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Abstract: Multispectral photoacoustic oximetry imaging (MPOI) is an emerging hybrid 
modality that enables the spatial mapping of blood oxygen saturation (SO2) to depths of 
several centimeters. To facilitate MPOI device development and clinical translation, well-
validated performance test methods and improved quantitative understanding of physical 
processes and best practices are needed. We developed a breast-mimicking blood flow 
phantom with tunable SO2 and used this phantom to evaluate a custom MPOI system. Results 
provide quantitative evaluation of the impact of phantom medium properties (Intralipid versus 
polyvinyl chloride plastisol) and device design parameters (different transducers) on SO2 
measurement accuracy, especially depth-dependent performance degradation due to fluence 
artifacts. This approach may guide development of standardized test methods for evaluating 
MPOI devices. 

1. Introduction

1.1 Multispectral photoacoustic oximetry imaging 

Photoacoustic imaging (PAI) is a rapidly emerging hybrid modality that combines pulsed 
optical excitation with acoustic detection to achieve imaging with both the high contrast 
of optical imaging and the deep tissue penetration afforded by ultrasound imaging [1]. 
One of the most powerful features of PAI is the use of tunable light sources to perform 
multispectral imaging, which enables measurement of both spatial distribution and 
spectral signature of endogenous chromophores (e.g., hemoglobin) as well as exogenous 
contrast agents (e.g., dyes, nanoparticles). Most notably, by spectrally detecting 
relative quantities of oxyhemoglobin (HbO2) and deoxyhemoglobin (Hb), 
multispectral PAI can be used to generate maps of blood oxygen saturation (SO2), 
which is an invaluable physiological parameter for detecting, diagnosing, and treating 
disease, especially cancer [2,3]. Clinical applications of multispectral photoacoustic 
oximetry imaging (MPOI) include breast cancer detection [4–6], cerebral oximetry [7], 
and thermal therapy monitoring [8]. Additionally, MPOI has been proposed as a 
preclinical assessment tool for studying animal models of cancer [9–11], functional 
cerebrovascular hemodynamics [12], and vascular responses to therapeutic cancer drugs 
[13]. 

1.2 Standardized performance test methods 

There are myriad challenges to overcome as a medical technology is developed and 
undergoes clinical translation. The lack of well-validated standardized performance test 
methods is a significant barrier to rapid translation and maturation of optical imaging and 
spectroscopy devices [14]. This is especially true for PAI devices because: 1) PAI employs 
complex hybrid mechanisms requiring careful consideration/replication of both optical and 
acoustic effects in performance tests, 2) PAI is being investigated for many different 
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applications, resulting in wide variation in device configurations and parameters that may 
necessitate different types of testing (e.g., linear-array vs. circular scanning systems, optical 
wavelengths, acoustic frequency range), and 3) there are currently no FDA-approved PAI-
based medical devices, although there is a growing number of commercially available devices 
for preclinical research and exploratory clinical use [15–19]. There is a current need to 
develop standardized performance test methods so that as PAI technology matures, well-
validated approaches are available to streamline many parts of the product life cycle including 
device development and optimization, inter-device comparison, regulatory decision-making, 
quality assurance and quality control, maintenance and constancy testing, user training, 
regulatory evaluation, standardization, and accreditation. 

Mature medical imaging technologies such as ultrasound, X-ray computed tomography, 
and magnetic resonance imaging have already overcome translation barriers, and thus provide 
a roadmap towards standardization of biophotonics-based devices. Testing using tissue-
mimicking phantoms is a cornerstone of performance testing for mature imaging modalities, 
and their use in performance testing is often prescribed in international standards, consensus 
documents, and accreditation programs [20,21]. Standards have been developed for 
biophotonics technologies including pulse oximetry [22] and optical coