LED. A) B-mode noisy (input) photoacoustic
image using LED at a fluence of 40 pJ/pulse. Pencil leads were placed at 2.5, 7.5, 12.5, 17.5, and
22.5 mmin 2% intralipid. B) B-mode noisy (input) photoacoustic images at a fluence of 80 pJ/pulse
with similar experimental setup as described in A. C, D) B-mode MWCNN model (output)
photoacoustic image for 40 and 80 pJ/pulse. E) CNR versus depth for 40 and 80 pJ/pulse in both
noisy and MWCNN model. Dotted green and white rectangles represent the ROl used to measure
mean values and standard deviations of background (ROI size:3 x 3 mm?) and object (RO size:1
x 1 mm?). We observed an average of 4.3- and 4.1-fold enhancement in the MWCNN model
versus noisy data at different depths for both LED values. ............ccoocoiiiiiiiiiiiiiiiieeee e 39

Figure 3. 6 In vivo evaluation of MWCNN model. A) Experimental schematic for in vivo
evaluation of MWCNN model. Five different concentrations of MB (0.01, 0.05, 0.1, 1, and 5 mM)
were injected intramuscularly. B) CNR versus injected MB concentrations for both noisy and
MWCNN model. We noted 1.55-, 1.76-, 1.62-, and 1.48-fold improvement of CNR for 0.05, 0.1,
1.0, and 5.0 mM, respectively. Error bars represent the CNR among three different animals. For
CNR calculation, and were defined as the average of five different areas of mean values of
photoacoustic intensity at the injected area (ROI of 1 X 1 mm?) and around the injected area (ROI
of 3 X 3mm?), respectively. Term is the average of all five standard deviations of background
intensity. Panels C, E, G, and |) are B-mode noisy photoacoustic images for 5.0, 1.0, 0.05, 0 mM,
respectively. These images are overlaid on ultrasound data. D, F, H, and J) B-mode MWCNN
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photoacoustic images for 5, 1, 0.05, 0 mM, respectively. Dotted green and white rectangles
represent the used ROlIs for background and object. Blue arrows show the MB injection area. 40

Figure 4. 1 Design and mechanism of the probe (CyBA) for RONS imaging. The RONS
species liberates the boronic acid group leading to increased absorbance of the cyanine core
leading to increased photoacoustic signal. Adapted from Cheng et al. '*" 51

Figure 4. 2 Absorption response of new probe toward RONS. A) Spectral profile of the LED
used for photoacoustic imaging. The spectrum has a peak at 690 nm and includes 700 nm. B)
Photoacoustic intensity of the probe under laser and LED illumination. The photoacoustic intensity
decreases 2.6-fold under laser source but <2% with the LED. Therefore, the probe is stable when
used with a LED-based photoacoustic imaging system. C) The absorption spectra of the dye (80
MM) after addition of ONOO™ 12.5, 25, 50, 75, 100, and 200 uM. The dye has two absorption
peaks around 660 and 610 nm. However, in the presence of RONS, the 700 nm peak appears
and other peaks vanish. D) Absorption of CyBA in the presence of 50 uM OCI~, 'NO, NOz~, NOs3,
tBuOOH, O3, C4HyO’, HNO, "OH, H20O2 , and ONOO". The control is PBS, and the error bars
represent the standard deviation of three replicate measurements. * indicates p-value < 0.05. 52

Figure 4. 3 Photoacoustic response of the probe in presence of RONS. A) Photoacoustic
intensity as function of different probe concentrations. Linear correlation is observed between
photoacoustic intensity and new probe concentration when imaged with the LED system. B)
Photoacoustic signal of 80 uM probe in the presence of 50 uM of OCI~, 'NO, NO2~, NO3~, tBuOOH,
027, C4HyO’, HNO, "OH, H20, and ONOO". The inset shows the MIP photoacoustic image of all
the samples. The control is PBS. Dose response curve of probe to ONOO™ (C) and H.0O; (D);
insets are the MIP images. Error bars represent multiple ROIs per tube. * indicates p-value < 0.05.
.................................................................................................................................................... 53

Figure 4. 4 Photoacoustic signal as a function of ONOO™ in normal pooled human plasma
and whole blood. A) Linear absorbance response of 125 uM probe in pooled human plasma at
700 nm with various ONOO™ concentrations. B) Photoacoustic response of 125 uM probe in
human plasma and fresh human blood to ONOO™ from 0 to 100 uM. The ONOO™ detection limits
are 37.5 and 50 uM in plasma and blood, respectively. * indicates p-value < 0.05.................... 54

Figure 4. 5 In vitro characterization of endogenous RONS. A) Brightfield microscopy image of
RAW 264.7 cells line. B) Fluorescence microscopy image of RAW 264.7 cells. Fluorescence
response of C) DCF-DA (20 pM) after incubation with RAW cells, D) LPS (1 pg/mL) after
incubation with RAW cells, E) LPS (1 pg/mL) and DCF-DA (20 uM) after incubation with RAW
cells. Green signal indicated the presence of RONS in these cells after incubation with LPS.
Fluorescence response of LPS and DCF-DA incubated with RAW cells after treating F) 0.1 mM
NAC, G) 1 mM NAC, and H) 10 mM NAC. I) Quantitative analysis of fluorescence intensity in all
samples in B, C, D, E, F, G, and H. The RONS indicator DCF-DA shows increased fluorescence
with LPS stimulation. A NAC RONS scavenger decreases fluorescence. J) The MIP
photoacoustic image of RAW cells, RAW cells with the probe (+CyBA) , RAW cells with LPS
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Figure 4. 6 In vivo photoacoustic evaluation of CyBA. A) Ultrasound/photoacoustic image at
baseline. Ultrasound/photoacoustic image B) 10, C) 20, and D) 60 minutes after CyBA injection.
E) Quantitative analysis of photoacoustic intensity as a function of time post-injection of CyBA.
~3.2-fold increase of photoacoustic intensity after 90 minutes of CyBA injection was observed.
Photoacoustic intensity for only Zymosan (+ Zymosan — CyBA) and only CyBA (-Zymosan + CyBA)
are unchanged. The error bars represent the standard deviation of measurements among 3 mice.
.................................................................................................................................................... 57

Figure 5. 1 Experimental procedures. All animals were anesthetized with 1-2% isoflurane and
placed on a heating bed. The animals were allowed to heal for 10 days after implanting the internal
magnet to ensure that the incision did not interfere with the pressure induction site. To create
stage I, I, lll, and IV pressure ulcers, 4, 6, 8, and 10 cycles were applied, respectively 2°°. Each
cycle included 2 hours of pressure followed by 1 hour of release. Photoacoustic/ultrasound
images were acquired at baseline and at each stage with a 40 MHz transducer. Histology analysis
(H&E staining) was used to confirm ulcer stage.............ccoooviiiiiiiiiiic e 67

Figure 5. 2 Evaluation of the photoacoustic response to various stages of pressure ulcers.
(A(i), A(ii), A(iii), A(iv)) Photographs of stage I, Il, Ill, and IV ulcers. B) Average histogram of
baseline photoacoustic pixel intensities. At baseline, all pixel intensities are lower than 20. The
inset shows the photoacoustic/ultrasound image at baseline. C) Ultrasound/photoacoustic image
at stage |. D) Photoacoustic A-line profile for the dotted yellow line in panel C. We defined
photoacoustic pixels with intensities higher than 20 as dysregulated tissue. This was repeated for
stage Il (E, F), stage lll (G, H), and stage IV (I, J). The yellow dotted line shows the A-line profile
that was used to quantify the depth of pressure ulcer at different stages. The blue dotted
rectangles ShOW the ROIS............uiiiiii e e e e e e e e e e eaans 68

Figure 5. 3 Quantitative and statistical analysis of photoacoustic data at each pressure
ulcer stage and during healing. A) Photoacoustic intensity as a function of ulcer stage. There
was a significant difference in the photoacoustic intensity at baseline versus stages |, II, llI, IV. B)
Quantitative analysis for the depth effect at different ulcer stages. Photoacoustic ulcer penetration
is significantly different between stages. C) Ultrasound/photoacoustic image at 0, 30, 60, and 90
minutes after stage | to simulate healing/therapy. The blue dotted rectangles show the ROls. D)
Photoacoustic intensity as function of healing time. There was significant change in the
photoacoustic intensity after 60 minutes of healing. Error bars represent the standard deviations
among 4 (A and B) and 3 (D) different animals. * indicates p < 0.05...........ccccoiiiieeieiiiiiciiieeenn. 69

Figure 5. 4 LED-based photoacoustic evaluation of pressure ulcers at stage I. A) B-mode
ultrasound image at baseline conditions when no pressure has been applied. B) B-mode
photoacoustic image at baseline at the same position as panel A. Minor photoacoustic signal is
observed from the epidermis. The photographic inset shows the mouse in absence of ulcer. C)
B-mode photoacoustic/ultrasound overlay at baseline conditions. D) B-mode ultrasound image at
stage |. E) B-mode photoacoustic image at stage | at the same position as panel D. We observed
a 2.5-fold increase in photoacoustic intensity compared to baseline. The photographic inset shows
the stage | ulcer. F) B-mode photoacoustic/ultrasound overlay at stage |. The image depth is 1
cmand the scale bars are 2 MM. ... 70

Figure 5. 5 Pressure ulcer detection pre-stage I. A) The experimental procedure. Imaging was
done with laser-based photoacoustic system before starting and after each cycle. B)
Photoacoustic data at each cycle. We observed a significant difference (p < 0.05) in photoacoustic
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intensity between second versus third cycle and third versus fourth cycle within stage | pressure
ulcers. The insets show the photograph images of ulcer on animal body after each cycle. ....... 71

Figure 5. 6 Histological evaluation of pressure ulcer induction model. A) Histology of skin
samples for control animals. Typical structure of epidermis and dermis are shown here. B)
Histology of muscle sample for control animals. C) Histology of skin sample for the animals with
stage | ulcers. The superficial and epidermal skin loss in stage | is shown using a red arrow. D)
Histology of muscle sample for the animals with stage | ulcers. No sign of ulcer was found on
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ABSTRACT OF THE DISSERTATION

Toward Practical Deployment of Photoacoustic Imaging

by

Ali Hariri
Doctor of Philosophy in Nanoengineering
University of California San Diego, 2021

Professor Jesse V. Jokerst, Chair

Photoacoustic imaging is an emerging modality which the combination of ultrasound and
optical imaging. The combination of these two techniques has many advantages including no use
of ionizing radiation compared to radiography, high-resolution deep tissue imaging versus optical
coherence tomography (OCT), and higher contrast and faster scanning compared to MRI. Most
current equipment uses sophisticated and complicated OPO lasers with tuning and stability
features inconsistent with broad clinical deployment. Low fluence illumination sources can
facilitate clinical transition of photoacoustic imaging because they are rugged, portable, affordable,
and safe. In this dissertation, | will present characterization of the commercial available light
emitting diode (LED) based photoacoustic imaging in terms of system specifications, light source

characterizations, photoacoustic spatial/temporal resolution, and penetration. Since low fluence
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light source based photoacoustic imaging devices generate low image quality, | will propose a
denoising method using a multi-level wavelet-convolutional neural network to map low fluence
illumination source images to its corresponding high fluence excitation map. This part of
dissertation will show qualitative and quantitative improvements up to 2.20, 2.25, and 4.3-fold for
peak signal-to-noise ratio (PSNR), similarity structural index measurement (SSIM), and contrast-
to-noise ratio (CNR) metrics. Next, after improving and enhancing the low fluence light source
photoacoustic imaging systems, we report molecular and functional imaging application for LED-
based photoacoustic imaging . We demonstrate detection of reactive oxygen and nitrogen species
(RONS) with a near-infrared (NIR) absorbing small molecule (CyBA) and LED-based
photoacoustic imaging equipment. CyBA produces increasing photoacoustic signal in response
to peroxynitrite (ONOO™) and hydrogen peroxide (H202) with photoacoustic signal increases of
3.54 and 4.23-fold at 50 uM of RONS at 700 nm, respectively. We also introduced photoacoustic
imaging as a non-invasive method for detecting early tissue damage that cannot be visually
observed while also staging the disease using quantitative image analysis. Finally, Here we
introduce polyacrylamide (PAA) hydrogel as a candidate material for fabricating stable phantoms
with well-characterized optical and acoustic properties that are biologically relevant over a broad
range of system design parameters. These phantoms may also facilitate future standardization of

performance test methodology.
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Chapter 1 Introduction of Photoacoustic Imaging

1.1 Principle

Photoacoustic Imaging (PAl) is an efficient, noninvasive, and three dimensional imaging
modality capable of imaging organs, tissues, and cellular structures with high resolution. It
combines the technological advances of both optical and acoustic imaging'. PAI exploits the high
intrinsic contrast of optical imaging and the spatial resolution of ultrasound imaging. Every
material, including bodily substances, has a physiologically specific optical absorption coefficient.
It is unique to the endogenous chromospheres of every cell or tissue at a particular wavelength.
The substance to be imaged is illuminated by a nanosecond pulsed laser of a specific wavelength
at which the absorption coefficient of the subject is highest. This helps in generating images of
highest contrast and resolution. In order to generate the PAI the pulse width should be shorter
than thermal and stress relaxation time? (Equation 2 and 1 respectively) which are based on the

physical characteristics of the object and time scale of energy dissipation.

d
TS =;
(1)
dZ
ftn = 7q

(2)

Where “d” is the characteristic dimension of the tissue being heated and “a” is the thermal
diffusivity of the sample.

The photon absorption by the subject causes a transient temperature change (Equation

(3)) which leads to expansion (Equation (4)), thereby producing photoacoustic waves (Equation

(5)). These acoustic waves are detected by the ultrasonic transducer.
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A(r) is the absorbed optical energy density and I' is the dimensionless Grueneisen
parameter. f8 is the thermal coefficient of volume expansion and C, is the specific heat capacity
at constant pressure and light absorption H(r,t)>. The strength of the PA signal is the product of

the incident optical fluence and the absorption coefficient of the subject®.

1.2 PAI Configurations

PAI is classified into 2 categories, Photoacoustic Computed Tomography (PACT) and
Photoacoustic Microscopy (PAM). In PACT, light is diffused over the tissue generating acoustic
waves acquired at various points outside the tissue boundary by means of a wideband ultrasound
transducer®. The detection can be done by a single ultrasound transducer which rotates around
the sample or a stationary ultrasound array of 128-256 element transducers. While the stationary
array detection configuration offers high imaging speed, this array and the data acquisition unit
required makes the system more expensive. The imaging speed of the single transducer
configuration can be enhanced by employing a light source with a high repetition rate. Image
reconstruction is required to obtain the generated photoacoustic signal from the subject. PACT is
employed to image internal organs, skin, and breast and brain while in PAM, the light is focused

on the microscopic area to image the cell structures and vasculature with high resolution.



PAM is an appealing imaging modality as it gives detailed information on structural,
functional, and molecular aspects® ¢ of biological samples both in vivo and ex vivo ’. It appears to

9

be promising in both research and clinical diagnosis® ° as it delivers high resolution, three

dimensional images and is a noninvasive procedure. Its application includes vascular biology '*

13, 14 15, 16 19-22

12 oncology " ', neurology'® '®, ophthalmology'”: '8, dermatology '®??, gastroenterology®*2°, and
cardiology ?*?". PAM provides information on tissue components and the dynamic interactions by
magnifying microscopic cellular and subcellular features. PAM is compatible with optical
coherence tomography and fluorescence imaging, thus the combination can deliver multimodal
images that provide comprehensive anatomic and functional characterization of tissues. This
multimodal imaging technique is able to provide both the optical scattering and optical absorption
information of a subject simultaneously. Acoustic Resolution-PAM (AR-PAM) and Optical
Resolution-PAM (OR-PAM) are the two categories of PAM technology. In the AR-PAM the
ultrasound transducer is tightly focused to a microscopic point making it suitable for deep tissue
imaging as it provides a penetration depth up to several centimeters. Contrastingly, OR-PAM
provides a high focused laser beam providing much higher lateral resolution. In OR-PAM the
penetration depth is limited up to one optical transport mean free path 2. The axial resolution in
AR-PAM depends on the ultrasound speed in the tissue and the frequency bandwidth of the
transducer 28 . Typically an OR-PAM offers a lateral resolution of 2.6um and a penetration depth
of 1.2 mm %. Reflection and transmission modes are the two detection configurations of OR-PAM.
In the reflection mode, the excitation and the detection occurs on the same side of the sample
while in the transmission mode the detection and the reflection are on opposite sides of the subject.
The transmission mode offers better lateral resolution and is limited to imaging thin tissues 332
whereas the reflection mode provides good axial resolution and is suitable for imaging thick

tissues 323¢. The photoacoustic A-lines contain the signals time of arrival information thus

representing the optical properties of the tissue as a function of depth 3.



1.2 PAI Light Sources

Biomedical applications employ lasers as the source of excitation because of its specificity,
coherence, and energy. PAI widely uses solid state lasers and dye lasers because of the shorter
pulse width and large pulse energy. However, these are not favorable for clinical application as
they are bulky, expensive, and require high maintenance. Furthermore In contrast, the diode
lasers are compact, inexpensive, and have a high repetition rate for faster imaging. Diode lasers
are semiconductor P-N junction diodes that employ current as the pump source. Unlike other
classes of lasers, this type of Pulsed Laser Deposition (PLD) is portable sized and requires low
operating voltages. Nevertheless, the PA signal needs to be averaged multiple times for an
acceptable Signal to Noise Ratio (SNR) as the peak output power of PLD is typically <200W 373,

This results in slower imaging speeds.



Chapter 2 The Characterization of an Economic and Portable LED-

based Photoacoustic Imaging System to Facilitate Molecular Imaging

Photoacoustic imaging (PAIl) is a non-invasive, high-resolution hybrid imaging modality
that combines optical excitation and ultrasound detection. PAl can image endogenous
chromophores (melanin, hemoglobin, etc.) and exogenous contrast agents in different medical
applications. However, most current equipment uses sophisticated and complicated OPO lasers
with tuning and stability features inconsistent with broad clinical deployment. As the number of
applications of PAl in medicine increases, there is an urgent need to make the imaging equipment
more compact, portable, and affordable. Here, portable light emitting diode - based photoacoustic
imaging (PLED-PAI) was introduced and characterized in terms of system specifications, light
source characterizations, photoacoustic spatial/temporal resolution, and penetration. The system
uses two LED arrays attached to the sides of a conventional ultrasound transducer. The LED
pulse repetition rate is tunable between 1K Hz, 2K Hz, 3K Hz, and 4K Hz. The axial resolution
was 0.268 mm, and the lateral resolution was between 0.55 and 0.59 mm. The system could
detect optical absorber (pencil lead) at a depth of 3.2 cm and the detection limits of indocyanine
green (ICG) and methylene blue (MB) were 9 uM and 0.78 mM, respectively. In vivo imaging of
labeled human mesenchymal stem cells was achieved to confirm compatibility with small animal
imaging. The characterization we report here may have value to other groups evaluating

commercially available photoacoustic imaging equipment.



2.1 Introduction

Photoacoustic imaging (PAIl) is a non-invasive, and non-ionizing imaging modality based
on optical absorption/excitation and ultrasound detection “°. It offers the contrast and spectral
behavior of optical imaging combined with the high penetration depth and spatial resolution of
acoustic imaging due to weak ultrasound scattering in biological tissue. In PAl, tissue is
illuminated by a nanosecond laser pulse. Endogenous or exogenous molecules will absorb this
incident energy to produce a fast local temperature increase; acoustic waves then propagate
inside the tissue due to thermal expansion. Wideband ultrasound transducers can detect

| ' or intra-vascular *? settings, and the combination of

photoacoustic signal via trans-abdomina
PAI with ultrasound can offer functional details as well as anatomical and structural information
43.44 This high-resolution modality has been used to image endogenous chromophores (melanin,

hemoglobin, etc.) and exogenous contrast agents *° in different medical applications including

46-49 13, 50 51,52 15, 53

molecular imaging , oncology , ophthalmology , cardiology ?°, and neurology

When selecting a photoacoustic excitation source, one should consider the pulse width of
the light source, the pulse energy, repetition rate, wavelength, and the spectral width of the source.
These should be compared to the absorption behavior of the target tissue/contrast agent. High
energy Nd:YAG lasers are the most common PAI excitation sources. These lasers generate 4-7
ns pulses with mJ energy levels. The repetition rates are limited to between 10-30 Hz. NIR optical
parametric oscillator (OPO) or dye lasers are the most common *. However, dual modality imaging
systems (ultrasound/photoacoustic) with these lasers are bulky, expensive, and suffer from
wavelength and power intensity fluctuations. These systems typically use a laser enclosure
system to shield the operator from the incident irradiation, but this is cumbersome and prevents
the operator from directly interacting with the sample or subject. While miniaturized OPOs offer a
small footprint > *°, they remain delicate and expensive and require regular maintenance.

To overcome these limitations, pulse laser diodes (PLD) have been utilized as an

illumination light source in different PAI configurations such as optical resolution microscopy (OR-



PAM) 3% and photoacoustic computed tomography (PACT) > °". For example, Daoudi et al. ¢,
developed a compact and ergonomic handheld dual modality (ultrasound/photoacoustic) probe
using PLD with axial resolution of 0.28 mm and lateral resolution between 0.4 mm and 0.6 mm
as well as considerable penetration depths (15 mm). More recently, light emitting diodes (LEDs)
have also been used for PAl *°. These inexpensive, compact, and multi-wavelength LED-based
designs were shown in Allen et al. ®°, and Adachi et al. ®' for photoacoustic microscopy (PAM).
Indeed, LEDs solve many issues in the clinical translation of PAI. Most importantly, they
offer a significant reduction in cost, are significantly more stable than OPO-based systems, and
take up only a fraction of the space. This stability and reduced footprint makes LED-based
systems portable 2. Furthermore, LEDs do not have to be in a light-tight enclosure, which can
restrict many clinical procedures. There are several clinical examples were this would be useful

. 3 and the brain resection work of Kircher et

including the gastrointestinal imaging of Zhang et a
al. %,

In addition, we ®° and others ¢ have recently utilized photoacoustic imaging techniques
for real-time monitoring of therapeutics or disease biomarkers such as circulating tumor cells,
heparin, or lithium % These applications are ideally suited for LED-based illumination because
they need low cost and portable excitation sources. They perturb only the first few millimeters of
tissue, and thus do not require the high energy of OPO-based lasers. Thus, this work with
wearable photoacoustic imaging applications motivated us to pursue a commercially available
LED-based photoacoustic scanner.

In this chapter, we characterize a commercially available LED-based photoacoustic
system, defined here as a portable LED-based photoacoustic imaging (PLED-PAI). In the
following sections, we describe system specification, light source characterization, photoacoustic

spatial/temporal resolution, and penetration depth. We then report this system’s performance with

common exogenous photoacoustic contrast agents including pilot rodent in vivo applications.



2.2 Methods and Materials

2.2.1 System Description

The PLED-PAI consists of an optical path and an acoustic path and was purchased from
Prexion Corporation. (Tokyo, Japan; Figure 1). High density, high power light emitting diodes
(Prexion Corporation, Tokyo, Japan) are used as an excitation source. Two LED arrays are
attached to either side of an ultrasound transducer. Each LED array includes 4 rows of 36 single
embedded LEDs. Each LED array has 2 rows with 850 nm excitation and 2 rows with 690 nm
excitation. One array is placed on each side of the transducer for four rows at each wavelength
(Fig. 1D). Each LED array head has dimensions of 12.4 mm (height), 86.5 mm (length), and 10.2
mm (width). The LED pulse width can be changed from 50 ns — 150 ns with a 5 ns step size. The
LED pulse repetition rate is tunable between 1K Hz, 2K Hz, 3K Hz, and 4K Hz; the temporal
resolution is dependent on choice of repetition rate. Photoacoustic signals are generated after
each LED pulse. The 128 elements of the linear array transducer detect the photoacoustic signal
in parallel and this reconstructs one frame. The frame rate in PLED-PAI is equal to the LED
repetition rate because it has parallel acquisition channels in this system.

LED systems have lower power, and averaging is used to minimize noise. This affects the
frame rate. There are a defined number of averages that change as a function of LED pulse
repetition rate. In turn, these averaging options define the frame rate and temporal resolution.
Options include: 1K Hz (32, 64, 96, 160, 320, 640, 1600, 3200, and 6400 averages), 2K Hz (64,
128, 192, 320, 640, 1280, 3200, 6400, and 12800 averages), 3K Hz (128, 192, 320, 640, 1280,
3200, 6400, and 12800 averages), and 4K Hz (128, 256, 384, 640, 1280, 2650, 6400, 12800, and
25600 averages). Therefore, the PLED-PAI can have frame rates of 30 Hz, 15 Hz, 10Hz, 6 Hz, 3
Hz, 1.5 Hz, 0.6 Hz, 0.3 Hz, and 0.15 Hz. There are different methods rather than averaging to

70

minimize the noise. Golay codes "°, empirical mode decomposition (EMD)"", wavelet-based

methods, and Wiener deconvolution have been applied to low SNR photoacoustic and are

reported in the literature > 73,



The acoustic path uses an ultrasound pulse/receive linear array transducer with 128
channels and central frequency of 10 MHz with bandwidth of 80.9%. (PreXion Corporation , Tokyo,
Japan). Each element is 3.5 mm long with a pitch of 0.3 mm. An acoustic lens focuses the
ultrasound at ~15 mm. The maximum ultrasound detection depth is 38 mm. The data acquisition
unit has a dynamic range of 16 bits with 1024 samples for each element. The sampling rates of
the photoacoustic and ultrasound modalities are 40 MHz and 20 MHz, respectively. The LED
driver triggers and synchronizes the illumination and ultrasound detection (Figure 1A). The
photoacoustic signals are generated and stored after each LED pulse. B-mode photoacoustic and
ultrasound images are reconstructed using a delay-and-sum (DAS) " and Fourier transform

analysis (FTA) "°. The transducer can be scanned in one direction to acquire three-dimensional

(3D) data.
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Figure 2. 1 Schematic and photograph of LED-based photoacoustic system. A) Schematic of
the PAI system using LED array light source. B) Photograph of PLED-PAI probe associated with motorized
stage. C) Whole imaging setup includes PC and processing unit, data acquisition, LED driver, ultrasound
transducer, LED light source, and motorized stage. D) PLED-PAI probe with imaging plane and illumination
source are shown schematically. LED array design is also shown in the inset—there were alternating rows
of LEDs with different wavelengths.



2.2.2 LED Beam Characterization

LED beam Profile. To evaluate the excitation sources, parallel lines were printed 2 mm
apart on transparency films and placed inside a 1% agar phantom (Figure 2A). The PLED-PAI
was placed 2 cm from the lines. Thus, identical absorbers with the same thickness values at the
same depth were used to characterize the LED light source based on the photoacoustic signal
that they produce. The probe scans in one direction using a motorized translation stage
(OptoSigma Corporation, CA, USA) for 10 mm. A maximum intensity projection (MIP) was used
to reconstruct the 3D image. To analyze each line in the MIP, we converted the MIP image to an
8-bit TIFF file using ImageJ 1.48v ®. Ten different regions of interest (ROI) were used to measure
the accumulative photoacoustic intensity on each line.

LED power and stability. To measure the LED stability, a photodiode sensor was
positioned 5 mm from the LED sources (small aperture (1 cm) photodiode sensor (S120C,
Thorlabs Inc., USA)). We studied the LEDs at four different repetition rates (1, 2, 3, and 4K Hz)
while immersed in water (for 500 s) and air (for 200 s). The temperature of the LED surface and
the heat sink was recorded. The power delivered from the LED arrays was calculated using a

standard photodiode sensor (S120C, Thorlabs Inc., USA) at 690 and 850 nm.

2.2.3 Photoacoustic Spatial Resolution

Axial resolution. To measure the axial resolution, a black human hair was embedded
inside a 1% agar phantom. A bright field microscopy imaging system (Life Technologies Inc., Ca,
USA) was used to calculate the hair diameter (100.15 + 5.60 um) (Figure 3A). The hair was
positioned 2 cm below the transducer. Photoacoustic images were reconstructed using FTA
methods for all conditions (1K Hz (32, 64, 96, 160, 320, 640, 1600, 3200, and 6400 averages),
2K Hz (64, 128, 192, 320, 640, 1280, 3200, 6400, and 12800 averages), 3K Hz (128, 192, 320,

640, 1280, 3200, 6400, and 12800 averages), and 4K Hz (128, 256, 384, 640, 1280, 2650, 6400,

10



12800, and 25600 averages)). The axial profile was plotted and fitted to a Gaussian distribution.
The full width half maximum (FWHM) was calculated using MATLAB software (MathWorks Inc.).

Lateral resolution. To characterize the lateral resolution, parallel lines (150 um wide) with
different distances (from 1.1 mm to 0.55 mm) were printed on a transparency film (Figure 4A).
After placing the transparency films at various distances inside 1% agar, photoacoustic images
were acquired using PLED-PAI with FTA image reconstruction. Bright field microscopy was used
to measure the accurate spacing between lines, and PAI line profiles were used to measure the

lateral resolution.

2.2.4 Photoacoustic Penetration Depth

To evaluate the PLED-PAI system penetration depth, chicken breast tissue was used as
a scattering media. A single pencil lead (0.5 mm HB, Newell Rubbermaid, Inc., IL, USA) was
inserted inside chicken breast as an optical absorber at different distances from the transducer
surface (Figure 5A) ’’; 850 nm LEDs were used as the illumination source. This sample was
scanned at different depths (1.8 cm, 2.4 cm, and 3.2 cm) with different frame rates (30 Hz, 15 Hz,
10 Hz, 6 Hz, 3 Hz, 1.5 Hz, 0.6 Hz, 0.3 Hz, and 0.15 Hz). To have a more realistic absorber, ten
uL blood were placed inside Teflon light wall tubes (Component Supply Company, FL, USA).
These were scanned at a depth of 1.5 and 2.2 cm with different frame rates. Contrast is defined
as a ratio of photoacoustic () and background noise () intensity in the photoacoustic image (). The
photoacoustic images are reconstructed using FTA methods.

To measure the signal and the noise, a window of 4 pixels x 4 pixels was placed where
the image has a high photoacoustic intensity, and the mean intensity of the pixels in this 4 x 4
area was calculated. The same procedure was utilized to measure the background noise intensity:

a 4 pixel x 4 pixel window was positioned 2 mm away from the object, and the background noise

11



intensity mean values are measured—contrast values above 3 are considered recognizable

(Figure 5G).

2.2.5 Exogenous Contrast Agent in Photoacoustic Imaging

Indocyanine green (ICG) (Chem-Impex Int’l Inc., IL, USA), methylene blue (MB) (Fisher
Science Education Inc., PA, USA), and 1,1’-dioctadecyl-3,3,3’,3’-tetramethylindo-tricarbocyanine
iodide (DiR) (Biotium Inc., CA, USA) were purchased and dissolved in deionized (DI) water (ICG
and MB) or dimethyl sulfoxide (DMSO) (DiR). Ten uL of each solution (36 uM, 18 uM, and 9 uM
ICG; 1.5 mM, 0.75 mM, and 0.37 mM MB; and 136 uM, 68 uM, and 136 uM DiR) were used for
photoacoustic imaging. Samples were placed inside Teflon light wall tubes (Component Supply
Company, FL, USA) and positioned under 1 cm layer of 2% intralipid (20%, emulsion, Sigma-
Aldrich Co, MO, USA) mixed with agar. Water or DMSO served as controls. ICG and DiR used
850 nm excitation, and MB used 690 nm excitation. All samples were scanned at a depth of 10
mm from the transducer, and a MIP was used to reconstruct the images. We repeated this at
higher concentrations (640 uM, 320 uM, and 160 uM ICG; 6 mM, 3 mM, and 1.5 mM MB; and
592 uM, 296 uM, and 148 uM DiR). ImageJ 1.48v was used to do statistical analysis. Ten different
regions of interest (ROI) were used to measure the average photoacoustic intensity for each

sample.

2.2.5 In vivo Imaging Using PLED-PAI

All animal experiments were performed in compliance with the Institutional Animal Care
and Use Committee established by University of California San Diego. Male mice were
anesthetized with 2.5% isofluorane in oxygen at 1.5 L/min.

Poietics human mesenchymal stem cells (HMSCs; Lonza, PT-2501, NJ, USA) were grown

in supplemented media (Lonza, PT-3001, NJ, USA) and seeded in a T75 flask at a concentration
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of 5000 cells/cm?. Cells (400,000) were labeled with 9.8 mM DiR and incubated under standard
conditions for 20 min. The HMSCs were washed with PBS to remove free nanoparticles and
detached using TrypLE Express (Life Technologies Inc., Ca, USA). Then, 100 uL of three different
materials such as only DiR (positive control), HMSC labelled with DiR (DiR @ HMSC), and HMSC
(negative control) were subcutaneously injected on the spinal cord of male mice as an in- vivo
experiment. B-mode photoacoustic/ultrasound images were reconstructed using the FTA

algorithm.

2.3 Results and Discussion

2.3.1 LED Beam Characterization

The beam characterization is divided into three parts: LED beam profile, illumination
stability, and LED power. We first measured the consistency of the LED illumination power across
the scanning area, i.e., the beam profile. Since 70 ns pulse width has almost the highest LED
fluence for both 690 and 850 nm (Figure 2B), we used this number as pulse width in all
experiments. The temporal shape of excitation pulses and LED spectrums are shown in
Supplementary Figure 1S A, B, C. The power from the LED arrays at 690 nm and 850 nm with
70 ns as pulse width was measured to be 9.85 mW/cm? (2.6 uJ/cm? per pulse) and 31.55 mW/cm?
(9 uJicm? per pulse), respectively for 4 K Hz repetition rate. Figure 2C shows the MIP image of
the printed transparency. Figure 2D is a line profile along the dotted line on Figure 2C. The
photoacoustic intensities were averaged and are shown in Figure 2E for each line. The error bars
show the standard deviation along all intensities and ROIls. The average intensity of lines 3
through 14 (6 mm from either side of the transducer) is 18.43% higher than the values seen on
the sides (Figure 2D, E).

Next, the stability of the LED (850 nm) intensity was measured with a variation (between
maximum power and minimum power) of 13.64%, 14.46%, 20.86%, and 25.35% for 1K Hz, 2K

Hz, 3K Hz, and 4K Hz, respectively, in air (Figure 2F). In water, the variation is 8.88%, 10.34%,
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12.57%, and 15.27% for 1K Hz, 2K Hz, 3K Hz, and 4K Hz, respectively (Figure 2H). The
maximum (Max), minimum (Min), mean, and standard deviation (Std.) of the power in water
(Figure 2G) and air (Figure 2l) are reported. There was a 14 °C temperature increase in the
heatsink at a repetition rate of 4K Hz; at 1K Hz this was only 3.5 °C. For all conditions, we noticed
a slight temperature increase (0.2-0.8 degree Celsius) on the actual LED surface.

The LED beam profile is a critical part of PAI systems, and light should be distributed
equally on the sample. Different studies have reported different homogenized lateral illumination
area. In the first report of handheld ultrasound/photoacoustic using a Q-switched laser,

. ”® showed a homogenous illumination with a lateral size of 25 mm. Kolkman

Niederhauser et a
et al. ** described a dual modality scanner with 20 mm as the lateral beam size by Nd:YAG laser.
Daoudi et al. *8, reported 23 mm lateral beam size for their handheld probe integrating laser diode.
The data in Figure 2D, E show a homogenous beam over ~25 mm, which is comparable to the
literature.

The temperature increase is due to the increased number of pulses—a higher repetition
rate means a higher number of pulses in a specific time. In LEDs, the p-n junction diode emits
light when activated, and LED light output varies as a function of this junction temperature. This

. °® mentioned

local temperature increase is the main reason for LED power variations. Daoudi et a
5 to 10 degree in about 2 minutes of firing with repetition rate of 10K Hz. Here, we noted that the
PLED-PAI heatsink increased by 14 °C at a repetition rate of 4K Hz; however, only a 0.2-0.8

Celsius temperature increase was observed on the LED surface.
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Figure 2. 2 LED beam characterizations of PLED-PAI system. A) Parallel lines were printed on
transparency film and placed inside 1% agar. The distance between the lines is 2 mm. B) LED fluence per
pulse versus pulse width for 690 and 850 nm. C) MIP image for sixteen parallel lines with a scan size of 10
mm. D) The line profile along the dotted line in C. E) Statistical analysis of each line and the averaged PA
intensity along all sixteen lines. Error bars show standard deviation between different ROIs in each printed
line. F) LED power stability (in different repetition rates) versus time when PLED-PAI is placed inside the
water. G) LED power statistical parameters when PLED-PAI is in water for 500 s. H) LED power stability
(in different repetition rates) versus time when PLED-PAI is placed inside the air. I) LED power statistical
parameters for PLED-PAI in air for 200 s.

2.3.2 Photoacoustic Spatial Resolution

Spatial resolution is important for imaging systems and is defined as the ability to
distinguish two small high contrast objects positioned very close together. Figure 3B shows the
photoacoustic image of human hair inside agar phantom at a depth of 2 cm. The FWHM was
calculated after preparing a Gaussian fit for axial resolution. This was defined as the axial
resolution. Both lateral (Figure 3C) and axial (Figure 3D) profiles were analyzed for all conditions:

1K Hz (32, 64, 96, 160, 320, 640, 1600, 3200, and 6400 averages), 2K Hz (64, 128, 192, 320,
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640, 1280, 3200, 6400, and 12800 averages), 3K Hz (128, 192, 320, 640, 1280, 3200, 6400, and
12800 averages), and 4K Hz (128, 256, 384, 640, 1280, 2650, 6400, 12800, and 25600 averages).
The axial resolution for PLED-PAI is 268 um (Figure 3E), and there were no significant

differences in lateral and axial profiles (Figures 3C, D).
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Figure 2. 3 Axial resolution by measuring photoacoustic point spread function using a
human black hair. A) Photograph and bright field microscopy image of black hair inside 1% agar phantom.
The thickness of the hair is 100.1 + 5.6 um. B) Photoacoustic image of hair. Image size is 3.5 cm x 4 cm.
The image is reconstructed using the FTA algorithm. C) Lateral profile along dotted line for all conditions
with different colors (1K Hz (32, 64, 96, 160, 320, 640, 1600, 3200, and 6400 averages), 2K Hz (64, 128,
192, 320, 640, 1280, 3200, 6400, and 12800 averages), 3K Hz (128, 192, 320, 640, 1280, 3200, 6400, and
12800 averages), and 4K Hz (128, 256, 384, 640, 1280, 2650, 6400, 12800, and 25600 averages). There
is no significant difference in lateral profile in this phantom as a function of repetition rate or averages. D)
Axial profile for all conditions with different colors. E) Fitted Gaussian distribution on the axial profile with
measured FWHM. Axial resolution is 268 um.

Figure 4B, C, D, E, and F show photoacoustic images acquired using PLED-PAI for
samples with 1.1 mm, 0.83 mm, 0.75 mm, 0.59 mm, and 0.55 mm line spacing, respectively.
Lateral line profiles were plotted for all samples. The 550 um spacing cannot be resolved (Figure
4G), but the 590 um spacing can be distinguished (10 peaks/troughs seen in data, which
corresponds to the number of parallel lines scanned). Thus, the photoacoustic lateral resolution
is between 550 ym and 590 uym (Figure 4G). Importantly, these experiments used 70 ns pulse

widths. By decreasing the pulse width and having higher frequency ultrasound transducers, we
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could improve the lateral and axial resolutions. This work is underway. However, as we
emphasized in the introduction, low spatial resolution photoacoustic data has utility in many
photoacoustic sensing rather than true photoacoustic imaging.

Spatial resolution in PAI systems highly depends on laser pulse width and ultrasound
transducer specification such as number of element, central frequency, and element size.
Niederhauser et al. "® measured the axial resolution of 300 um with central frequency of 5.5 MHz
for their handheld PAI system with near infrared red laser pulses (60 ns) as illumination source
and detected individual blood vessels with range of 100-300 ym. Daoudi et al. %8 utilized a diode
laser with pulse width of 130 ns as excitation source and 128 element with a length of 5 mm and
central frequency 7.5 MHz as ultrasound detection reported 280 um for axial resolution and wide
range of 400 um — 600 um as lateral resolution. Kim et al. ° calculated photoacoustic axial
resolution of 400 ym for their handheld dual modality ultrasound/photoacoustic imaging system
using a laser pulse of 6.5 ns and a central frequency of 5.5 MHz. Thus, we conclude that this

system has spatial and axial resolution comparable to other handheld photoacoustic imaging tools.
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Figure 2. 4 Lateral resolution measurement of LED-based photoacoustic imaging system.
A) Parallel lines with various spacing (1.1 mm, 0.83 mm, 0.75 mm, 0.59, and 0.55 mm) are printed on
transparency film and placed inside 1% agar phantom. B) Photoacoustic image for 1.1 mm spacing between
lines. C) 0.83 mm spacing. D) 0.75 mm. E) 0.59 mm. F) 0.55 mm. G) Lateral profile for two different samples
(0.59 mm and 0.55 mm). This plot shows that LED-based photoacoustic imaging can distinguish lines when
there is 0.59 mm spacing between lines. The 0.55 mm spacing cannot be resolved by this imaging system.
H) Bright field microscopy image for 0.59 mm spacing. I) Bright field microscopy image for 0.75 mm spacing.
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2.3.3 Photoacoustic Penetration Depth

The ability to penetrate deep into tissue is important for many imaging applications . We
hypothesized that the LED-based system would have lower penetration depth because of its lower
energy relative to OPO-based systems. Our goal here was to quantify the exact depth in chicken
tissue. The photoacoustic images are shown Figure 5B, C, D, E, and G, and the results illustrate
that at 1.8 cm and 2.4 cm, the target (pencil lead) is recognizable for all frame rates from 30 Hz
to 0.15 Hz (Figure 5B, C). However, at 3.2 cm, the target is not detectable at 30 Hz, 15 Hz or 10
Hz (Figure 5G), but can be seen at 3.2 cm with a frame rate of 6 Hz and lower because at lower
frame rates there is more averaging, which increases contrast (Figure 5D, E, F). Figure 5H shows
contrast versus depth. Figure 5I, J show a photoacoustic image of a blood sample with a frame
rate of 0.15 Hz at 1.5 and 2.2 cm, respectively. Figure 5K shows contrast versus two different
depths of blood sample. The blood sample is detectable when the contrast is over than 3. The
highest frame rate that could detect the blood sample was 1.5 Hz and 0.6 Hz at 1.5 cm and 2.2
cm, respectively. Error bars demonstrate the standard deviation along each measurement.

There are several parameters such as excitation source, excitation wavelength,
transducer specification, and imaging target that have a significant effect on photoacoustic
penetration depth. Kim et al. ”® demonstrated the capability of PAI using Nd:YAG laser to image
5.2 cm deep inside the tissue. Recently, Zhou et al. & showed capability of PAI to image a specific
target (stable phosphorus phthalocyanine) through 11.6 cm of chicken breast. While Daoudi et al.
%8 reported penetration depth of up to 1.5 cm (frame rate of 0.43 Hz, averaging were used to
increase photoacoustic SNR) using diode laser in their handheld PAI setup. Here, we illustrated
the capability of the PLED-PAI to detect a strong optical absorber (pencil lead) inside chicken

breast up to 3.2 cm deep with a frame rate of 15 Hz.
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Figure 2. 5 Penetration depth measurement of PLED-PAI. A) Experimental configuration
includes chicken breast tissue with pencil lead 3.2 cm deep. B) Photoacoustic image of pencil lead 1.8 cm
deep with a frame rate (FR) of 30 Hz. C) Depth of 2.4 cm when FR = 30 Hz. D) Depth of 3.2 cm when FR
= 6 Hz. By increasing the depth, the photoacoustic system acquires more averages (decrease the frame
rate) to improve SNR. E) Depth of 3.2 cm when FR = 0.6 Hz. F) B-mode ultrasound image of pencil lead
3.2 cm deep with a frame rate of 0.6 Hz. The ultrasound resolution at 10 MHz does not clearly discriminate
the target. G) Photoacoustic image of pencil lead 3.2 cm deep when FR = 15 Hz. The SNR decreases by
increasing the frame rate. Object is poorly defined with low contrast. H) Signal to background noise as a
function of depth and frame rate. Panels I-K are blood samples below chicken breast tissue. Panel | is a
frame rate of 0.15 Hz. J) Photoacoustic image of blood sample 2.2 cm deep when frame rate of 0.15 Hz.
K). Signal-to-background noise as a function of depth and frame rate for blood sample inside the chicken
breast. If the contrast is lower than the detection limit (S/N < 3), then the specimen cannot be detected.
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2.3.4 Exogenous Contrast Agent in Photoacoustic Imaging

Exogenous contrast agents can be targeted for specific molecules or cells for preclinical
and clinical applications. Photoacoustic contrast agents have significant feasibility to assist in
monitoring and diagnosis of diseases ®'. We characterized the detection limit of some common
small molecules used in photoacoustic imaging: ICG, MB, and DiR. These are NIR-sensitive,
Food and Drug Administration (FDA)-approved contrast agents for both fluorescent and
photoacoustic imaging. Various concentrations were scanned, and the detection limits were
calculated at three standard deviations above baseline. Figure 6A, E, | show MIP images of high
concentrations of ICG (640 uM, 320 uM, and 160 yM), MB (6 mM, 3 mM, and 1.5 mM), and DiR
(592 uM, 296 uM, and 148 uM). Figure 6B, F, J shows the average photoacoustic intensity along
all ten ROls for each tube associated with Figure 6A, E, I.

Figure 6C, G, K show MIP images for the detection limit of ICG (36 uM, 18 uM, 9 uM, and
DI water), MB (1.5 mM, 0.75 mM, 0.37 mM, and DI water), and DiR (136 uM, 68 uM, 34 uM, and
DMSO). Figure 6D, H, L show the average photoacoustic intensity along the ROls. The error
bars show the standard deviation between ROIs in each tube. The limit of detection for ICG, MB,
and DiR is 9 uM, 0.75 mM, and 68 uM, respectively when 850 nm is used for ICG and DiR and
690 nm is utilized for MB. The power for the LED-based system at 690 nm is almost three-fold
lower than that at 850 nm. This might explain the worse detection limit for MB rather than ICG
and DiR. This experiment also highlights how LED-based systems are limited by the choice of
wavelength. While OPO-based systems use a tunable wavelength, this system can only use two
wavelengths. Thus, it can be challenging to carefully match the absorption peak of the contrast
agent with the excitation source. Nevertheless, many species absorb strongly at 690 nm or 850

nm and customized LED sets are available for ratiometric imaging
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Figure 2. 6 Evaluation of LED-based photoacoustic imaging system for exogenous contrast
agents. A) MIP image of ICG solutions (640 pM, 320 uM, 160 uM, and DI water) with high concentration
as positive control inside Teflon light wall tubes. B) Statistical analysis of data in A. C) MIP image detection
limit experiment for ICG (36 yM, 18 yM, 9 uM, and DI water). D) Statistical analysis of data in C. E) MIP
images of MB solutions (6 mM, 3 mM, 1.5 mM, and DI water) with high concentration as positive control
inside Teflon light wall tubes. F) Statistical analysis of data in E. G) MIP image detection limit experiment
for MB (1.5 mM, 0.75 mM, 0.37 mM, and DI water). H) Statistical analysis of data in G. ) MIP images of
DiR solutions (592 uM, 320 pM, 148 uM, and DMSO) with high concentration as positive control inside
Teflon light wall tubes. J) Statistical analysis of data in I. K) MIP image detection limit experiment for DiR
(136 pM, 68 uM, 34 uM, and DMSO). L) Statistical analysis of data in K. All the error bars demonstrate
standard deviation between different ROIs in each tube. Scan size is 10 mm.

2.3.5 In vivo Imaging Using PLED-PAI

After measuring and evaluating the important features such as LED beam characterization,
spatial and temporal resolution, penetration depth, and capability of detection exogenous contrast
agent, we next performed in vivo experiments to demonstrate the feasibility of PLED-PAI for
clinical applications. We and others 8 8 have previously used photoacoustic imaging for stem
cellimaging. Here, we used labeled cells to understand the in vivo performance of this LED-based
system. We used DIiR which has been demonstrated as an effective contrast agent for cells
checking 8 8°.

Figure 7A, E, | show photoacoustic images before injection of DiR, DiR @ HMSC, and

HMSC, respectively. The needle generates strong photoacoustic signal and overlaying the
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photoacoustic data with the ultrasound images offers more comprehensive structural information
in addition to functional details from DiR-labeled cells. Figure 7B, F, J demonstrate B-mode
photoacoustic/ultrasound images before injection. Figure 7C, D shows photoacoustic and
photoacoustic/ultrasound images of injected DiR in the mice, respectively. These figures show
strong photoacoustic signal in the presence of DiR. Figure 7G shows capability of PLED-PAI to
detect cells labeled with contrast agent. DIiR was used as contrast agent for labeling the HMSCs.
Unlabeled HMSCs were also injected as control (Figure 7K, L), but there was no increase in
photoacoustic signal. Here we demonstrated the feasibility of PLED-PAI for in vivo studies

including photoacoustic cell imaging.
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Figure 2. 7 In vivo evaluation of PLED-PAI. A) Photoacoustic image when needle is
subcutaneously injected on spinal cord area before DiR injection. The needle has strong photoacoustic
signal. B) Photoacoustic/ultrasound image of A. C) Photoacoustic image after subcutaneously injection of
DiR. D) B-mode photoacoustic/ultrasound image of C. E) Photoacoustic image when needle is
subcutaneously placed on the spinal cord area before HMSC labeled with DiR (DiR @ HMSC) injection. F)
B-mode photoacoustic/ultrasound image of E. G) Photoacoustic image after injection of HMSC labeled with
DR (DIR @ HMSC) on spinal cord. H) B-mode photoacoustic/ultrasound image of G. I) Photoacoustic
image in presence of needle before injection of unlabeled HMSC as control experiment. J) B-mode
photoacoustic/ultrasound image of I. K) Photoacoustic image of HMSC as control. This image shows no
photoacoustic signal for HMSC. L) B-mode photoacoustic/ultrasound image of K.
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To further understand the clinical utility of the PLED-PAI, two more experiments were
conducted. First, we studied a fresh enucleated rabbit eye embedded in 1% agar. Figure 8A, B,
C, D demonstrate a B-mode ultrasound image, B-mode photoacoustic/ultrasound image using
690 nm, 850 nm, and concurrent 690 and 850 nm excitation, respectively. The retinal vessels are
shown with a dotted yellow box 2 cm deep. Photoacoustic imaging of the two different
wavelengths can facilitate retinal oxygen saturation measurements, but this is beyond the scope
of this study. Second, PLED-PAI was utilized to image the superficial blood vessels from human

volunteer wrist. Figure 8E shows the photoacoustic image of human wrist. Skin and vessels are

shown with yellow arrows.
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Figure 2. 8 Evaluation of PLED-PAI on rabbit eye. A) B-mode ultrasound image when fresh
enucleated rabbit eye was embedded in 1% agar. B) B-mode photoacoustic/ultrasound image of rabbit eye
using 690 nm. C) B-mode Photoacoustic/ultrasound image of rabbit eye using 850 nm. D) B-mode
photoacoustic/ultrasound image when both 690 and 850 nm are used at the same time. Retinal vessels are
imaged in depth of 2 cm. E) Photoacoustic image of skin and vasculature. Skin and blood vessel are shown

using yellow arrows.
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2.4 Conclusions

In this paper, we describe a portable LED-based dual modality (ultrasound/photoacoustic)
PAI system. We characterized the LED beam profile and showed that a region up to 25 mm could
be imaged with a homogenous plane of light. The lateral spatial resolution was 550 — 590 pum,
and the axial resolution was 268 ym. Temporal resolution up to 30 Hz could be achieved with
penetration depths of up to 2.4 cm for pencil lead. Blood is detectable upon to 2.2 cm through
chicken breast tissue with a frame rate of 0.6 Hz. We used the PLED-PAI for three well-known
exogenous contrast agents (MB, ICG, and DiR) and labeled cells and showed detection limits
suitable for in vivo imaging. We also showed the feasibility of PLED-PAI for retinal vessel
monitoring.

The use of LEDs as an illumination source introduces both limitations and advantages.
First, the LEDs cannot be tuned, which eliminates photoacoustic spectroscopy. Second, the pulse
width of the LED was 70 ns, which affects the stress confinement satisfaction and can impact the
efficiency of acoustic wave generation. Third, LEDs have low power—this can limit penetration
depth at fast frame rates or temporal resolution at low frame rates. However, there are also many
advantages to these systems including a significant decrease in cost, smaller footprint, lack of
laser calibration and monitoring, and no need for optical goggles or light-tight shields. Thus, LED-
based systems are ideal for personalized or wearable photoacoustic equipment, and we imagine
that this technology could have broad utility in a number of therapeutic drug monitoring
applications.

Chapter 2, in full, is a reprint of the material as it appears in Photoacoustics 9 (2018): 10-
20. Ali Hariri , Jeanne Lemaster , Junxin Wang , AnanthaKrishnan S. Jeevarathinam, Daniel L.
Chao , and Jesse V. Jokerst. The dissertation author was the primary investigator and author of

this paper.
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Chapter 3 Deep Learning Improves Contrast in Low-Fluence

Photoacoustic Imaging

Low fluence illumination sources can facilitate clinical transition of photoacoustic imaging
because they are rugged, portable, affordable, and safe. However, these sources also decrease
image quality due to their low fluence. Here, we propose a denoising method using a multi-level
wavelet-convolutional neural network to map low fluence illumination source images to its
corresponding high fluence excitation map. Quantitative and qualitative results show a significant
potential to remove the background noise and preserve the structures of target. Substantial
improvements up to 2.20, 2.25, and 4.3-fold for PSNR, SSIM, and CNR metrics were observed,
respectively. We also observed enhanced contrast (up to 1.76-fold) in an in vivo application using
our proposed methods. We suggest that this tool can improve the value of such sources in

photoacoustic imaging.
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3.1 Introduction

Photoacoustic imaging (PAI) combines the high-contrast of optical imaging and the high
spatial resolution of ultrasound % ®:87_ Short optical pulses serve as an excitation source in PAI
systems ° to generate photoacoustic waves via thermoelastic expansion % 8. Wideband
ultrasonic transducers detect the propagated waves, and mathematical processing methods
(reconstruction algorithms) can transform the detected signals into an image . Over the last

decade, investigators have demonstrated various applications of PAIl in ophthalmology °% % %,

100-102 103-105
)

oncology %, dermatology , cardiology etc.

PAI traditionally uses solid-state lasers as an excitation source because of their tunability,
coherence, and high pulse energy. However, utilization of these lasers is difficult in clinical
applications because they are bulky, expensive, unstable (in terms of power intensity fluctuation),
and require frequent maintenance '°. In contrast, pulse laser diodes (PLD) * ° %" and light
emitting diodes (LED) "' are a stable, affordable, and compact alternative light source.
However, the output pulse energy of PLDs and LEDs is low—on the order of pJ/pulse and
nd/pulse versus mJ/pulse with lasers. Thus, the resulting photoacoustic data needs be averaged
hundreds of time to cancel the noise and extract meaningful signal '’. Unfortunately, performing
many averages negatively affects the temporal resolution. Investigators have improved the signal-
to-noise ratio (SNR) using classical signal processing methods such as empirical mode

110, 111

decomposition (EMD) , wavelet-based methods "% '3, Wiener deconvolution "4, principle

) 115 116, 117

component analysis (PCA , and adaptive noise canceler (ANC) . However, these
methods all require some prior information about the signal and noise properties, which is a
significant limitation. Therefore, new tools to increase the SNR in low fluence PLD and LED PAI
are needed.

Deep learning is rapidly expanding within various fields and improving performance in
pattern recognition and machine learning applications. These relatively new techniques have

vastly outperformed other classical methods in recent years. For example, computer vision has
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extensively utilized deep learning algorithms object detection, image classification, and image
reconstruction ''®'2'. Convolutional neural networks (CNN) are among the most popular deep
learning algorithms 2,

In medical imaging, previous studies focused on denoising CT-specific noise patterns.
Kang et al. ' utilized CNNs for wavelet transform coefficients with low-dose CT images. Chen et
al. '* used CNNs to directly map low-dose CT images to their normal-dose counterparts. Other
methods altered the original CNN architecture to either preserve details in the image through

125, 126

residual blocks or generator CNNs to produce the restored image based on encoded

features of low-dose images /1%,

To capture more spatial context, previous approaches used pooling between convolution
to reduce feature map resolution. However, pooling extends the receptive field and depth of their
CNNs to drastically increase the computational costs in training and deploying such models .
Dilation " is another alternative to pooling but is limited by sparse sampling in the input layer,
which can lead to gridding issues '*2.

The concept of denoising in PA images is similar to low-dose CT yet the noise can have
very different patterns; hence, the noise requires a different transfer method to be removed. Some

133, 134

of the earlier methods used short-lag spatial coherence or singular value decomposition

(SVD) " to remove reflection artifacts from PA images. Some recent approaches utilize CNNs to

136, 137

identify point sources per image or use recurrent neural networks (RNN) to leverage

temporal information in PA images to remove artifacts '*®. Antholzer et al. '*° adopted U-net

architectures to reconstruct photoacoustic tomography (PAT). Anas et al. '

utilized skip
connections in dense convolutional networks to improve the quality of the PA images.

The potential of deep learning to enhance image quality motivates this work with a deep
convolutional neural network. The goal is to map the low-fluence light photoacoustic images to

corresponding high-fluence photoacoustic data. We demonstrated that deep learning can restore

the images in low-fluence photoacoustic configuration with less computational cost than classical
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methods. Here, we first describe the proposed deep convolutional neural network and training
details. We then demonstrate qualitative and quantitative phantom results. Finally, we show the

capability our proposed model to image low concentrations of contrast agents in vivo.

3.2 Methods and Materials

3.2.1 Training

The main aim of this study is to train the proposed convolutional network (MWCNN) to
transform the low-fluence photoacoustic data into high-fluence images. We defined the high
fluence images as the ground truth and then used TiO.-based optical scatters to reduce the laser
fluence (Figure 1A). The laser fluence was 17, 0.95, 0.25, 0.065, and 0.016 mJ/pulse at a
wavelength of 850 nm with 0, 4, 6, 8, and 10 mg/ml of TiO, respectively (Figure 7). Importantly,
we did not change the imaging setup in either the acoustic or optical path. We simply changed
the disks without touching the transducer or the 3D samples. To further confirm that now changes
were caused when switching the disks, we selected some landmarks on the first and last frames
and compared those landmark among all the filters. There were no significant movements of these
landmarks. Network training used a 3D pen print (Gincleey 3D Pen, AM3D Printers Inc.) to
prepare a complicated 3-dimensional structure (2 cm x 2 cm x 3 cm) (Figure 1B). These
structures were placed in an agarose phantom and scanned (30 mm, 270 frames) with all five
optical filters on top of them (Figure 1C). We used 0 mg/ml which has the highest laser fluence
(~17 md/pulse) as a ground truth in the proposed network. Figure 1D shows that the signal-to-
noise ratio will decrease by decreasing the laser fluence (increasing the TiO, concentration).

In the training process, 85% of the frames (with fluence values of 17, 0.95, 0.25 mJ/pulse)
were randomly selected as training set and the rest as test set. The training algorithm was
implemented under the PyTorch platform using two NVIDIA GeForce GTX 1080 Ti GPUs. We
used ADAM optimizer for our training algorithm with an initial learning rate of . The training process

completed 256 epochs in one day.
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Figure 3. 1 Experimental training setup. A) TiO2-based optical scattering gels reduce the laser
fluence. The laser fluence at wavelength of 850 nm was 17, 0.95, 0.25, 0.065, and 0.016 mJ/pulse after
using 0, 4, 6, 8, and 10 mg/ml of TiOz, respectively. B) Three different complicated 3D structures were
made using a 3D pen print to collect training data. C) Imaging setup—the 3D structures are placed in the
agarose phantom with a TiO2-based optical scatter on top. We scanned the entire structure for each sample
and acquired 270 frames; 850 nm was the illumination wavelength. D) B-mode photoacoustic images with
different optical scatterer concentrations and thus laser fluence values show reduced SNR with increasing
TiOz2 concentration (decreased laser fluence). Scale bars represent 1 cm.
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3.2.2 Testing

Low fluence laser source. To test the trained model, we printed term “UCSD” on a
transparent film in black ink and placed it beneath the agarose hydrogel. The black ink is strongly
absorbing and will produce photoacoustic signal. The TiO. optical scatters with the same
concentrations as in the training section were used to test the model under different laser fluence
values. We collected 270 frames, and each frame was individually used as an input in the model.

For a fair evaluation of our trained model, we need a testing test that does not share the
same illumination condition as training. Such a test would quantify the extent of model’'s
operational scope around a set of training data. In that regard, testing was done at 0.065 and
0.016 mJ/pulse fluences to evaluate model scalability in illuminations lower than the training
domain (0.95 and 0.25 mJ/pulse). This strategy minimizes the risk of overfitting the model and we
evaluate the model based on actual sample features and beyond certain fluency ranges. All
output frames were placed next to each other to generate the 3D volumetric data. Importantly,

the trained model was totally blind to this new data set. We measured the PSNR and SSIM metrics
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on each letter: U, C, S, and D. We performed t-test statistical analysis, and p values < 0.05 were
considered to be significantly different.

LED-based light source. We also tested the model with the LED-based photoacoustic
imaging system but without any nanoparticle gel scatterers (LED system has inherently low
fluence). We again printed “UCSD” and placed it beneath a transparent agarose hydrogel. The
LED was operated at 1 K Hz and 2 K Hz for 40 and 80 pJ/pulse on the sample. We used all 180
frames as the input for the model. We placed all frames after each other to create a 3D volumetric
image. The ground truth data were collected by operating the LED source at 4 K Hz (160 uJ of
fluence). We used 20 rounds of averaging for each frame. We separated each letter 3D map and
measured PSNR and SSIM metric on each letter.

We also evaluated the model with an LED-based system and a different configuration. We
placed pencil lead (0.5 mm HB, Newell Rubbermaid, Inc., IL, USA) at depths of 2.5, 7.5, 12.5,
17.5, and 22.5 mm in 2% intralipid (20%, emulsion, Sigma-Aldrich Co, MO, USA) mixed with
agarose. We used intralipid to mimic biological tissue. We collected a single frame with the LED
system at 1 KHz and 2 K Hz to have 40 and 80 pJ/pulse on the surface of the sample. To measure
the CNR for both input (Noisy) and output (MWCNN model) images, and were defined as the
average (5 different areas) of the mean photoacoustic intensity on the pencil lead (ROl of 1 X 1
mm?) and the background area (ROI of 3 X 3mm?), respectively. Term is the average of all five

standard deviations of background intensity.

3.2.3 In vivo Performance

We also evaluated our trained model in its ability to enhance the contrast agent detection
in vivo. Here, the murine tissue reduces the fluence. We purchased nine nude mice (8-10 weeks)
from the University of California San Diego Animal Care and Use Program (ACP). All animal
experiments were performed in accordance with NIH guidelines and approved by the Institutional

Animal Care and Use Committee (IACUC) at the University of California, San Diego. The mice
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were anesthetized with 2.5% isofluorane in oxygen at 1.5 L/min. Methylene blue (MB) (Fisher
Science Education Inc., PA, USA) was purchased and dissolved in distilled water. MB
concentrations of 0.01, 0.05, 0.1, 1, and 5 mM were injected intramuscularly in a murine model
(n=3). The Vevo LAZR (VisualSonic Inc.) system was used for this in vivo experiment. We
monitored the injection procedure using both ultrasound and photoacoustic images. The location
of injected MB was confirmed using photoacoustic spectral data. We measured the CNR for both
input (Noisy) and output (MWCNN model) images. For this calculation, and were defined as tahe
verage (5 different areas) of mean values of photoacoustic intensity at the injected area ( ROI of
1 X 1 mm?) and around the injected area (ROI of 3 X 3mm?), respectively. Term is average of all

five standard deviations of background intensity.

3.2.4 Multi-level Wavelet-CNN

We used a multi-level wavelet-CNN (MWCNN) model with low receptive field, low
computational cost, and high adaptivity for PA imaging in multi-frequency space '*'. The model is
based on a U-Net architecture and consists of a contracting sub-network followed by an
expanding subnetwork. The contracting subnetwork uses discrete wavelet transform (DWT)
instead of pooling operations. This substitution allows high-resolution restoration of image

features through inverse wavelet transform (IWT) within the expanding subnetwork.
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Figure 3. 2 MWCNN model architecture. Contracting subnetwork features are extracted in
wavelet space. In expanding the subnetwork, features expand into the image space while preserving high
resolution details. This model takes a 512 x 512 noisy image as the input and transfers that to a 512 x 512
denoised output image. Add operations directly feed the contracting feature maps to expanding feature
maps to preserve image details and avoid blur effects.

The model takes a 512 x 512 noisy image as the input and transfers that to a 512 x 512
denoised output image (Figure 2). The model processes the image in one channel as a heatmap.
The input is a 2D cross-sectional framelet from a PA imagery set. The model attempts to reduce
the noise in the image while preserving the signal. This model expands the feature dimension of
the input from 1 to 1024 channels and then contracts the feature maps back into 1 channel as the
output. The convolution blocks may contain multiple convolutional layers. Each convolution layer
is followed by a ReLU activation function.

In the contracting subnetwork of the model, the image features go through multiple
convolutions with intermittent DWT blocks. Our model uses a Haar wavelet transform based on

the following orthogonal filters:

(1)

The DWT blocks transform feature maps into four sub-bands. Due to the biorthogonal
property of this operation, the original feature map can be accurately retrieved by an inverse Haar

wavelet transform. The IWT blocks are then placed in between convolution blocks of the
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expanding subnetwork. For more details on the properties this transform, readers are referred to
the original work "',

Other CNN methods mostly use U-Net based architecture utilizing pooling operating in
between convolutions—the average pooling in these systems can cause information loss in the
feature maps. The MWCNN architecture benefits from DWT and IWT as a safe down-sampling
and up-sampling processes where the feature maps can be transmitted with no information loss
throughout the model. The objective of the training process is to optimize the model parameters

with the goal of minimizing the MSE loss function:

()

The training set is . In this equation, is the low fluence (noisy) input image, is the
corresponding high energy ground truth, and is the model output.

In PA imaging, the absolute magnitude of the signal and noise is dependent on multiple
factors like light illumination, acoustic detection, and the experimental setup. Training a model
based on the relative magnitude of the signal and noise might limit the model to specific types of
samples and settings. Here, we focus the training on the shape features of the signal rather than
the magnitude because such a model can be more generic and scalable. To minimize the model’s
reliance on the signal magnitude, we normalize the pixel values of the input between zero and
one. In this setting, the model is inclined to distinguish noise from signal based on the shape
features. The model is trained in a supervised manner to transform low energy inputs into outputs

as close as possible to the ground truth frames.

3.2.5 Photoacoustic Imaging System
Two different commercially available pre-clinical photoacoustic imaging systems were

used in this study. Both systems can physically translate the transducer to generate three-
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dimensional (3D) images. Model training used the Vevo LAZR (VisualSonic Inc.), which utilizes
laser excitation integrated into a high frequency linear array transducer (LZ-201, Fc = 15 MHz)
with optical fibers integrated to both sides of the transducer'*2. For optical excitation, this system
uses a Q-switched Nd:YAG laser (4-6 ns pulse width) with a repetition rate of 20 Hz (frame rate
of 6 Hz) followed by an optical parametric oscillator (tunable wavelength 680-970 nm). The laser
fluence was 17.06 £ 0.82 mJ using a laser pyroelectric energy sensor (PE50BF-C, Ophir LLC,
USA).

To modulate the intensity of the laser, we placed the sample in different concentrations of
TiO2 nanoparticles. These nanoparticles are well-known scatterers that decrease the fluence on
the sample (when placed between the source and the sample). We measured the fluence with
different concentrations of nanoparticles using same energy sensor mentioned above.

Test data used a scanner lower fluence than the laser (LED excitation; AcousticX;
CYBERDYNE Inc.). This system is equipped with a 128-element linear array ultrasound
transducer with a central frequency of 10 MHz and a bandwidth of 80.9% fitted with two 690 nm
LED arrays. The repetition rate of these LEDs is tunable between 1, 2, 3, and 4 K Hz. The pulse
width can be changed from 50 ns to 150 ns with a 5-ns step size. The LED fluence at 1 K Hz and

2 K Hz was 20 and 40 pJ/pulse, respectively.

3.2.6 Image Evaluation Metrics
Peak signal-to-noise ratio (PSNR). We used the PSNR metric to evaluate the model in
terms of noise cancelation. The PSNR is described in decibel (dB) and calculated based on

square differences between the model output and ground truth images as:

@)
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Where,

(4)

and are the ground truth and model output images, respectively. Term represents the

maximum possible value in the given images .

Structural Similarity Index Measurement (SSIM). The SSIM evaluates image quality in
terms of structural similarity; it is represented on a scale of 1. A higher SSIM shows better

structural similarity of an output model image with the ground truth data.

®)

Here, () and () are the mean (variance) of the ground truth and MWCNN output images,
respectively; shows the covariance between these two data. and are used to stabilize the division

with a weak denominator 38,

Contrast-to-noise ratio (CNR). CNR determines the image quality and is described in

decibel (dB) via the following equation:

(6)

Here, and are mean of object and background noise, respectively; represents standard

deviation of background intensity in the image '*°.

3.3 Results

3.3.1 Low Fluence Laser Source
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Laser fluence decreases when passing through a scattering media such as biological
tissue. The photoacoustic signal intensity is proportional to the laser fluence, and thus the quality
of acquired images will be affected. We intentionally decreased the laser fluence and improved
the acquired images using MWCNN.

Figure 3A illustrates the ground truth 3D image of “UCSD” using the full laser fluence (17
mJ/pulse) from the Vevo LAZR system. Figure 3B, C shows the SSIM and PSNR vs laser fluence
for both noisy (input) and MWCNN model (output) images. This model improved the SSIM with a
factor of 1.45, 1.5, and 1.62 for laser fluence values of 0.95, 0.25, and 0.065 mJ/pulse,
respectively. The PSNR was enhanced by 2.25-, 1.84-, and 1.42-fold for laser fluence values of
0.95, 0.25, and 0.065 mJ/pulse, respectively. The trained MWCNN model cannot significantly
improve SSIM and PSNR (p > 0.05) at 0.016 mJ/pulse. Figure 3D, E, F, and G shows the noisy
(input) 3D image of the UCSD object captured with laser fluence values of 0.95, 0.25, 0.065, and
0.016 mJ/pulse, respectively. The output of MWCNN for laser fluence of 0.95, 0.25, 0.065, 0.016

mJ is represented in Figure 3H, I, J, and K, respectively.
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Figure 3. 3 Low fluence laser source evaluation. A) Ground truth 3D image of UCSD sample
with full laser fluence of 17 mJ/pulse. We used this image as a reference for measuring image quality
metrics. B) SSIM of noisy (input) and MWCNN data vs laser fluence. The results show that the SSIM is
significantly improved by 1.45, 1.5, and 1.62 at laser fluence values of 0.95, 0.25, 0.065 mJ/pulse,
respectively. The model failed to improve the structural similarity at fluence of 0.016 mJ/pulse. C) PSNR of
both noisy and MWCNN data vs laser fluence—the PNSR is significantly improved with a factor of 2.25,
1.84, and 1.42 for 0.95, 0.25, 0.065 mJ/pulse, respectively. However, the MWCNN cannot significantly
improve the image quality with a laser fluence of 0.016 mJ/pulse. In both B and C, the error bars represent
the standard deviation of SSIM and PSNR among the four letters in “UCSD”. * indicates p < 0.05. D, E, F,
and G) Noisy (input) images with 0.95, 0.25, 0.065, and 0.016 mJ/pulse laser fluence, respectively. H, I, J,
and K) MWCNN model (output) images with 0.95, 0.25, 0.065, and 0.016 mJ/pulse laser fluence,

respectively.

3.3.2 LED Source

We next examined our MWCNN model with LEDs as a low fluence source. Figure 4A
shows the ground truth 3D photoacoustic image using the LED-based photoacoustic imaging
system. After collecting all the noisy data with 40 and 80 pJ/pulse as LED fluence on the sample,

we noted an improvement in SSIM by a factor of 2.2 and 2.5 for 40 and 80 pJ/pulse, respectively
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(Figure 4B). Figure 4C demonstrates a 2.1- and 1.9-fold increase in PNSR on MWCNN model
(output) versus noisy (input) for both 40 and 80 pJ/pulse. Figure 4D and F shows the noisy 3D
photoacoustic image using the LED-based imaging system with fluence values of 80 and 40 pJ

pd/pulse. Figure 4E and G are MWCNN 3D results with 80 and 40 uJ pJ/pulse, respectively.
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Figure 3. 4 LED light source evaluation. A) Ground truth 3D image of UCSD word using the LED-
based photoacoustic imaging system. The ground truth data were collected by operating the LED source
at 4 K Hz with a fluence of 160 pJ and 20 rounds of averaging for each frame. B) SSIM results of both noisy
(input) and MWCNN model (output) in two different LED fluences of 40 and 80 pJ/pulse. An improvement
of 2.2- and 2.5-fold is observed for 40 and 80 pJ/pulse, respectively. C) PSNR of noisy (input) and MWCNN
model (output) at 40 and 80 uJ/pulse. MWCNN improved the PNSR by 2.1 and 1.9 for 40 and 80 uJ/pulse,
respectively. In both B and C, the error bars represent the standard deviation of SSIM and PSNR among
the four letters in “UCSD”. D) The 3D noisy (input) photoacoustic image used 80 pJ/pulse. E) 3D MWCNN
mode (output) photoacoustic image using 40 pJ/pulse. F) 3D Noisy (input) photoacoustic image with 40
pJd/pulse. G) 3D MWCNN mode (output) photoacoustic image with 40 pJ/pulse.

We also evaluated the performance of the MWCNN model in depth phantoms using the
LED system and scattering media. Figure 5A and B shows noisy images for LED fluence at 40
and 80 pJ/pulse. We observed a significant CNR improvement both qualitatively (Figure 5C and
D) and quantitatively (Figure 5E). We measured an average of 4.3- and 4.1-fold enhancement in

MWCNN model versus noisy images at different depths for 40 and 80 uJ/pulse. Figure 5E shows
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that the MWCNN also enhanced the linearity of CNR vs depth from R?=0.84 and 0.85 to R?=0.97

and 0.95 for both LED fluence values.
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Figure 3. 5 Penetration depth evaluation using an LED. A) B-mode noisy (input) photoacoustic
image using LED at a fluence of 40 pJ/pulse. Pencil leads were placed at 2.5, 7.5, 12.5, 17.5, and 22.5 mm
in 2% intralipid. B) B-mode noisy (input) photoacoustic images at a fluence of 80 pJ/pulse with similar
experimental setup as described in A. C, D) B-mode MWCNN model (output) photoacoustic image for 40
and 80 pJ/pulse. E) CNR versus depth for 40 and 80 pJ/pulse in both noisy and MWCNN model. Dotted
green and white rectangles represent the ROI used to measure mean values and standard deviations of
background (ROI size:3 x 3 mm?) and object (ROI size:1 x 1 mm?). We observed an average of 4.3- and
4.1-fold enhancement in the MWCNN model versus noisy data at different depths for both LED values.

3.3.3 In vivo Performance

Image enhancement methods become more valid when validated in vivo. The detection

of exogenous contrast agents using photoacoustic imaging technique can be a challenge due to
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low fluence due to scattering by biological tissue. Here, we injected different concentrations of
MB intramuscularly in mice (Figure 6A) and analyzed the acquired images using the MWCNN
model and compared the CNR with and without the model. Figure 6B represents the CNR for
both noisy (input) and MWCNN model (output) for all 5 different concentrations. We observed a
significant improvement between noisy and model output. There was an improvement of 1.55,
1.76, 1.62, and 1.48 in CNR for 0.05, 0.1, 1.0, and 5.0 mM, respectively. The MWCNN failed to
improve the CNR for 0.01 mM. The signal intensity of 0.01 mM MB was so low that the model

considered it to be noise.

A Methylene Blue B
704
‘ ]
"‘v’l 60 ® MWCNN - Model
0 001005 01 1 5 —~50] } { :
mM mM mM mM mM mM % 40 { ® Noisy
14
. s Photoacoustic Z 301 } i E E
e A — Transducer o 201 i [
> *@\ V 10
R N Injected 0 v T T
Pl p Methy|ene Blue 0.00 0.05 0.10 1 5
- = MB Concentration (mM)
Noisy MWCNNN Model Noisy MWCNNN Model

2
&

Ajyisusju| punosesin

2
@
€
2
E
L
®
3
8
8
8
°
£
[

Figure 3. 6 In vivo evaluation of MWCNN model. A) Experimental schematic for in vivo evaluation
of MWCNN model. Five different concentrations of MB (0.01, 0.05, 0.1, 1, and 5 mM) were injected
intramuscularly. B) CNR versus injected MB concentrations for both noisy and MWCNN model. We noted
1.55-, 1.76-, 1.62-, and 1.48-fold improvement of CNR for 0.05, 0.1, 1.0, and 5.0 mM, respectively. Error
bars represent the CNR among three different animals. For CNR calculation, and were defined as the
average of five different areas of mean values of photoacoustic intensity at the injected area (ROl of 1 X 1
mm?) and around the injected area (ROI of 3 X 3mm?), respectively. Term is the average of all five standard
deviations of background intensity. Panels C, E, G, and |) are B-mode noisy photoacoustic images for 5.0,
1.0, 0.05, 0 mM, respectively. These images are overlaid on ultrasound data. D, F, H, and J) B-mode
MWCNN photoacoustic images for 5, 1, 0.05, 0 mM, respectively. Dotted green and white rectangles
represent the used ROls for background and object. Blue arrows show the MB injection area.
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3.4 Discussion and Conclusions

CNNs have been widely utilized in computer vision, image processing, and medical
imaging. However, deep learning has utility beyond image segmentation, object detection, and
object tracking. Here, we proposed a deep learning model that can learn to restore PA images at
different low fluence configurations and samples. To ensure the scalability of our solution, we built
our model based on a limited training process and evaluated it with different illumination sources
on other sample types and materials.

We observed quantitative and qualitative enhancement results. The proposed model was
completely blind to our test data. We could achieve up to 1.62- and 2.2-fold improvement in SSIM
(Figure 3B and 4B) for low fluence laser source and LED, respectively. The model improved the
PSNR by a factor of up to 2.25 and 2.1 for low fluence laser and LED, respectively. A higher
number of training datasets can lead to improvement factors (SSIM, PSNR) that will be
significantly higher. PNSR and SSIM calculations require a ground truth image. However, having
this data is not feasible in most cases. To show that our proposed method can enhance other
image quality metrics, we used the CNR to evaluate the penetration depth and in vivo data. The
ground truth is not required with this metric, and the CNR will be measured using just a single
frame. We showed that the MWCNN can improve the contrast as well (Figure 5E, 6B). Finally,
we showed that this contrast improvement has value in vivo with contrast improved up to 1.76-
fold.

Like other deep learning methods, our solution gains most of its computational cost at the
training stage. The training cost can scale up as the training set grows. At runtime, the model can
process each frame at 0.8 seconds, which is relatively faster than classical methods like BM3D
(3.33 seconds). It is also similar to DL methods like low-dose CT CNN (2.05 seconds) '

Our training included a small set of frames from a laser source within a specific range of
illumination fluencies. Such a small training set can facilitate a model that trains fast for practical

solutions. On the other hand, normalizing the training data made the model independent of signal
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magnitude in the input. This independence guided the model to generically learn important spatial
features of samples in PA images beyond the settings and configurations. Future work may also
evaluate any improvements achieved via increasing numbers of training sets.

The tests introduced lower fluencies of illumination from different sources. The
observations suggest that the model learned features to distinguish signal from noise regardless
of the input image quality. Comparable results between laser and LED based inputs also suggests
the utility of our solution among various imaging systems.

The next step of this work will focus on training and testing processes on in vivo samples
including actual blood vessels and other exogenous contrast agents. We will also expand the
model from a 2D framework to 3D data. In that regard, we can train models based on a stack of
PA images to potentially improve the consistency of results along the axis and reduce the noise
in 3D results as well as cross-sectional images. In such setting, we need to upgrade the structure
of samples in our training data to better represent the complex 3D features. Also, increasing the
dimensions of the model will inherently increase the amount of training data required to develop
the models but may facilitate even more advanced in vivo imaging.

Chapter 3, in full, is a reprint of the material as it appears in Biomedical Optics Express
11, no. 6 (2020): 3360-3373.. Ali Hariri, Kamran Alipour, Yash Mantri, Jurgen P. Schulze, and

Jesse V. Jokerst. The dissertation author was the primary investigator and author of this paper.
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Chapter 4 Molecular imaging of oxidative stress using an LED-based

photoacoustic imaging system

LED-based photoacoustic imaging has practical value in that it is affordable and rugged;
however, this technology has largely been confined to anatomic imaging with limited applications
into functional or molecular imaging. Here, we report molecular imaging reactive oxygen and
nitrogen species (RONS) with a near-infrared (NIR) absorbing small molecule (CyBA) and LED-
based photoacoustic imaging equipment. CyBA produces increasing photoacoustic signal in
response to peroxynitrite (ONOO™) and hydrogen peroxide (H202) with photoacoustic signal
increases of 3.54 and 4.23-fold at 50 uM of RONS at 700 nm, respectively. CyBA is insensitive to
OCI~, 'NO, NOz7, NOs7, tBuOOH, O27, C4HsO", HNO, and 'OH, but can detect ONOO™ in whole
blood and plasma. CyBA was then used to detect endogenous RONS in macrophage RAW 246.7
cells as well as a rodent model; these results were confirmed with fluorescence microscopy.
Importantly, CyB suffers photobleaching under a Nd:YAG laser but the signal decrease is <2%
with the low-power LED-based photoacoustic system and the same radiant exposure time. To the
best of our knowledge, this is the first report to describe molecular imaging with an LED-based
photoacoustic scanner. This study not only reveals the sensitive photoacoustic detection of RONS

but also highlights the utility of LED-based photoacoustic imaging.
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4.1 Introduction
Reactive oxygen and nitrogen species (RONS) modulate important functions in living

14

systems. Endogenous RONS facilitate signal transduction ', smooth muscle relaxation, and

blood pressure modulation '*°. Dysregulated RONS can lead to diseases such as cancer '#¢'%,
and RONS detection is useful in the diagnosis and treatment of infections and disease. There are
various fluorescent contrast agent to detect and quantify RONS % 1. 150 byt their in vivo
applications are limited due to the low spatial resolution and limited penetration depth of
fluorescence *'.

Photoacoustic imaging (PAl) is an alternative imaging approach and combines optical and

ultrasound imaging features 749 1%

and offers better penetration with less scatter than fluorescent
imaging. Smart activatable photoacoustic probes can produce photoacoustic signal in the
presence of specific molecules or events such as RONS #” %2, Pu and workers have described
several RONS-sensitive molecules with activatable photoacoustic signal '*" 3% including
Cheng et al. who reported CyBA for detection of RONS using fluorescence imaging'®’.

Regardless of the imaging target, PAI usually uses high energy lasers. Although these
lasers offer tunable excitation wavelengths and high power, they are also large and cumbersome
and require regular maintenance. In addition, many contrast media are not stable at such high
fluences. In one example, the photoacoustic signal of gold nanorods decreased by ~30% after
exposure to 120 s of 9 mJ/cm? fluence)'' due to a change in the nanorod morphology '%. In
another example, Onoe et al. developed a symmetrical NIR cyanine dye for cancer imaging
utilizing fluorescence and photoacoustic imaging '*°, but this probe degraded under high-energy
laser pulses during imaging "¢,

Although a more stable probe design is an obvious solution, one exciting alternative is
pulse laser diodes (PLDs) *® or light emitting diodes (LEDs) ', The LED fluence is on the order

of uJ and 1000-fold lower than high energy lasers '’. We previously described a commercially

available LED-based photoacoustic imaging system and validated it with phantoms and cellular
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7 Here, we report the use of a near-infrared (NIR) small molecular probe for

imaging
photoacoustic imaging that is sensitive to various types of RONS'®". We first evaluated the probe
with both a laser and a LED. The absorption and photoacoustic response of this probe were
examined with different RONS in different sample matrices such as PBS/DMSO, plasma, and
fresh blood. We then used the probe to measure the endogenous RONS produced stimulated

macrophages with the LED-based photoacoustic imaging system along with in vivo imaging of an

inflammation model.

4.2 Methods and Materials

4.2.1 Chemicals

Aqueous PBS stock solution and hydrogen peroxide (H202) (30 wt%, Cat. #H325) were
purchased from Thermo Scientific (Waltham, MA, USA). We purged PBS with N2 for 1 hour before
any dilution and measurement. Peroxynitrite (ONOQO~) was purchased from EMD Millipore Co.
(Cat. #516620, MA, USA). Superoxide
(O27), Hypochlorite (OCI), Nitric oxide ('NO), Tert-butyl hydrogen peroxide (tBuOOH), Tert-
butoxy radical (C4HeQO"), Nitrite (NO2"), Nitrate (NO3™), and Nitroxyl (HNO) were prepared by direct
dilution of potassium superoxide (Cat. #278904), sodium hypochlorite (Cat. #239305), Tert-butyl
hydroperoxide (Cat. #416665), Tert-butyl peroxide (Cat. #168521), Sodium nitrite (Cat. #237213),
Sodium nitrate (Cat. #221341), and angeli’s salt (Cat. #176695). These were purchased from
Sigma-Aldrich (Atlanta, GA, USA). Hydroxyl radicals ("OH) were generated via the Fenton
reaction between H>O, and iron (Il) perchlorate hydrate (Fe(ClOs)2) (Cat. #334081, Sigma-Aldrich,
Atlanta, GA, USA). The 2',7'-dichlorofluorescin diacetate (DCF-DA) (Cat. #D6883), N-
acetylcysteine (NAC), Lipopolysaccharides (LPS) from Escherichia coli, and Zymosan A from
Saccharomyces Cerevisiae were purchased from Sigma-Aldrich (Atlanta, GA, USA). A stock
solution of the new synthesized dye was prepared by dissolving in dimethyl sulphoxide (DMSQO)

(Thermo Scientific, Waltham, MA, USA). Normal pooled human plasma was purchased from
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Innovative Research Inc. (Novi, MI, USA). Blood was obtained from healthy donors in 3.2%
sodium citrate vacutainers (BD life Science) and informed consent was obtained from all subjects.
All methods were performed in accordance with the relevant guidelines and regulations. All

experimental protocols were approved by University of California San Diego.

4.2.2 Probe Synthesis and Characterization
Cheng et al first developed and reported the application of CyBA for detection of RONS

57 and used a mixture

using fluorescence imaging'®’. The synthesis was adopted from their study
of compound CyOH (38 mg, 0.1 mmol) and Cs>COs3 (130 mg, 0.40 mmol) in anhydrous CH2Cl> (10
mL) in a round-bottom flask was stirred for 20 min at room temperature. The 4-
bromomethylphenylboronic acid pinacol ester (60 mg, 0.20 mmol) was then added and the
reaction was further stirred overnight at room temperature under N> atmosphere. The reaction
mixture was then washed with water (30 mL) and extracted with CH2Cl» (3 x 30 mL). The organic
layer was dried with anhydrous Na;SO, and concentrated under reduced vacuum. The pure
product CyBA was obtained as a blue solid (45 mg, 75%) after purification by flash column
chromatography (CH2Clo/MeOH = 10:1). "H NMR (300 MHz, CD;0D): 6 =8.70 (d, J = 15.0 Hz,
1H), 7.80 (d, J = 8.1 Hz, 2H), 7.68 (d, J = 7.2 Hz, 1H), 7.55 (m, 2H), 7.50 (d, J = 8.1 Hz, 2H), 7.45
(m, 2H), 7.34 (s, 1H), 7.02 (m, 2H), 6.49 (d, J = 15.0 Hz, 1H), 5.29 (s, 2H), 3.85 (s, 3H), 2.76 (t, J
=6.0 Hz, 2H), 2.71 (t, J = 6.0 Hz, 2H), 1.92 (m, 2H), 1.81 (s, 6H), 1.34 (s, 12H). MS of compound

CyBA: calculated for C39H43BNO4, [M*]: 600.39; observed MS: m/z 600.40.

4.2.3 Instrumentation
We used a SpectraMax M5 spectrophotometer for absorbance measurements. An EVOS
fluorescence microscope with FITC filter sets (Life Technologies Inc., Ca, USA) was utilized for

brightfield and fluorescence microscopy imaging. Photoacoustic images were acquired using an
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LED-based photoacoustic imaging system from CYBERDYNE Inc. (formerly Prexion)'%’. The
system is equipped with a 128-element linear array ultrasound transducer with a central frequency
of 10 MHz and a bandwidth of 80.9% fitted with two 690 nm LED arrays. The repetition rate of
these LEDs is tunable between 1, 2, 3, and 4 K Hz. The pulse width can be changed from 50 ns
to 150 ns with a 5-ns step size. The transducer can be scanned to generate three-dimensional

(3D) data using maximum intensity projection (MIP) algorithm.

4.2.4 Tissue Culture

RAW 246.7 cells (ATCC TIB-71) were cultured using Dulbecco’s Modified Eagle’s Medium
(DMEM, Gibco) supplemented with 10% fetal bovine serum (Sigma) and 1% antibiotic-antimycotic
(Thermo Fisher Scientific). Cells were incubated at 37°C and media was replaced every 2-3 days.

Cells were cultured until 90% confluence and passaged mechanically through scraping.

4.2.5 Probe Stability

A Nd:YAG laser with an optical parametric oscillator (Vevo 2100 photoacoustic scanner,
Visualsonics) and a LED (LED-based scanner, CYBERDYNE Inc.) at 690 nm were used to
evaluate the stability of the new probe. Here, 15 uL of a 0.1 mM solution were placed in
polyethylene tubing (OD: 1.27 mm, ID: 0.85 mm) inside the chicken breast to scatter the incident
light (at depth of 1cm) and imaged with the laser or LED to study the stability of the probe. Laser
illumination used a pulse width and frame rate of 5 ns and 6 Hz, respectively. A laser pyroelectric
energy sensor (PES0BF-C, Ophir LLC, USA) measured the laser fluence. LED illumination used
a LED-based scanner (pulse width: 70 ns, frame rate: 6 Hz) with a photodiode sensor (S120C,
Thorlabs Inc., USA) to measure the LED fluence. The effective illumination for both is 16 ps

(effective illumination = number of laser or LED pulses x the pulse width).
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4.2.6 Absorption Response of CyBA Toward RONS

We first studied the absorption response of the probe toward RONS. We used various
concentrations for ONOO™ (12.5, 25, 50, 75, 100, and 200 uM) to evaluate changes in the probe’s
absorption spectrum (400 nm — 800 nm) in the presence of RONS. Next, we tested the effect of
OCI~, 'NO, NO27, NOs7, tBuOOH, O3, C4HsO’, HNO, "OH, H202 and ONOO™ by monitoring the
change in 700 nm absorption using a 80 uM solution of the probe and 50 uM RONS. Three

replicates were used.

4.2.7 Photoacoustic Response of CyBA in the Presence of RONS

CyBA and CyOH (activated form of the probe) were studied at 20, 40, 80, 160, 320, and
640 uM. We also examined the photoacoustic response of CyBA to 50 uM of OCI~, 'NO, NO_",
NO3~, tBUOOH, Oz, C4HeO’, HNO, 'OH, H202, and ONOO". Various concentrations of ONOO"~
and H20; to measure the sensitivity of the probe: 12.5, 25, 37, 50, 75, 100, and 200 yM ONOO";
31, 62, 125, 250, 2500, 5000 pM, and 50 mM H2O,. All samples were placed inside Teflon light
wall tubes and scanned with the transducer (the scan size is 10 mm) to generate three-

dimensional (3D) data using maximum intensity projection (MIP) algorithm.

4.2.8 Photoacoustic Response of the Probe Towards ONOO" in Pooled Human Plasma
and Blood

We extended the work with ONOO™ to normal pooled human plasma and whole human
blood. First, we evaluated the absorption response of 125 uM probe in the presence of 25, 50,
125, 185, 250, 375, and 500 yM of ONOOQO™ in normal human plasma. Next, we used LED-based
photoacoustic system to study the response of the probe towards ONOO™ at 25, 37.5, 50, 75, and
100 uM in normal pooled human plasma and blood. Finally, we calculated a detection limit of

ONOO' in plasma and blood.
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4.2.9 In vitro Fluorescence Imaging of RONS

RAW 246.7 cells were plated into 6-well plates (50,000 cells/well) and incubated overnight.
Cells were washed once with PBS, and 2 mL of media was added; 20 pL of LBS in PBS was
added to the respective groups (final concentration: 1 ug/mL), and the plates were incubated for
4 hours. Then, 20 yL of NAC in PBS was added to the respective groups (final concentration: 0.1,
1, or 10 mM) and incubated for 1 hour. Finally, 20 uL of DCF-DA in DMSO was added to all groups
(final concentration: 20 uM) and incubated for 20 minutes. Cells were imaged with a fluorescence

microscope (EVOS) using a GFP filter.

4.2.10 In vitro Photoacoustic Imaging of RONS

RAW 246.7 cells were plated into 6-well plates (1 million cells/well) and incubated
overnight. Cells were washed once with PBS and 1 mL of media was added. 10 pL of LPS was
added to the respective groups (final conc. 10 pg/mL) and incubated for 4 hours. Then, 10 L of
NAC was added to the respective groups (final concentration: 0.1 or 10 mM) and incubated for 1
hour. Next, 400 uL of CyBA was added to the respective groups (final concentration: 125 yM) and
incubated for 30 minutes. Cells were mechanically detached, centrifuged at 1000g for 5 minutes,
and the supernatant was removed. All cells were resuspended in 50 yL PBS and imaged at 690
nm using LED scanner. As an additional control, LPS and CyBA were mixed without any cells

and imaged.

4.2.11 In vivo Photoacoustic Imaging Evaluation of CyBA

All animal experiments were performed in accordance with NIH guidelines and approved
by the Institutional Animal Care and Use Committee (IACUC) at the University of California, San
Diego. We utilized CyBA for the in vivo photoacoustic imaging of RONS. Zymosan was applied
to induce the acute edema in a murine model. Zymosan (20 mg/ml) was injected intramuscularly

into the right biceps femoris muscle of the upper hind limb (n=3). After 20 minutes incubation,
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CyBA (160 puM in saline) was injected at same location. We monitored the photoacoustic intensity
(690 nm as a wavelength) of the probe at the injection area in 0, 10, 20, 30, 45, 60, 90 minutes
after injection. We also injected only Zymosan and only CyBA at the same location and monitored

the photoacoustic intensity as a control.

4.2.12 Statistical Analysis

All photoacoustic data were analyzed with ImageJ (Bethesda, MD, USA)'®". All raw
images were converted to 8-bit images, and then the mean value and standard deviation of the
photoacoustic intensity for ten regions of interest (ROI) per tube were calculated. The error bars

represent the standard deviation; P values <0.05 were considered to be significantly different.

4.3 Results

CyBA is designed by conjugating a boronic acid-based self-immolative group to CyOH.
CyBA is initially in a “caged” state with diminished electron-donating ability of the oxygen atom.
Upon treatment with H>O, or ONOO~, CyBA undergoes rapid oxidative cleavage of the borate
ester moiety, followed by 1,6-elimination, eventually leading to free CyOH dye (“‘uncaged” state).
The CyOH product has enhanced electron-donating ability from the oxygen atom, which makes
its characteristic maximum absorption change in relative to CyBA. Thus, the probe enables
photocoustic imaging of RONS (Figure 1). We used mass spectrometry to show the
decomposition of probe under high concentrations of RONS (peroxynitrite) and evaluation of
CyBA/CyOH composition stability under our imaging conditions. Mass spectrometry data
confirmed the stability of CyBA under LED illumination and confirmed that the reaction product of

CyBA in presence of RONS (peroxynitrite) is indeed CyOH (Figure S1).
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Figure 4. 1 Design and mechanism of the probe (CyBA) for RONS imaging. The RONS species
liberates the boronic acid group leading to increased absorbance of the cyanine core leading to increased
photoacoustic signal. Adapted from Cheng et al. %7

4.3.1 Probe Stability

The probe has a broad absorption peak at 700 nm that increases when activated by the
RONS, but we used 690 nm excitation because that equipment was available in our lab. Figure
2A shows the spectral profile of the LED used in the photoacoustic imaging system. It has a peak
at 690 nm (range: 625-725 nm); the intensity at 700 nm is ~65% of the maximum. The laser and
LED intensity at 690 nm is 12.65 + 0.65 mJ/cm? and 5.5 pJ/cm?, respectively, i.e., the laser
intensity is ~2000-fold higher than the LED.

Next, we studied the photoacoustic signal of the probe with Nd:YAG laser and LED in the
absence of RONS. Figure 2B shows that the photoacoustic signal degraded 2.6-fold after 16 ps
of effective time laser illumination (laser: 3150 pulses (at 20 Hz) x 5 ns pulse width = 16 ps; LED:
240 pulses (at 4000 Hz) x 70 ns = 16 us). The LED system shows <2% signal loss. Thus, we
used the LED-based photoacoustic imaging system to evaluate the probe in all following

experiments.

51



A 60000 1 B 3 250
8 =LED
? §' 200 -e-Laser
] i [}
S 40000 £ 150
2 E
@ 2 100
o 20000 ]
£ g 50
g
0 T = ] E 0+ T T T
500 600 700 800 o 0 5000 10000 15000
Wavelength (nm) Effective lllumination Time (ns)
C D
*
0.4 1 = 0.15
-~ —200 uM 3 ! |
z 0.3 - —100 uM t %
Ef 75 uM g 01 qf 1
5 0.2 —50 uM (S
e —25 M ®
2 0.1 —12.5uM $ 0.5
g —CyBA §
0 T T T 8 0
400 500 600 700 800 F . . L2 6.0 v g
Wavelength (nm) o“‘@ $ \=°”\§’;o° o & ~z~9o\;0°
S &

Figure 4. 2 Absorption response of new probe toward RONS. A) Spectral profile of the LED
used for photoacoustic imaging. The spectrum has a peak at 690 nm and includes 700 nm. B)
Photoacoustic intensity of the probe under laser and LED illumination. The photoacoustic intensity
decreases 2.6-fold under laser source but <2% with the LED. Therefore, the probe is stable when used with
a LED-based photoacoustic imaging system. C) The absorption spectra of the dye (80 uM) after addition
of ONOO™ 12.5, 25, 50, 75, 100, and 200 uM. The dye has two absorption peaks around 660 and 610 nm.
However, in the presence of RONS, the 700 nm peak appears and other peaks vanish. D) Absorption of
CyBAin the presence of 50 uM OCI ~, 'NO, NO27, NOs3, tBuOOH, Oz, C4HeO’, HNO, "OH, H202,and ONOO".
The control is PBS, and the error bars represent the standard deviation of three replicate measurements. *
indicates p-value < 0.05.

4.3.2 Absorption Response of the Probe Toward RONS
Next, we studied the change in the probe absorption in the presence of RONS. Figure 2C shows
the absorption spectra of the dye (80 uM) with and without ONOQO™. The probe has two absorption
peaks at 610 and 660 nm. The probe exhibited a new absorption peak at 700 nm upon addition
of 12.5, 25, 50, 75, 100, and 200 yM ONOO" (the peaks at 610 and 660 nm decreased). Only the
700 nm peak is seen at 200 uM ONOO". Figure 2D shows the absorption response of the probe
in the presence of OCI~, 'NO, NO2-, NOs~, tBuOOH, O, C4HsO", HNO, "OH, H,02 and ONOO"™
at 700 nm using 80 uM dye and 50 yM RONS. The absorption increased 2.38 and 3.31-fold in

the presence of ONOQO™ and H202, respectively (p-value < 0.05).
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Figure 4. 3 Photoacoustic response of the probe in presence of RONS. A) Photoacoustic
intensity as function of different probe concentrations. Linear correlation is observed between photoacoustic
intensity and new probe concentration when imaged with the LED system. B) Photoacoustic signal of 80
MM probe in the presence of 50 uM of OCI~, 'NO, NOz~, NOs~, tBuOOH, Oz, C4HsO’, HNO, 'OH, H20z2,
and ONOO™. The inset shows the MIP photoacoustic image of all the samples. The control is PBS. Dose
response curve of probe to ONOO™ (C) and H202 (D); insets are the MIP images. Error bars represent
multiple ROIs per tube. * indicates p-value < 0.05.

4.3.3 Photoacoustic Response of the Probe in the Presence of RONS

Figure 3A shows the photoacoustic intensity as function of CyBA and CyOH concentration.
The insets show the photoacoustic MIP images corresponding to CyBA and CyOH. A linear
correlation was observed between the photoacoustic intensity and both CyBA (R? = 0.99) and
CyOH (0.97) concentrations. We used 80 uyM to examine the photoacoustic response to OCI -,
‘NO, NOz7, NOs~, tBUOOH, O3, C4HsO", HNO, 'OH, H20,, and ONOO". This concentration was
used because it has relatively low signal in the absence of RONS. Figure 3B shows that the
probe is insensitive to OCI~, 'NO, NO2~, NO3~, tBuOOH, 0,7, C4HsO", HNO, and "OH, but the
signal increased 3.54 and 4.23-fold with 50 yM H20. and ONOO", respectively. Figures 3 C, D

detail the signal as a function of ONOO™ and H.O: concentrations. Higher concentrations lead to
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more absorption and thus more photoacoustic signal with a detection limit of 12.5 yM ONOO™ (p-

value < 0.05). Similarly, the H20- sensitivity is 31 uM.

4.3.4 Utility of the Probe in Pooled Human Plasma and Blood

Figure 4A shows a linear correlation (R? = 0.98) between absorbance at 700 nm and
ONOO™ concentrations in pooled human plasma. Figure 4B shows the photoacoustic response
of the probe in the presence of ONOO™ in pooled human plasma and fresh whole blood. The
detection limits of ONOO™ in plasma and blood were 37.5 and 50 uM, respectively (p-value <
0.05). The detection limit is higher in blood because hemoglobin and deoxyhemoglobin increase

the background signal.
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Figure 4. 4 Photoacoustic signal as a function of ONOO™ in normal pooled human plasma
and whole blood. A) Linear absorbance response of 125 uM probe in pooled human plasma at 700 nm
with various ONOO™ concentrations. B) Photoacoustic response of 125 yM probe in human plasma and
fresh human blood to ONOO™ from 0 to 100 uM. The ONOO™ detection limits are 37.5 and 50 uM in plasma
and blood, respectively. * indicates p-value < 0.05.

4.3.5 In vitro Characterization of Endogenous RONS
We next tested the ability of the probe to measure endogenous RONS produced by murine
macrophage RAW 264.7 cells'®%"'%*. Here, we used DCF-DA as an independent measurement of

intracellular RONS '®. Figure 5A shows the brightfield microscopy image of RAW 264.7 cell line.

54



Figure 5B, C, D, and E represent fluorescence response of RAW cells, RAW cells treated with
DCF-DA, RAW cells treated with LPS, RAW cells treated with both LPS and DCF-DA, respectively.
The green signals from Figure 5E confirm that RONS will be generated by treatment of LPS with
RAW 264.7 cells. We used different concentrations of NAC as a free radical scavenger with high
membrane permeability '®. Figure 5F, G, and H show decrease of green signal by increasing
the concentration of NAC (0.1 mM, 1 mM, and 10 mM). Degradation of fluorescence signal is
observed suggesting that the RONS are scavenged by the NAC. Figure 5l represents the
quantification analysis of fluorescence data in Figure 5B, C, D, E, F, G, and H. RAW 264.7 cells
treated with LPS and DCF-DA (RONS indicator) have increased fluorescence signal suggesting
the generation of endogenous RONS. Figure 51 shows that adding NAC at 10 mM scavenged
the RONS and decreased fluorescence.

Next, we measured RONS in RAW 264.7 cells with the photoacoustic probe. Here, cells
were incubated with LPS as well as the probe (CyBA) with and without NAC (ROS scavenger).
Figure 5J shows the MIP photoacoustic image for all six samples. RAW cells (control), RAW cells
with the probe (+CyBA), RAW cells with LPS (+LPS), RAW cells with LPS, and CyBA
(+CyBA+LPS), and RAW cells incubated with LPS/CyBA and various concentrations of NAC (0.1
and 10 mM) were placed in an agar phantom for photoacoustic imaging (Figure 5J). There is low
signal for RAW cells and RAW cells incubated with LPS but cells incubated with LPS have signal
that is ~34-fold higher than the signal from RAW cells only incubated with CyBA; the NAC
scavenger with concentrations of 0.1 mM and 10 mM decreased this signal 1.5- and 3.5-fold,
respectively. This suggests that NAC scavenges the RONS leading to less photoacoustic signal

(Figure 5K). These results have been confirmed by fluorescence imaging (Figure 5I).
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Figure 4. 5 In vitro characterization of endogenous RONS. A) Brightfield microscopy image of
RAW 264.7 cells line. B) Fluorescence microscopy image of RAW 264.7 cells. Fluorescence response of
C) DCF-DA (20 uM) after incubation with RAW cells, D) LPS (1 pug/mL) after incubation with RAW cells, E)
LPS (1 yg/mL) and DCF-DA (20 uM) after incubation with RAW cells. Green signal indicated the presence
of RONS in these cells after incubation with LPS. Fluorescence response of LPS and DCF-DA incubated
with RAW cells after treating F) 0.1 mM NAC, G) 1 mM NAC, and H) 10 mM NAC. I) Quantitative analysis
of fluorescence intensity in all samples in B, C, D, E, F, G, and H. The RONS indicator DCF-DA shows
increased fluorescence with LPS stimulation. ANAC RONS scavenger decreases fluorescence. J) The MIP
photoacoustic image of RAW cells, RAW cells with the probe (+CyBA) , RAW cells with LPS (+LPS), RAW
cells with LPS and CyBA (+CyBA+LPS), and RAW cells incubated with LPS/CyBA and various
concentrations of NAC (0.1 and 10 mM). K) Quantitative analysis shows increased photoacoustic signal in
the presence of probe and RAW cells incubated with LPS. This suggests RONS generation after monitoring
using LED based photoacoustic imaging. * indicates p-value < 0.05.

4.3.6 In vivo Photoacoustic Imaging Evaluation of CyBA
We evaluated the ability of CyBA to measure inflammation in mice. Figures 6A, B, C, D
demonstrate the ultrasound/photoacoustic image from injection location of probe and Zymosan

at 0, 10, 20, and 60 minutes, respectively. These figures show the increase of photoacoustic
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signal due to tissue diffusion of the probe (CyBA) at edema area (lined yellow circles). Figure 6E
represents the quantitative analysis of in vivo photoacoustic imaging evaluation of CyBA. These
results revealed that photoacoustic intensity increased gradually and ~3.2-fold increase was
observed after 90 minutes of CyBA injection. Figure 6E also shows unchanged photoacoustic

intensity of only Zymosan and only dye.
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Figure 4. 6 In vivo photoacoustic evaluation of CyBA. A) Ultrasound/photoacoustic image at
baseline. Ultrasound/photoacoustic image B) 10, C) 20, and D) 60 minutes after CyBA injection. E)
Quantitative analysis of photoacoustic intensity as a function of time post-injection of CyBA. ~3.2-fold
increase of photoacoustic intensity after 90 minutes of CyBA injection was observed. Photoacoustic
intensity for only Zymosan (+ Zymosan — CyBA) and only CyBA (-Zymosan + CyBA) are unchanged. The
error bars represent the standard deviation of measurements among 3 mice.
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4.4 Discussion

Detection of H,O2 and ONOO™ in biofluids is important to medicine. The concentrations of
H20: in healthy human urine are between 5 to 100 uM and depend on the age and gender of the
subject '®”. H,O, concentrations in plasma are as high as 35 uM'®. Various levels of H2O2 (in
some cases 100 yM or more) have been measured in the aqueous and vitreous humor'®®. The
steady-state biologically concentration of ONOQO™ is in the nanomolar to low micromolar level with

a basal production rate of 0.1 — 1 yM min™" "7

. In an inflammatory microenvironment, the
production rate will increase as high as 50 — 100 yM min~" 7%, We report here a sensitivity of 12.5
and 31 uM for ONOO™ and H-0-, respectively, using a LED-based photoacoustic imaging system
(Figure 3C, D).

LED-based photoacoustic imaging system can monitor RONS in vitro and in vivo using
CyBA. LED-based photoacoustic imaging solves many clinical transition issues for photoacoustic
imaging; thus, this technique and probe can be used for clinical monitoring of RONS for keloid
diagnosis or in drug toxicity'"".

Other RONS-sensitive photoacoustic probes with a wide range of sensitivities have been
reported. Zhang et al. reported a bulky borane-doped nanoprobe with sensitivity of 0.1 uM to
detect ONOO™**, Xie et al. used a self-assembly approach to measure 150 uM H,0,'%3. Kim et
al. showed that their gold/silver hybrid nanoparticle could release Ag* in presence of RONS such
as ONOO™ and H»0> with a sensitivity of 5 and 0.25 mM, respectively'’?. These results show that
CyBA probe can measure H>O, under both normal and inflammatory conditions. Although the
detection of ONOO™ in steady state is not feasible using our designed probe and LED based
system, we could measure ONOQO™ under inflammatory conditions in vivo.

It is important to mention that most of reported RONS sensors are nanoparticles. One of

the advantage of using small molecules sensor is that they can pass the membrane and access

to all the cell’s compartments with a simple diffusion technique whereas nanoparticle usually will
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be trapped in the endosomes'’3. Therefore, this small molecule probe is more appropriate for in
vitro imaging to monitor endogenous RONS in cells (Figure 5).

The change in absorption spectrum or photoacoustic signal of the probe is a function of
oxidation of boronate group to phenolic functionality '*. The oxidation of the boronate group is
quantitative and fast. Hence, imaging short-lived species such as RONS with chemodosimeters
containing boronate-based probes is feasible in biological environments " ¢, The hydroxyl
functional group that results from oxidation governs the spectroscopic properties of these
boronate-functionalized cyanine dyes " '7® The same chemical transformation is possible
through direct oxidation in the presence of peroxynitrite '’°. The oxidation of boronate esters by
peroxynitrite is a million times faster than hydrogen peroxide '®°. Thus, it is possible to detect
peroxynitrite in real time inside the cells and to image peroxynitrite in animals '8'. This oxidation
is then manifested via a bathochromic shift in absorption and increased photoacoustic signal to
measure reactive oxygen species (Figures 2, 3).

This probe was validated in buffer, plasma, and whole blood (Figure 4), and ONOO" in
blood and plasma have been linked to cardiovascular diseases'®. In the vascular compartment,
the formation of ONOO™ is based on the reaction of nitric oxide ("NO) with superoxide radical
(027)'®2, The ONOO™ oxidizes plasmatic components in the intravascular spaces'®® . In addition,
up to 40% of intravascularly-generated ONOO™ will diffuse and react into the red blood cells (RBC)
before plasma'® 8. Therefore, overproduction of either ‘'NO or O, can cause intravascular

formation of ONOO™.

4.5 Conclusions

We measured RONS species in clinical samples with LED-based photoacoustic imaging.
The LED-based photoacoustic imaging offers a significant reduction in the size and cost of optical
components. While one limitation of LEDs is their 1000-fold lower power (leading to a need for

higher repetition rates), this lower power is actually an advantage here. The higher power from
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Nd:YAG lasers photobleaches the dye, but the LED does not. Indeed, this work is the first report
of LED-based photoacoustic molecular imaging. Future work will expand this work with LED-
based photoacoustic to include higher frequency transducers and a larger portfolio of molecular
imaging contrast agents.

Chapter 4, in full, is a reprint of the material as it appears in Scientific 9, no. 1 (2019): 1-
10. Ali Hariri, Eric Zhao, Ananthakrishna Soundaram Jeevarathinam, Jeanne Lemaster, Jianjian
Zhang, and Jesse V. Jokerst. The dissertation author was the primary investigator and author of

this paper.
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Chapter 5 Non-invasive Staging of Pressure Ulcers Using

Photoacoustic Imaging

Ulcers including pressure ulcers and diabetic foot ulcers damage the skin and underlying
tissue in people with compromised blood circulation. They are classified into four stages of
severity and span from mild reddening of the skin to tissue damage and muscle/bone infections.
Here, we used photoacoustic imaging as a non-invasive method for detecting early tissue damage
that cannot be visually observed while also staging the disease using quantitative image analysis.
We used a mouse model of pressure ulcers by implanting sub-dermal magnets in the dorsal flank
and periodically applying an external magnet to the healed implant site. The magnet-induced
pressure was applied in cycles, and the extent of ulceration was dictated by the number of cycles.
We used both laser- and LED-based photoacoustic imaging tools with 690 nm excitation to
evaluate the change in photoacoustic signal and depth of injury. Using laser-based photoacoustic
imaging system, we found a 4.4-fold increase in the photoacoustic intensity in stage | versus
baseline (no pressure). We also evaluated the depth of injury using photoacoustics. We
measured a photoacoustic ulcer depth of 0.38 £ 0.09 mm, 0.74 £ 0.11 mm, 1.63 £ 0.4 mm, and
2.7 £ 0.31 mm (n=4) for stages I, II, lll, and IV, respectively. The photoacoustic depth differences
between each stage were significant (p < 0.05). We also used an LED-based photoacoustic
imaging system to detect early stage (stage |) pressure ulcers and observed a 2.5-fold increase
in photoacoustic signal. Importantly, we confirmed the capacity of this technique to detect
dysregulated skin even before stage | ulcers have erupted. We also observed significant changes
in photoacoustic intensity during healing suggesting that this approach can monitor therapy.
These findings were confirmed with histology. These results suggest that this photoacoustic-

based approach might have clinical value for monitoring skin diseases including pressure ulcers.
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5.1 Introduction

Chronic wounds including diabetic ulcers and decubitus ulcers are a pervasive and
expensive health care challenge, but tools to diagnose these wounds before they have erupted
or evaluate deep tissue response to therapy have remained elusive '8 '®_ Chronic wounds cost
the United States medical infrastructure $25B annually with a single diabetic ulcer costing nearly
$50,000'®". These numbers are projected to grow as the population ages. A variety of treatments
have been proposed including advanced wound dressings, skin substitutes, hyperbaric oxygen
therapy, and growth factor-based therapies'®; however these have limited capacity for complete
healing especially in advanced wounds. Several studies have shown that the prevention of
wounds offers significant costs savings versus wound treatment'® 19,

The Healthcare Research and Quality Agency recently estimated that pressure ulcers
exert an annual burden of $9.1 — $11.6 billion on the United States’ healthcare system .
Pressure ulcers consist of necrosis and ulceration'? %, The location of ulceration is where
tissues are compressed between bony prominences and hard surfaces. While pressure is the
main cause, they are also affected by friction, shearing forces, and moisture'*. Common risk
factors include age > 65, impaired circulation/tissue perfusion, immobilization, undernutrition,
decreased sensation, and incontinence®* 1%,

Pressure ulcers are defined by both the depth of ulceration and types of tissue affected
97 In stage |, the epidermis appears reddened and is characterized by non-blanchable erythema
under light pressure. stage Il is defined by ruptured skin and a loss of the epidermis and dermis,
i.e. the formation of a visual ulcer. stage Ill involves full skin loss—the lesion extends to
subcutaneous tissue. Whole skin loss, muscle necrosis, and damage to tendons and joints occur
in stage IV '9%%°_ Ulcer necrosis is attributed to the loss of blood flow under sustained pressure
201, 202

Visual inspection is the standard-of-care for triaging pressure ulcers 2°'. In some cases,

pressure-sensitive devices are used to alert medical staff when a certain pressure threshold is
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exceeded. However, this threshold value is patient-dependent and varies with physiological
metrics such as body mass index. The hematron sensor can measure the thermal conductivity of
skin, which is correlated to blood flow 2%, However, this sensor cannot monitor the progressive
tissue damage that characterizes ulcer development 2. One of the most well-known methods for
pathology detection and tissue characterization is ultrasound elastography 2°°. This method
extends the typical information supplied by ultrasound—a real time, affordable, and non-invasive
modality. Ultrasound elastography is considered an intrinsic factor evaluation to estimate the
stiffness of tissue by measuring strain making it applicable to detection of pressure ulcers 2%. This
method is limited by superficial tissue assessment, artifacts from compression, and examiner
dependency 2. Nixon et al. utilized laser Doppler imaging to validate the clinical grading of
erythema in 37 pressure ulcer patients and showed that this method could monitor a range of
blood flow values for normal skin and areas of erythema '%’. However, the laser Doppler imaging
method suffers from low penetration depth and therefore monitoring the injury on underlying
tissues is impossible. Recently, Swisher et al. used flexible electrode arrays to measure the
impedance correlated with tissue health and wound types in a rat model 2°*. However, this device
is not able to measure the effect of ulcers on subcutaneous fat tissue and muscle.

None of the above methods can monitor the sub-dermal extent of pressure damage in
real-time. If damage to sub-dermal tissue could be identified before it is visible by eye, then ulcer-
associated morbidity and costs could be prevented before they incur. Therefore, improved
methods for detecting the extent of ulceration beneath the skin are of significant interest.

Photoacoustic imaging is a non-invasive and high-resolution technique that combines the
contrast of optical imaging and the resolution of ultrasound technique” *% %, This hybrid imaging
modality offers higher penetration depth with less scatter than optical imaging ’°. In photoacoustic
imaging, the tissue is illuminated by a nanosecond laser pulse. The wavelength is selected based
on the maximum absorption coefficient of the target tissue. The photons absorbed by the tissue

lead to a spatially-confined temperature increases in turn leading to rapid volume expansion and
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photoacoustic pressure waves. The generated photoacoustic signals are detected by wideband
ultrasound transducers*® %, Photoacoustic signals are received and stored after each laser pulse.
Photoacoustic images are produced using various reconstruction algorithms such as delay-and-
sum (DAS)*® or Fourier transform analysis (FTA)"°. Photoacoustic data overlaid on ultrasound
images can report functional information as well as structural details®®.

We hypothesized that the dysregulated vasculature associated with pressure ulcers could
be imaged to study their development and predict eruption. Here, for the first time, we introduce
the use of photoacoustic imaging to detect early-stage pressure ulcers and monitor their

| 200

development across different stages using an established murine model *°. We also utilized this

imaging technique to monitor the healing and therapy associated with pressure ulcer treatment.

5.2 Materials and Methods

5.2.1 Animal Model and Validation

Twenty five nude mice (8-10 weeks, 25-35 g) were purchased from the University of
California San Diego Animal Care and Use Program (ACP). They were kept in separate cages
under a 12-hour light-dark cycle and sterile environment at constant temperature and humidity.
All animal experiments were performed in accordance with NIH guidelines and approved by the
Institutional Animal Care and Use Committee (IACUC) at the University of California, San Diego.

For the surgical implantation of the internal magnet (diameter of 7 mm and thickness of 1
mm, K&J Magnetic, Inc.), mice were anesthetized with 1-2% isoflurane and placed on a heating
bed. The magnet was sterilized via autoclave. The skin was disinfected with povidone iodine at
the surgical site. After creating a 5-mm incision, we placed the sterile magnet under the greater
gluteus muscle ?° and away from the incision. The incision was sealed using topical tissue
adhesive (Abbott Laboratories, IL, USA). We waited ten days for healing to ensure that the

surgical wound did not interfere with the pressure induction site.
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A sterile external magnet (identical to the internal magnet) was then placed on the skin
surface above the implant site at regular intervals. The external magnet was applied in cycles.
Each cycle consisted of 2 hours of magnet-induced pressure followed by 1 hour of release.
Wassermann et al. showed in their model that 4, 6, 8, and 10 cycles were needed to create stage

[, I, 1l, and IV ulcers, respectively, and we followed this protocol 2%°.

Imaging was performed
either between cycles or between stages. Three mice were sacrificed at baseline conditions and
after each stage for histology. The skin and underlying tissue were fixed in buffered 10%

formaldehyde solution. Histological analysis (H&E staining) was performed to stage the ulcer as

an independent method.

5.2.2 Photoacoustic Imaging

We used both laser and LED-based photoacoustic imaging systems to perform all in vivo
procedures. The Vevo LAZR (VisualSonic Inc.) is a laser integrated high frequency ultrasound
system that utilizes a linear array transducer (LZ-550, Fc = 40 MHz) with optical fibers integrated
to both sides of the transducer. For optical excitation, this system uses a Q-switched Nd:YAG
laser (4-6 ns pulse width) with a repetition rate of 20 Hz (frame rate of 6 Hz) followed by an optical
parametric oscillator (tunable wavelength 680-970 nm). The laser intensity on the surface of the
skin was measured at 12.65 + 0.65 mJ/cm? using a laser pyroelectric energy sensor (PE50BF-C,
Ophir LLC, USA).

We also used a LED-based photoacoustic imaging system (CYBERDYNE Inc.) '%’. The
system is equipped with a 128-element linear array ultrasound transducer with a central frequency
of 10 MHz and a bandwidth of 80.9% fitted with two 690 nm LED arrays. The repetition rate of
these LEDs is tunable between 1, 2, 3, and 4 K Hz. The pulse width can be changed from 50 ns
to 150 ns with a 5-ns step size. The LED intensity at 4 K Hz on the surface of skin was measured

at 5.5 pJ/cm? using a photodiode sensor (S120C, Thorlabs Inc., USA). In both systems, the
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transducer can be scanned to generate three-dimensional (3D) images using a maximum

intensity projection (MIP) algorithm.

5.2.3 Quantitative and Statistical Analysis

We collected B-mode photoacoustic/ultrasound images from five different positions above
the target site in each animal before initiating the pressure ulcer model (baseline conditions) and
after each stage. Each B-mode image contains 256 A-line scans (an A-line scan is simply a single
line of collected data). We used 690 nm as the excitation wavelength for all scans. We analyzed
our data using two different categories: photoacoustic intensity and photoacoustic depth. The
intensity was quantified by first converting all photoacoustic data to 8-bit images; the mean values
and standard deviations of the accumulative photoacoustic pixel intensities from 3 mm x 3 mm
regions of interest (ROI; each ROI contained 50 A-line scans) were measured using ImageJ
(Bethesda, MD, USA).

To quantitate the extent of disease, photoacoustic depth was calculated via 10 A-line
intensity profiles from each ROI (every fifth A-line) on all photoacoustic images in all four animals.
For the photoacoustic images, we measured the average and standard deviation of ulcer depths
from ten different A-lines. The error bars in each figure represent the standard deviation from 4

different animals, and P values lower than 0.05 were considered significantly different.

5.3 Results

Pressure ulcers and diabetic foot ulcers are known to dysregulate the vasculature of
tissue, but this dysregulation is often difficult to detect until the lesion has advanced to stage Il or
Il where it has erupted through the skin. Thus, we hypothesized that photoacoustic imaging could
be used to detect early stage lesions because it quantitates tissue absorption including from

hemoglobin and deoxyhemoglobin. This early-stage detection of pressure ulcers could then be
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used to direct treatment and prevent the ulcer from progressing further and disrupting the
epithelial barrier—these ruptured lesions are what cause the long-term complications.
We used a rodent model of human pressure ulcers to validate this imaging modality. There

210212 including swine and rats 2'*2'®. They usually

are several animal models of pressure ulcers
apply pressure on the skin against the underlying bone; however, the use of anesthesia during
this long procedure is the main limitation of this method '°'. This model is limited to stage | ulcers
due to the superficial position of the steel plate under the skin. Wassermann et al. introduced a

chronic pressure model to induce all four stages by implanting a magnet under both the skin and

deeper tissue layers, including muscle (Figure. 1). Their model was verified with histology 2°°.
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Figure 5. 1 Experimental procedures. All animals were anesthetized with 1-2% isoflurane and
placed on a heating bed. The animals were allowed to heal for 10 days after implanting the internal magnet
to ensure that the incision did not interfere with the pressure induction site. To create stage I, II, lll, and IV
pressure ulcers, 4, 6, 8, and 10 cycles were applied, respectively 2%°. Each cycle included 2 hours of
pressure followed by 1 hour of release. Photoacoustic/ultrasound images were acquired at baseline and at
each stage with a 40 MHz transducer. Histology analysis (H&E staining) was used to confirm ulcer stage.

Our first goal was to confirm that the model was created correctly. Figures 2A(i), A(ii),
A(iii), and A(iv) are photographs of the ulcer sites in mice at stages |, Il, lll, and IV, respectively.
These photographs show the effect of ulcers on the skin but not the underlying tissues. These
same animals were then studied with ultrasound/photoacoustic imaging to evaluate the wound

depth. Figure 2B represents the average histogram of five B-mode baseline fields-of-view for four
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animals. All average pixel intensities are lower than 20, and thus we used this number as the
threshold for detecting the presence of ulcers using photoacoustic imaging. The inset in Figure
2B is a baseline photoacoustic/ultrasound image. Figures 2C, E, G, and | show the
photoacoustic/ultrasound image with progression through stages I, Il, lll, and IV respectively.
Figures 2D, F, H, and J are representative photoacoustic A-line profiles (yellow dotted line),
which correspond to Figures 2C, E, G, and I, respectively. Note that the full analysis used 10 line
profiles per image. We considered pixels with an 8-bit photoacoustic intensity > 20 to represent

ulceration of the underlying tissues.
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Figure 5. 2 Evaluation of the photoacoustic response to various stages of pressure ulcers.
(A(i), A(ii), A(iii), A(iv)) Photographs of stage |, Il, Ill, and IV ulcers. B) Average histogram of baseline
photoacoustic pixel intensities. At baseline, all pixel intensities are lower than 20. The inset shows the
photoacoustic/ultrasound image at baseline. C) Ultrasound/photoacoustic image at stage |. D)
Photoacoustic A-line profile for the dotted yellow line in panel C. We defined photoacoustic pixels with
intensities higher than 20 as dysregulated tissue. This was repeated for stage Il (E, F), stage Il (G, H), and
stage IV (1, J). The yellow dotted line shows the A-line profile that was used to quantify the depth of pressure
ulcer at different stages. The blue dotted rectangles show the ROls.
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Figure 3A shows that significant changes in photoacoustic intensity were seen between
baseline (no pressure ulcer) and all four stages (p < 0.05). We found a 4.4-fold increase in
photoacoustic intensity at stage | in comparison to the baseline. We saw no any significant
changes between stages I-IV in photoacoustic intensity. Figure 3B quantifies the photoacoustic
depth effect of the pressure ulcer on the skin and underlying tissues. We measured photoacoustic
ulcer depths of 0.38 + 0.09 mm, 0.74 £ 0.11 mm, 1.63 £ 0.4 mm, and 2.7 £ 0.11 mm for stages |,
I, 1, and IV, respectively. There were significant differences between each stage (p < 0.05). We
also monitored the animal 30, 60, and 90 minutes after stage | to simulate healing/therapy. Figure
3C demonstrates photoacoustic/ultrasound images at 0, 30, 60, and 90 minutes healing after
stage |. Figure 3D quantifies the photoacoustic intensity effect of healing procedure. We observed

significant decrease in photoacoustic intensity after 60 minutes (p < 0.05).
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Figure 5. 3 Quantitative and statistical analysis of photoacoustic data at each pressure ulcer
stage and during healing. A) Photoacoustic intensity as a function of ulcer stage. There was a significant
difference in the photoacoustic intensity at baseline versus stages |, Il, lll, IV. B) Quantitative analysis for
the depth effect at different ulcer stages. Photoacoustic ulcer penetration is significantly different between
stages. C) Ultrasound/photoacoustic image at 0, 30, 60, and 90 minutes after stage | to simulate
healing/therapy. The blue dotted rectangles show the ROIs. D) Photoacoustic intensity as function of
healing time. There was significant change in the photoacoustic intensity after 60 minutes of healing. Error
bars represent the standard deviations among 4 (A and B) and 3 (D) different animals. * indicates p < 0.05.
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These initial data were collected with a laser-based scanner; however, these systems are
bulky, delicate, and expensive. More recently, LED-based photoacoustic imaging system have
offered important improvements in size, cost, and stability * 1726 Thus, we also evaluated these
ulcers with LED-based photoacoustics. Figure 4 shows baseline (top) and stage | ulcers (bottom)
via ultrasound, photoacoustic, and overlay ultrasound/photoacoustic using LED excitation. The
insets in Figure 4B and C are photographs of mice without and with pressure ulcers, respectively.
We observed a 2.5-fold increase in the photoacoustic signal using the LED-based photoacoustic
imaging system at stage |.

These preclinical results suggest that LED-based photoacoustics imaging system (Figure
4) has value for monitoring and staging these ulcers. Photoacoustic imaging is able to measure
the status of underlying tissues without performing any invasive measurements such as histology
(Figure 1, 4, and 5).
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Figure 5. 4 LED-based photoacoustic evaluation of pressure ulcers at stage I. A) B-mode
ultrasound image at baseline conditions when no pressure has been applied. B) B-mode photoacoustic
image at baseline at the same position as panel A. Minor photoacoustic signal is observed from the
epidermis. The photographic inset shows the mouse in absence of ulcer. C) B-mode
photoacoustic/ultrasound overlay at baseline conditions. D) B-mode ultrasound image at stage |. E) B-mode
photoacoustic image at stage | at the same position as panel D. We observed a 2.5-fold increase in
photoacoustic intensity compared to baseline. The photographic inset shows the stage | ulcer. F) B-mode
photoacoustic/ultrasound overlay at stage I. The image depth is 1 cm and the scale bars are 2 mm.
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Our final goal was to monitor pre-stage | ulcers. Thus, we imaged after each of the cycles
between baseline and stage | (Figure 5A). There was no difference in photoacoustic intensity
among the baseline, first, and second cycles. However, there was a significant increase in
photoacoustic intensity between baseline/first cycle/second cycle and third /fourth cycle (p-value
< 0.05) (Figure 5B). Therefore, photoacoustics can detect ulcers prior to the typical stage |
classification. This imaging technique is sensitive enough to detect the mild physiological changes

(Third and fourth cycles) that are not visible to the naked eye (Figure 5B).
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Figure 5. 5 Pressure ulcer detection pre-stage I. A) The experimental procedure. Imaging was
done with laser-based photoacoustic system before starting and after each cycle. B) Photoacoustic data at
each cycle. We observed a significant difference (p < 0.05) in photoacoustic intensity between second
versus third cycle and third versus fourth cycle within stage | pressure ulcers. The insets show the
photograph images of ulcer on animal body after each cycle.

Finally, we validated the model with histology. Figures 6A and B are histological images
of the skin and underlying tissue, respectively, for the baseline condition (no pressure ulcer).
Figure 6C shows histology image of the skin at stage |. The red arrow shows the superficial and
epidermal skin loss in stage |. Figure 6D demonstrates the histology of muscle at stage |I—this is
normal at stage |. Figure 6E, F show histological images of skin and muscle, respectively, at
stage Il. The structure of dermis and epidermis are now disrupted with mild necrosis on underlying

tissues. Stage Il leads to full-thickness skin (Figure 6G) loss (red arrows) and necrotic areas in
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subcutaneous tissue layers (yellow arrows; Figure 6H). By stage IV, all skin was removed (red
arrow; Figure 6l1) with large necrotic regions of muscle (yellow arrow, Figure 6J). This confirmed
that we the imaging data reflects dysregulated biology via the four-stage pressure ulcer from the

Wassermann model 2.

Figure 5. 6 Histological evaluation of pressure ulcer induction model. A) Histology of skin
samples for control animals. Typical structure of epidermis and dermis are shown here. B) Histology of
muscle sample for control animals. C) Histology of skin sample for the animals with stage | ulcers. The
superficial and epidermal skin loss in stage | is shown using a red arrow. D) Histology of muscle sample for
the animals with stage | ulcers. No sign of ulcer was found on muscle tissue in stage | of the pressure ulcer.
E) Histological images from skin at stage Il. The red arrow shows the disruption in the structure of dermis
and epidermis. F) Histological image from the muscle. Light necrosis on muscle histology image is observed.
G) Histology image of skin in stage lll of pressure ulcer. Full loss of epidermis and dermis are the
consequences of this stage of ulcer on the skin. H) Muscle histology at stage Ill of the pressure ulcer. The
yellow arrow shows the increased of necrosis on underlying tissues. |) Histological image of skin in stage
IV of ulcer. Full skin was removed as the red arrow represents. J) Histology of muscle sample for stage IV
animals. Large necrotic regions of the muscle are shown using yellow arrows.
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5.4 Discussion

Pressure ulcers are debilitating and can significantly impair quality of life'®®. They are
associated with loss of pain sensation and disordered circulation 2 2'®_ The gold standard to
preventing pressure ulcers include regular patient turning/repositioning'®. However, there are
relatively few tools for molecular-level insight into when to reposition and who to reposition. This
work describes a non-invasive, high resolution imaging technique that utilizes photoacoustic
signal to detect pressure-induced tissue damage in a nude mouse model in vivo and may have
utility in predicting the timing of repositioning.

We utilized both the intensity of photoacoustic signal as well as the depth of the
photoacoustic signal to characterize ulceration (Figures 2, 3). We and others have shown that
the photoacoustic signal changes can report the presence of inflammation and erythema??* 22",
The photoacoustic depth penetration can distinguish the degree of injury analogous to
conventional staging of pressure ulcers. Surprisingly, the signal intensity had less utility in
differentiating ulcer stage; however, we can quantify the level of injury by calculating the position
of high-intensity (bit depth >20 (8-bit images)).

We used both laser and LED-based equipment. While the laser-based system has more
power and higher resolution, LED-based equipment offers significant cost advantages that might
aid in clinical translation'®” ?'®. The results of LED-based photoacoustic imaging (Figure 4) could
easily discriminate between different stages. More importantly, this equipment had sufficient
sensitivity to detect the mild physiological changes associated with pre-Stage 1 lesions that are
not visible to the naked eye (Figure 5B). The value of imaging is that it offers a 3D map of the
underlying tissue without invasive measurements such as histology (Figure 1, 4, and 5).

Several imaging techniques have been used for monitoring the pressure ulcers: laser
Doppler imaging'¥’, fluorescence imaging®®, ultrasound imaging®®®, magnetic resonance
imaging®*, and hyperspectral imaging®®. They all have their own specific limitations. Laser

Doppler, fluorescence, hyperspectral imaging are optical techniques and suffer from low
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penetration depth. Thus, these approaches cannot monitor the progress of injury and healing in
underlying tissues and muscles'®” 222 22° Aoj et al., used conventional ultrasound to monitor the
pressure ulcers longitudinally. They concluded that imaging of the discontinuous fascia and
heterogeneous hypoechoic area could predict future progression of pressure ulcers®?. However,
this technique lacks contrast and cannot monitor the dysregulated vasculature associated with
pressure ulcers. Magnetic resonance imaging has been used to evaluate pressure ulcer in making
clinical decisions?®, but is costly and time-consuming. Photoacoustic imaging provides high
spatial and temporal resolution as well as sufficient penetration depth for monitoring ulcers. It is
also well-suited for multimodal imaging via several other techniques. We used photoacoustic in
combination with ultrasound to add contrast to the data.

Photoacoustic approach does have some limitations. First, it is difficult to image through
bones, and bones can cause reflections®?’. Second, the amplitude of the photoacoustic signal
from deep tissues might not represent the severity of ulcer (Figure 3A). This is because
photoacoustic signal is directly related to the intensity of incident light on tissue: Deep tissues
receive less light due to optical absorption and scattering 2 22°. This could potentially be solved
with image-processing tools than compensate for this reduced fluence %232, Fortunately, we can
also circumvent this by quantitating photoacoustic signal depth (Figure 3B), which does
correspond to stage. Third, questions always exist about how well murine models recapitulate
human disease; however, the model used here was confirmed histologically to present a
phenotype consistent with human ulcers. We also used spectral photoacoustic imaging to
measure the oxygen saturation among the different ulcer stages (data not shown). Somewhat
surprisingly, there was no trend across stages perhaps because of spectral changes in the
epidermis due to scabbing and scarring. This shifting baseline might affect the accuracy of oxygen

saturation measurements in vivo.
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5.5 Conclusion

There is a clinical need for a noninvasive technique that can detect early tissue damage
that would otherwise go unnoticed. For the first time, we introduce photoacoustic imaging as a
non-invasive tool that can be utilized to detect pressure ulcers before stage |. Here, we used a
published protocol to produce pressure ulcers in nude mice. We observed significant changes in
photoacoustic intensity even before stage | of pressure ulcer. We also showed that the stage of
ulceration can be determined by quantifying the depth of photoacoustic signal from the injury. We
also observed that photoacoustic imaging can monitor ulcer healing suggesting potential clinical
value in monitoring therapeutic response.

Chapter 5, in full, is a reprint of the material as it appears in Wound Repair and
Regeneration, 27, no. 5 (2019): 488-496. Ali Hariri, Fang Chen, Colman Moore, Jesse V. Jokerst.

The dissertation author was the primary investigator and author of this paper.
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Chapter 6 Polyacrylamide Hydrogel Phantoms for Performance

Evaluation of Multispectral Photoacoustic Imaging Systems

As photoacoustic imaging (PAI) begins to mature and undergo clinical translation, there is
a need for well-validated, standardized performance test methods to support device development,
quality control, and regulatory evaluation. Despite recent progress, current PAl phantoms may
not adequately replicate tissue light and sound transport over the full range of optical wavelengths
and acoustic frequencies employed by reported PAI devices. Here we introduce polyacrylamide
(PAA) hydrogel as a candidate material for fabricating stable phantoms with well-characterized
optical and acoustic properties that are biologically relevant over a broad range of system design
parameters. We evaluated suitability of PAA phantoms for conducting image quality assessment
of three PAI systems with substantially different operating parameters including two commercial
systems and a custom system. Imaging results indicated that appropriately tuned PAA phantoms
are useful tools for assessing and comparing PAI system image quality. These phantoms may

also facilitate future standardization of performance test methodology.
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6.1 Introduction

Photoacoustic imaging (PAI) is a rapidly emerging technique for mapping light absorption
by hemoglobin and deoxyhemoglobin to produce images of vascular morphology and blood
oxygen saturation #**. PAl has shown great potential to provide new functional and molecular
imaging biomarkers for many clinical applications including breast cancer detection, oximetry, and
surgical guidance, as well as for preclinical research 2*42%_ Different imaging applications often
require substantially different system designs, which has resulted in a wide variety of system
designs described in the literature or currently being sold for preclinical research applications.
However, it is unclear how best to objectively and quantitatively evaluate a particular device
design and assess its suitability for a given application. There is an outstanding need for well-
validated and standardized performance test methods that are suitable for evaluating
performance of many types of PAI devices.

Tissue-simulating phantoms play a critical role in medical imaging system development
and image quality assessment and often form the foundation of consensus test methods
established for mature medical imaging modalities such as ultrasound 2**2*', Such test methods
enable device design optimization, calibration, constancy testing, quality management systems,
regulatory decision-making, and accreditation programs. One key challenge for PAIl is the need
for tissue mimicking materials (TMMs) that simultaneously possess optical properties and
acoustic properties that are tunable over a biologically relevant range. An ideal phantom would
also accurately mimic tissue over a broad range of optical wavelengths and acoustic frequencies.
Unfortunately, many materials described in the literature are characterized over a narrower
acoustic frequency range (~1-10 MHz) while PAI systems are available over a broader range (~1-
40 MHz). Notably, current IEC standards for ultrasound phantom test methods limit their scope to
devices operating over 1-15 MHz. Phantoms described in the literature are also often tailored to
a specific instrument and may not be suitable for a wide range of different PAI device designs or

configurations, which may hamper device intercomparison and result in duplication of effort
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among researchers and device developers. The availability of phantoms based on well-
characterized TMMs suitable for many device designs would provide investigators, instrument
manufacturers, and regulatory agencies with well-validated tools to assess device performance.

Performance evaluation of PAI devices has been conducted using many materials

including ex vivo tissue 2*2%*; lipid emulsions such as Intralipid®*®; hydrogels such as gelatin 2*°,

247-252 254, 255.
)

agar/agarose , and polyvinyl alcohol (PVA) 2%; polyvinyl chloride-plastisol (PVCP)

paraffin gel wax 2°% 2%"; and styrene-ethylene/butylene-styrene copolymers 2%, Ex vivo tissue is
generally undesirable for standardized image quality test methods due to its variable properties
and morphology, heterogeneity, poor reproducibility, and short shelf life. Intralipid is commonly
used in optical phantoms but possesses lower acoustic attenuation than tissue 2*°. Hydrogel-
based TMMs offer easy preparation and fabrication, tunable composition, and good dopant
miscibility but typically suffer from poor shelf life and low mechanical strength. PVA cryogels with
adjustable stiffness and turbidity can be formed through repeated freeze-thaw cycling. However,
the optical and acoustic properties cannot be tuned independently, and slow dye migration from
solid inclusions has been reported %°. Elastomers such as polyurethane or polydimethylsiloxane
(PDMS) have been used for ultrasound imaging phantoms, but some of these materials may not
accurately mimic the acoustic properties of soft tissues 2°® 2", Recently, promising non-aqueous
materials have been specifically developed as photoacoustic TMMs such as gel wax %" and
polyvinyl chloride plastisol (PVCP) %224 These materials have been shown to possess relatively
high mechanical strength and optical tunability, and acoustic tunability has been demonstrated in
PVCP for breast-mimicking formulations. However, the acoustic properties of these TMMs at
higher frequencies (e.g., > 15 MHz) have not been reported and may be more highly attenuating
than some soft tissues other than breast. These materials also typically require high preparation
temperatures, potentially limiting compatible dopant options.

Polyacrylamide (PAA) is a hydrogel that has been used previously for ultrasound phantom

TMMs, including in Zerdine® (CIRS, Inc., Norfolk, VA), a commercially available TMM 2°. PAA
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offers simple preparation, short curing times, low viscosity (thus good dopant miscibility), reduced
bacterial infiltration 2°°, and longer shelf life. PAA may also provide greater mechanical strength
and robustness than agar/gelatin hydrogels due to the use of cross-linking polymerization instead
of a thermal gelation process. A high degree of optical and acoustic tunability is expected 267270,
While the acrylamide polymerization reaction is exothermic, PAA has lower preparation
temperatures than PVCP and gel-wax phantoms. Like other hydrogels, PAA is still subject to
desiccation and should be sealed to maximize product lifetime. While concerns have been raised
regarding toxicity of potential residual acrylamide monomer %', this risk is mitigated through
proper safety procedures during production and appropriate design of sealed phantom housings.
PAA blocks have been used in photoacoustic contrast agent studies, but the phantom optical and
acoustic properties were not adjusted to provide biologically relevant background 2" 2’2, To the
best of our knowledge, PAA has not been used to build image quality phantoms suitable for PAI.

Our overall goal is to develop stable, well-characterized, tunable, and biologically relevant
phantoms with broad tunability for a wide array of PAI devices. To this end, our study objectives
were to develop and characterize PAA as a new photoacoustic TMM, construct PAA image quality

test phantoms, and demonstrate utility through image quality testing of three different PAI systems.

6.2 Methods and Materials

Given the wide variety of PAl applications, TMMs for PAl should offer highly tunable optical
and acoustic properties in order to adequately mimic different specific tissues or to represent
generic tissue-like conditions. Most photoacoustic TMM development has focused on producing
phantoms with biologically relevant optical absorption coefficient (, optical reduced scattering
coefficient (, speed of sound (, and acoustic attenuation coefficient () ?®>. In this study, we aimed
to produce a TMM with broad optical and acoustic tunability and to mimic a generic soft tissue.
The target and values at 800 nm were 0.1 cm™ and 10 cm™, respectively, which are generally

similar to soft tissues 2’°. The target was 1,540 m/s as taken from ultrasound standards 24 274
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however, selecting an appropriate target was challenging due to the wide range of transducer
frequencies employed by the PAI systems tested in this study. To ensure phantoms were
biologically relevant, yet not overly attenuating at higher frequencies (beyond our current

characterization equipment’s range), we chose a target of 0.2 dB/cm/MHz.

6.2.1 Polyacrylamide Preparation

Polyacrylamide (PAA) hydrogels are formed through crosslinking copolymerization of
acrylamide and N,N’-methylene bisacrylamide in aqueous solution 2’°. A 40% w/v acrylamide
solution containing 19:1 acrylamide:bisacrylamide (AM9024, Thermo Fisher Scientific, Inc.,
Waltham, MA) was diluted in deionized water, and ammonium persulfate (APS) solution (A7460,
Sigma-Aldrich, Inc., St. Louis, MO) was added to initiate the polymerization. The solution was
degassed in a steel vacuum chamber for 1 hour and then N,N,N’,N’-tetramethylethylenediamine
(TEMED, Sigma-Aldrich) was added to accelerate free radical formation from APS. TEMED was
used within 10 months of purchase. The PAA solution was then mixed, immediately poured into
phantom molds, and cured at room temperature for 1 hr, with solidification occurring within 5 min.

Phantoms were manually tumbled during curing to minimize gravitational settling of dopants 2’®

277

6.2.2 TMM Characterization

To evaluate the acoustic property tunability of PAA, acoustic properties were first
measured in samples with varying acrylamide concentration of 8-20% w/v. The base PAA
hydrogel does not impart significant acoustic scattering, and thus we increased acoustic
attenuation and backscattering by doping 12% w/v acrylamide samples with soda lime glass
beads at concentrations of 0-10 mg/mL (38-63 um diameter, Potter Industries LLC, Malvern, PA).
This ensures that the phantoms are also suitable for bimodal ultrasound and photoacoustic
278, 279

imaging . PAA acoustic properties were characterized using a broadband through-
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transmission substitution technique 28 281

in a tank containing deionized, degassed water. This
technique has been previously validated against time-delay spectrometry measurements 22, PAA
samples were cured in nontreated tissue cell culture flasks (087721J, Thermo Fisher Scientific)
as shown in Figure 1A. Flasks were placed in a water bath between a pair of co-axially aligned
broadband transducers (A313S-SU, Olympus, Inc., Waltham, MA) with one transducer acting as
a transmitter and the other as a detector. Both transducers had 15 MHz center frequencies and
0.63 cm diameters. Transducers were connected to a pulser/receiver (Panametrics 5900PR,
Olympus) and received ultrasound signals were digitized at 2.5 GHz using an oscilloscope

(MDO3054, Tektronix, Inc., Beaverton, OR). An average of 512 measurements was taken at each

of 4-6 locations per sample. Group velocity in the sample, , was calculated as

(1)

where is the speed of sound in water, is the transit time delay between the two
measurements, and is the flask thickness. The acoustic attenuation coefficient vs. frequency, in

dB, was calculated as

(@)

Where is the power spectrum measured through a PAA-filled flask and is the acoustic
power spectrum measured in a water-filled flask. This approach cancels out acoustic transfer
characteristics of the flask walls, assuming that differences in acoustic impedances between the
gel and water were small enough that differences in transmission coefficients could be neglected.
For a gel sample in water, if the differences in and density between gel and water are less than
7% and 20%, respectively (both true in these experiments), then it can be shown the product of

intensity transmission coefficients at both interfaces exceeds 95% 2. Attenuation coefficient
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spectra were fitted to the power-law relationship over the range from 6-18 MHz where and n are
fitting parameters.

To characterize acoustic backscattering, ultrasound images of PAA samples with varying
glass bead concentrations were acquired using FDA’s custom PAIl system (see Section 2.6).
Mean image amplitude was measured over a 12 mm x 15 mm (width by height) region of interest
(ROI) and compared against similar measurements in a commercial tissue-mimicking ultrasound
phantom (Model 040GSE, CIRS, Inc., VA) ?®3. Image acquisition and display settings were fixed
for both phantoms.

To produce phantoms with biologically relevant optical properties over a broad range of
wavelengths, PAA was doped with India ink (Super black India ink, Speedball Art Products Co.,
NC) and anatase titanium dioxide (TiO., 232033, Sigma-Aldrich). These dopants are commonly
used in both optical and PAI phantoms, including hydrogels 24 285, These TiO; particles have an
average diameter of 550 nm in water 2%, Samples comprising 12% w/v PAA were doped with
0.004 — 0.010% v/v India ink or 0.4 — 1.2 mg/mL TiO.. Samples were prepared in C-shaped molds
with 38.4 mm diameter and 2.5 mm thickness, which were glued between a pair of 75 mm x 50
mm x 1 mm glass slides with an assumed refractive index of 1.5 (Figure 1B). Total transmittance
and diffuse reflectance of samples were measured over 400-1100 nm using an integrating sphere
spectrophotometer (Lambda 1050, PerkinElmer, MA). and were calculated from these data using
the inverse adding-doubling (IAD) algorithm 2%¢. Sphere measurements were calibrated using a
Spectralon 99% reflectance standard (Labsphere, Inc., Sutton, NH), and transmittance and
reflectance baselines were measured following the IAD manual ?®’. Sample thickness was
measured using digital calipers with 0.02 mm resolution, subtracting the thickness of the glass
slides. The 2.5 mm sample thickness is appropriate for IAD and consistent with previous studies
288,289 Because unaccounted light losses can cause IAD to overestimate absorption, values
were calibrated against a 12% PAA sample with 2 mg/mL TiO, but no ink, which was assumed to

have absorption equal to that of water 2°°. Sample scattering anisotropy factor and refractive index

82



were assumed to be 0.9 and 1.34, respectively. Varying anisotropy factor from 0 to 0.9 in a
representative PAA dataset varied pa (800 nm) and ps’ (800 nm) by + 3% and + 2%, respectively.
PAA refractive index at 589 nm has been reported as 1.35 2°!, and may be slightly lower in the
NIR assuming normal dispersion similar to water *®. Varying refractive index from 1.33-1.35 led
to changes in pa (800 nm) and ps’ (800 nm) of + 5% and £ 0.2%, respectively.

Ideally, image quality phantoms should offer high mechanical durability and stability of
intrinsic properties over time. We prepared optical and acoustic characterization test samples as
described above and measured their optical or acoustic properties at 1 day, 8 weeks, and 12
weeks post-fabrication. Optical stability was measured in a set of six 12% w/v PAA samples each
containing 0.7 mg/ml TiO2 and 0.0045% v/v India ink. Acoustic stability was measured in a set of
seven 12% w/v PAA samples containing 0-10 mg/ml glass beads to assess dependence of
stability on potential glass bead settling. All samples were stored at room temperature and
pressure. Samples were weighed at each measurement timepoint to monitor mass loss over time.
Average and standard deviation of sample mass, optical properties, and acoustic properties was

computed per timepoint, and comparisons between timepoints were made using student’s t-test.

6.2.3 Phantom Imaging and Image Analysis

To demonstrate utility of PAA phantoms, we sought to evaluate image quality of three PAI
instruments using phantoms formed in 7 cm x 7 cm x 6 cm acrylic molds (Figure 1C). We
constructed two image quality phantoms: 1) a “resolution” phantom intended to quantify axial and
lateral spatial resolution, and 2) a “penetration” phantom intended to quantify maximum depth of
visualization. The resolution phantom contained a column of 50 ym diameter black nylon
monofilament sutures (Teleflex Medical OEM, Gurney, IL) at depths of 5-35 mm (Figure 1D). The
penetration phantom contained an array of light-wall polytetrafluoroethylene tubes (Component
Supply Co., Sparta, TN) at depths of 5-35 mm (Figure 1E). In both phantoms, the first five targets

in depth were spaced closer together to ensure a sufficient number of targets in the field of view
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for high-frequency PAIl systems, while the deeper targets were more sparse to cover low-
frequency systems. Tubes were filled with India ink solutions with three different values of 8 cm’
' 4cm™ and 2cm™. Here, 4 cm™ represents the expected of hemoglobin at 800 nm (an isosbestic
point) for a total hemoglobin concentration of 13.9 g/dL, which is within the normal ranges for
adult males (13.5 — 17.5 g/dl) and females (12 — 16.0 g/dl) 2*2. A value of 2 cm™ thus represents
a low-contrast scenario such as anemia (~7 g/dl) while 8 cm™ represents a high-contrast scenario
such as using a contrast agent. PAA phantoms were fabricated from a 400 mL batch of solution
using a final recipe of 12% w/v acrylamide, 0.08% w/v APS, 0.2% v/v TEMED, 0.7 mg/ml TiOg,
0.00225% v/v India ink, and 6 mg/ml glass beads. Phantoms took approx. 5 min to solidify and
were allowed to cure for 1 hr, with a maximum surface temperature of 46°C as measured by an

infrared thermometer.
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Figure 6. 1 TMM phantoms in different configurations. PAA gels were cured in (A) nontreated
tissue cell culture flasks and (B) C-shaped molds glued between a pair of glass slides for acoustic and
optical characterization, respectively. Photograph of the penetration phantom (C). Schematics of the
resolution phantom containing a column of 50 ym-diameter nylon filaments (D) and penetration phantom
containing an array of ink-filled tubes (0.56 mm inner diameter, 0.71 mm outer diameter) (E). Imaging was
performed from the top surface in each phantom.

We used these PAA phantoms to conduct a multi-site phantom-based image quality
assessment of three different PAI systems including a custom system located at FDA and two
commercial systems at UCSD %7263 2% Figure 2 shows transducer and light delivery geometries
for each system. The custom system combines an optical parametric oscillator (OPO) delivering
5 ns pulses at 10 Hz pulse repetition rate, 690-950 nm tunable wavelength, and 8-10 mJ/cm?
radiant exposure (Phocus Mobile, Opotek Inc., CA) with a 128-channel ultrasound acquisition
system (Vantage 128, Verasonics Inc., WA). PAl was performed with a 7 MHz linear array

transducer covered in aluminum foil and placed in contact with the imaging surface (L11-4v,
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Verasonics) and a 5 mm x 40 mm elliptical optical beam aligned adjacent to the transducer. The
foil reduces light absorption at the transducer face, which generates unwanted photoacoustic
image clutter. Image reconstruction was performed using a proprietary pixel-oriented delay and
sum algorithm from Verasonics ?°*, and images were pulse energy-compensated using an internal
energy meter.

UCSD’s available systems included an AcousticX (CYBERDYNE Inc., Japan) and a Vevo
LAZR (FUJIFILM VisualSonics, Inc., Ontario, Canada). The AcousticX performs optical excitation
using high-density arrays of high-power light-emitting diodes (LEDs) attached to either side of a
10 MHz linear array transducer. LED output has adjustable pulse duration (50-150 ns) and pulse
repetition rate (up to 4 kHz). Several swappable LED arrays are available in various wavelengths
or pairs of wavelengths; in this study we used 850 nm LED arrays. Image reconstruction was
performed using built-in Fourier transform analysis. The Vevo LAZR is an OPO-based system
delivering 4-6 ns pulses at 20 Hz repetition rate, 680-970 nm tunable wavelength. Several linear-
array transducers are available at different center frequencies (15, 21, 30, and 40 MHz), and each
transducer includes an integrated housing containing optical fiber bundles. Preliminary phantom
measurements indicated poor target detectability in phantoms using the 21, 30, and 40 MHz
probes (data not shown), possibly due to higher acoustic scattering of PAA. Thus, phantom

imaging was performed only using the 15 MHz probe (LZ201) in this study.
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Figure 6. 2 Schematics of transducer and light delivery geometries. (A) custom system, (B)
AcousticX, and (C) Vevo LAZR.

While the three PAI systems have different configurations and software settings, we
developed a general set of imaging guidelines intended to standardize data collection across
systems. Transducers were coupled to the phantom with ultrasound gel and aligned such that
target filaments or tubes were normal to the image plane. Energy was set to maximum output,
and imaging was performed at 850 nm. Images were acquired at five locations in each phantom
following ultrasound test method recommendations 2%°. At 850 nm, the radiant exposures for the
custom and Vevo systems measured with a 3.5 mm aperture were approximately 8.0 + 0.4 mJ/cm?
and 8.6 + 0.3 mJ/cm?, respectively. The AcousticX output was set to maximum energy at 4 kHz ,
which produced a radiant exposure of 28 + 0.2 pyJ/cm? measured with a 12 mm aperture (a larger
aperture was needed to measure lower pulse energies). For penetration phantom imaging, the

tube array was filled sequentially with India ink solutions with = 2, 4, or 8 cm™. Channels were
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rinsed with water between solutions. Reconstruction speed of sound was fixed at 1,540 m/s for
all systems.

Imaging phantoms were constructed at FDA, weighed, and then imaged using the custom
PAI system. Phantoms were packaged in sealed plastic bags and delivered to UCSD by
commercial passenger air transport (i.e., stored in the passenger cabin to avoid possible
temperature and pressure differences in the cargo hold). On arrival, phantoms were inspected for
damage and weighed to check for desiccation during shipment. Imaging was then performed on
the AcousticX and Vevo LAZR systems following the same data acquisition protocol used with
the custom system.

Photoacoustic images are typically log compressed to reduce dynamic range of the data
and thus improve image visualization by a human reader. However, user-adjustable display
settings such as display dynamic range, gain, time-gain compensation, log compression, and
thresholding can change image content and thus affect image quality metrics. In this study we
evaluated both the preprocessed image data (referred to here as linear amplitude images) and
the processed, log-compressed 8-bit images (referred to as displayed images). Following
recommendations from ultrasound image quality standards, we selected display settings such
that images were not saturated and background was not clipped, and kept display settings fixed
during image quality analysis 4" 2™,

To quantify spatial resolution, a 2 x 2 mm rectangular region of interest (ROI) was drawn
over each imaged filament target in linear amplitude images. Vertical and horizontal amplitude
profiles intersecting with the maximum amplitude pixel within the ROl were used to calculate the
axial and lateral resolution based on the full width at half maximum (FWHM) or -6 dB width ?°. To
evaluate maximum imaging depth, 1 x 1 mm ROls were drawn over tube targets and equal-sized
background ROls were drawn 2 mm to the right of each target. Image quality metrics including

signal-to-noise ratio (SNR), contrast-to-noise ratio (CNR), signal-to-background ratio (SBR), and
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contrast ratio (CR, in dB) for each target using either the linear amplitude image, , or the displayed

image, . These metrics may be written as:

—A A A
SNRlinear = At CNRlinear = At . SBR/inear =— CRlinear = 20 logIO —-
o o A A
A,b Ab b b (3)
D -D D
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Where and are average target ROl values, and are average background ROI values,
and are standard deviations of the background ROI values, and is the display dynamic range in
dB '43:2%4.274.2% gome correlations are evident between these metrics. For example, is expected
to be similar to because its definition inverts the linear lookup table that converts log-compressed
image data to 0-255 pixel values. Also, given values of any two of , , and , the third metric may be

determined via the following relationship:

(4)

This relationship also illustrates how CNR captures both the effects of target contrast
through SBR and background variation through SNR. Despite these correlations, our intent was

to evaluate and compare results to determine the most appropriate use of these metrics.

6.3 Results

6.3.1 TMM Properties

The acoustic properties of the various PAA formulations are shown in Error! Reference s
ource not found.. Both and significantly increased with acrylamide concentration. Acoustic
attenuation was linear with PAA concentration up to 16% PAA (R? > 0.97), with 20% PAA samples
having higher attenuation than expected from a linear fit. PAA hydrogels with very high acrylamide
concentration became significantly stiffer, but these samples were also less homogenous as

evidenced by hazy streaks and interfaces. This heterogeneity may be due to uneven heating and
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crosslinking during the exothermic polymerization reaction %°° 2%, As expected, increased with
glass bead concentration, but did not significantly change (data not shown). Therefore, we could
tune by varying acrylamide concentration, then tune by varying glass bead concentration. PAA
samples doped with glass beads produced significant acoustic backscattering as seen in the B-
mode ultrasound images (Error! Reference source not found.). Quantitative analysis of u
ltrasound images indicated that PAA with a glass bead concentration of 6 mg/ml produced similar
ultrasound image amplitudes as the commercial reference phantom. This concentration was
much lower than that used in previous PVCP phantoms 2%, which may be due acoustic
attenuation in PVCP, greater acoustic mismatch between the particle and medium, or differences
in particle aggregation. Based on acoustic characterization experiments, we selected a
formulation comprising 12% w/v acrylamide and 6 mg/ml glass beads for further phantom

development.
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Figure 6. 3 TMM acoustic properties. Effect of PAA concentration on (A) and (B). (C) shows
for various glass blead concentrations. Error bars omitted for clarity; typical standard deviations for and
were < 1 m/s and < 5%, respectively.
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Figure 6. 4 Quantitative analysis of ultrasound images with a glass bead. (A) Ultrasound
images of the CIRS reference phantom and PAA sample with 6 mg/ml glass beads. Yellow boxes denote
measurement ROls. Scale bars =5 mm. (B) Mean ROI amplitude vs. glass bead concentration compared
to the reference phantom (dotted line).

The and spectra of PAA hydrogels were readily tuned using India ink and TiO. (Error! R
eference source not found.). A high degree of linearity of optical properties with respect to
dopant concentration was observed for both India ink and TiO2. These curves were used to fine-
tune PAA to match targeted property values. As expected, India ink produced relative flat spectra
except for the increased absorption due to water absorption above 925 nm. TiO; produced
spectra showing a monotonic decrease with wavelength.

PAA samples measured over time showed good resistance to desiccation with no
statistically significant mass loss after 8 weeks and <1% mass loss over 12 weeks. This may be
attributed in part to the samples being stored in airtight containers needed for water bath
immersion in acoustic characterization experiments. This housing approach is consistent with
commercial hydrogel phantom designs that typically use a thin plastic membrane or “acoustic
window” to seal the hydrogel from the environment but allow high ultrasound transmission through
the imaging surface. After 12 weeks, there was a small but statistically significant decrease in
speed of sound of 4.1 £ 1.2 m/s (0.2 £ 0.07%). Acoustic attenuation was highly stable, with at 10

MHz decreasing by 0.02 £ 0.038 dB/cm (1.4 + 2.8%) over 12 weeks. These variations are within
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acoustic property tolerances recommended in the ultrasound standard IEC 61391-1:2017 (+
10%)?*°. Optical properties showed greater variation, but no significant trends were observed with
time. At 12 weeks, was 11 + 1.6% lower (averaged over 700 — 950 nm), and was 0.2 + 1.8%
lower. This variation may be partly attributed to uncertainty in the integrating sphere

measurements and the IAD calculations.
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Figure 6. 5 TMM optical properties. PAA (A) and (B) spectra as a function of India ink and TiO2
concentration, respectively. Discontinuities at 840 nm are due to spectrophotometer switching between
visible and near-infrared detectors and slits.

6.3.2 Image Quality

Resolution phantom results with the three PAI systems are shown in Error! Reference s
ource not found.. Field of view varies between systems due to differences in transducer standoff
distance from the phantom surface, as well as acoustic receive data sampling limitations. Axial
and lateral FWHM measurements were generally constant with target depth, indicating proper
image reconstruction and focusing (Figure 6D and 6E). FWHM values increased and became
noisy for deeper targets, which is due to loss of contrast. As shown in Figure 6D, axial resolution
improved with increasing transducer center frequency (and thus bandwidth), with depth-averaged
values of 0.320 mm (custom system, 7 MHz), 0.245 mm (AcousticX, 10 MHz), and 0.148 mm
(Vevo, 15 MHz). This trend is expected because axial resolution is primarily determined by

transducer bandwidth 262,
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Unexpectedly, the opposite trend was observed for lateral FWHM measurements, with
lateral FWHM increasing with transducer center frequency (Figure 6H). Lateral resolution will
generally depend on acoustic aperture length and wavelength as well as adequate focusing
settings, such as optimal selection of reconstruction speed of sound. Per our imaging protocol,
reconstruction speed of sound was locked at 1,540 m/s for consistency, rather than allowing user
adjustment during testing. However, the measured lateral FWHM for the Vevo LZ201 transducer
of 0.52-0.81 mm was consistent with our previous measurements using a line-pair target (0.59-
0.75 mm), indicating good agreement between point spread function and bar chart approaches
107. 293 The higher acoustic scattering of PAA at high frequencies may have also affected
resolution performance. Finally, the 100 pm-thick plastic acoustic window is on the order of the
Vevo system’s axial resolution and may have caused focusing aberrations. Reflections due to this
membrane are also present in the AcousticX and Vevo images because they operate with a

standoff distance (unlike the custom system).
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Figure 6. 6 Representative ultrasound and photoacoustic images of the resolution phantom
using the custom system (A, D), AcousticX (B, E), and Vevo LAZR (C, F). Measured axial (G) and lateral
(H) FWHM vs. depth for each system. Scale bars = 5 mm. Display dynamic range: custom system (US =
80 dB, PAI = 40 dB), AcousticX (US = 70 dB, PAI = 35 dB), Vevo LAZR (US = 70 dB, PAI = 45 dB).

Representative images of the penetration phantom for each PAI system and target
absorption level are shown in Error! Reference source not found.. These images as shown are o

ptimized for image quality analysis, not human readability, which explains the stronger

94



background and apparent lower image contrast. Generally, clear qualitative differences in imaging
depth were observed across systems and target. Several artifacts were present in the images.
The custom system produced near-field clutter due to optical absorption at the
transducer/phantom interface while the AcousticX and Vevo systems, which operate with the
transducer above the phantom surface at some standoff distance, produced horizontal line
reflection artifacts. Reflection artifacts were also seen beneath tubes; both artifacts are likely due
to photoacoustic signals generated at the transducer surface traveling downward and reflecting
off the phantom surface or tubes, which doubles the time of flight and the resulting depth

determined by image reconstruction.
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Figure 6. 7 Ultrasound and photoacoustic images of penetration phantom filled with India ink
solutions at =8 cm™, 4 cm™, or 2 cm™, acquired by the custom system (A-D), AcousticX (E-H), and Vevo
LAZR (I-L). Yellow arrows denote visible targets. Scale bars =5 mm. Display dynamic range: custom system
(US =80 dB, PAI = 50 dB), AcousticX (US = 70 dB, PAI = 33 dB), Vevo LAZR (US = 70 dB, PAI = 36 dB).

96



Image quality metrics computed on linear amplitude images are shown in Error! R
eference source not found.. was omitted as trends vs. depth were similar to those of CNR but
with slightly higher values (per Equation 4). produced a log-linear decrease with depth because,
unlike other metrics, it is expressed in dB (and is also the expression of in dB). The custom
system had the highest values for all metrics although the curves plateaued for shallow targets
as clutter reduced contrast and increased background variation. This pattern may be also be
attributed to the in-plane fluence distribution caused by an adjacent beam geometry, which has a
somewhat flatter distribution over depths of 0-1 cm, while the other systems may have produced
exponential fluence distributions directly beneath the beam ?°’. As expected, metrics increased

with target , although this increase was not always linear.

97



Custom System B AcousticX Vevo LAZR

C
60- 60- 60- - p,=2cm”’
= 507 I Z 50 Z 507 * p=4cm’”
5 40- & 40 § 40 A
) Q [ - =8cm
£ 30 £ 30- £ 301 Ha
Z 20 Z 201 Z 201 .
10+ 10+ 104 ; t
0 T T T 0 T - T T T 1 0 T T m T 1
0 5 10 15 20 25 30 0 5 10 15 20 25 30 0 5 10 15 20 25 30
Depth (mm) Depth (mm) Depth (mm)
D F
304 30-
-+ 25 - 251
& 204 § 20
S ac £ 45
o 15 oz 15
m 10- ; m 104
7} . 77 i
51 5 ;
0 T . T T T ] 0 T T T T T | 0 T T T T T ]
0 5 10 15 20 25 30 0 5 10 15 20 25 30 0 5 10 15 20 25 30
Depth (mm) Depth (mm) Depth (mm)
G H |
354
— 30-
T 25-
5 201
£ 15
404
3 10 L
5. "

0 — 0 — 0 —
0 5 10 15 20 25 30 0 5 10 15 20 25 30 0 5 10 15 20 25 30
Depth (mm) Depth (mm) Depth (mm)

Figure 6. 8 Calculated image quality metrics. (A-C), (D-F), and (G-I) from linear preprocessed
images for each system and target . was omitted, as data showed similar trends with slightly higher values
than (see Equation 4).

As shown in Error! Reference source not found., choice of display dynamic range s
trongly impacted overall image appearance and computed image quality metrics. This is expected
based on similar effects in ultrasound image quality assessment, and optimal adjustment of
display settings clearly should impact image quality. Qualitative inspection showed target
detectability generally increased with decreasing display dynamic range especially for deeper
targets. As display dynamic range decreased, and approached zero due to background

thresholding, thus causing and to increase (approaching infinity). Following standardized

98



ultrasound test method recommendations, we attempted to minimize this effect by selecting
image display settings in subsequent analyses such that the background was still visible 27* 2%
The sensitivity of and to display settings may suggest correlation with expected human reader
performance, and image quality assessment research has generally focused on metrics that

d 2% was relatively insensitive to changes in display

consider background variance such as an
dynamic range, which implies this metric may be less appropriate for predicting human reader

performance.
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Figure 6. 9 Effect of dynamic ranges on image quality metrics. Custom system images of the
penetration phantom with targets at = 4 cm™ using display dynamic ranges of 42 dB (A), 50 dB (B), or 60
dB (C). Scale bars = 5 mm. Effects of display dynamic range on image quality metrics are shown in D-
F.Calculated image quality metrics.

Image quality metrics derived from displayed images of the penetration phantom are
shown in Figures 10 and 11 ( is again omitted per Equation (4)). All metrics were generally lower
than those computed from preprocessed images, which is expected as log compression reduces

image dynamic range and contrast in order to make the image more readable by a human. and
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decreased with depth, although the values began to increase in deep regions where no targets
are detectable by inspection (Figure 10). This is due to remaining display thresholding effects as
described previously. All metrics approached slightly higher asymptotes with depth than expected
(ideally, CNR approaches zero and SBR approaches one). This may be due to the 50%-amplitude
target ROl mask selection method, which will generally increase measured target amplitude
above background even without a target present. Interestingly, the custom system produced
relatively constant and over most detectable targets. This is likely due to higher background
amplitude and variation in shallow regions, while the lower amplitude of deeper targets was offset
by lower background amplitude and variation in deeper regions.

Of the various image quality metrics computed for displayed images, was found to
correlate best with maximum imaging depth (deepest detectable target) as determined by image
inspection (Error! Reference source not found.) with an interpolated detection threshold of ~4-6
dB. Maximum imaging depth was highest for the custom system, followed by the AcousticX, then
Vevo LAZR. These differences in performance are likely due to different optical and acoustic
device design parameters. The custom and Vevo systems use high-energy OPOs to achieve
much higher radiant exposures than the AcousticX. The AcousticX system produces a much lower
radiant exposure over a larger beam area, but averages acquisitions at a higher pulse repetition
rate ', However, this approach may be limited by the minimum detectable pressure produced
by a single optical pulse. Transducer parameters may also significantly contribute to observed
differences in performance. A strong inverse correlation was observed between maximum
imaging depth and transducer center frequency. This may be due to lower phantom at lower
frequencies, as well as target size-dependency of photoacoustic signal amplitude and frequency
content. Another possibility is that differences in transducer elevational focusing contribute
different out-of-plane signal contributions along the cylindrical targets, which can modify the total
signal received. Unfortunately, it was not possible to use transducers with identical parameters

across all three systems.
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Figure 6. 10 Computed quality metrics for displayed images. (A-C) and (D-F) for the three
imaging systems in the penetration phantom at each target absorption level. was omitted, as data showed
similar trends with slightly higher values than (see Equation 4).

A Custom System B AcousticX
25- 25 - p,=2cm’
m 20- B _ m 20 - ua=4cm'1
3z 2 A
~15{ : = 15 * p,=8cm
2 u 2
0@ 10 i o 101
O gl .. - IR SR I N\ N
b
o+ 0+ v+
0 5 10 15 20 25 30 0 5 10 15 20 25 30
Depth (mm) Depth (mm)
C Vevo LAZR D
251 =207

0
0 5 10 15 20 25 30

0 E ] 1
H=2cm py=4cm p,=8cm

Depth (mm) B FDA M AcousticX M Vevo LAZR
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AcousticX (B), and Vevo LAZR (C). Max. imaging depth vs. target is shown in (D).
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6.4 Discussion

In this study, we developed and characterized a PAA hydrogel-based TMM with stable,
widely tunable optical and acoustic properties similar to reported values for soft tissue. We then
constructed PAA phantoms suitable for evaluating image quality of PAIl systems and that were
sufficiently robust for transport. We found that PAA optical and acoustic properties were stable
over time and that well-sealed imaging phantoms showed no qualitative signs of desiccation or
damage after 6 months of storage at room temperature. This is consistent with the reported
service life for Zerdine® hydrogel phantoms of several years ?®°. The advantages of PAA
hydrogels compared to other available TMMs for PAI include ease of preparation, better
mechanical strength/stiffness than common hydrogel-based TMMs, broad dopant compatibility of
water, lower preparation temperatures, and lower viscosity during formulation. The disadvantages
of PAA include faster dopant settling due to low viscosity, requirements for well-sealed housings
to prevent desiccation, reduced gel quality of very high-concentration formulations, and lower
mechanical strength than nonaqueous materials such as PVCP and gel wax. Also, while our
acoustic characterization data showed low spatial variation (Figure 3), some heterogeneity might
still exist in imaging phantoms 2*®. These trade-offs should be carefully considered in selecting
TMMs for a given phantom design and application.

Our experimental measurements demonstrated utility of these phantoms for evaluating
image quality. Phantom testing of three PAI systems indicated a performance trade-off between
spatial resolution and target contrast/imaging depth, which is consistent with our previous
phantom-based device comparison study 2. The purpose of this study was not to rank
performance of these PAI devices, as each system is intended for different applications and thus
has different performance requirements and design specifications. Rather, this study aimed to
demonstrate that the developed TMM and phantoms are suitable for evaluating PAI systems with
widely differing design parameters. Additionally, our intent was to highlight the benefit of phantom-

based test methods for objective, quantitative, and reproducible characterization of device
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performance. Phantom-based performance test methods can provide data that illustrates
performance trade-offs, elucidates device design consequences, and may help establish
performance expectations. Such information can be used to further optimize the design of device
hardware or image processing algorithms for a particular application during device development.

Finally, we assessed the suitability of several image quality metrics (SNR, CNR, SBR, and
CR) for PAI. We evaluated image quality of both preprocessed linear amplitude images and
displayed images, leveraging applicable guidelines from ultrasound standards. Preprocessed
image quality is particularly important in PAI as these data preserve linearity of amplitude vs.
optical energy deposition and are typically used for quantitative imaging approaches such as
oximetry. However, while we could access pre-processed image data for these systems, this may
not be true for every user and system. It was thus important to select image quality metrics that
yield meaningful insights into performance for images as displayed to a human reader. Test
results suggested that CR may correlate best with maximum imaging depth. However, CR may
not provide a comprehensive description of image quality under all conditions, for instance in the
presence of high, variable background due to clutter or other nearby anatomical features. In such
cases, target detectability may be more holistically characterized by noise-based metrics such as
CNR, which unlike CR showed sensitivity to changes in image display settings that were
qualitatively perceived to modify target detectability. Optimal selection and application of image
quality metrics for evaluating photoacoustic images may depend on image content and the
intended imaging task or application. Given the current absence of established community
consensus on image quality metric selection, it may be most appropriate to evaluate a set of
metrics including both CR and CNR. Performance assessment should include analysis of linear

images in addition to displayed images.
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6.5 Conclusions

In conclusion, the PAA-based phantom we developed in this study is stable, robust, and
tunable over a range of tissue-relevant optical and acoustic properties. We demonstrated utility
of PAA phantoms for image quality assessment of three linear-array PAI systems. The methods
proposed here will support much-needed advancements in PAI device design, optimization, and
performance assessment. These methods will aid development of standardized PAI test methods
that will ultimately facilitate clinical translation of this technology.

Chapter 6, in full, is a reprint of the material as it appears in Photoacoustics, 22, p.100245.
Ali Hariri, Jorge Palma Chavez, Keith A. Wear, T. Joshua Pfefer, Jesse V. Jokerst, William C.

Vogt. The dissertation author was the primary investigator and author of this paper.
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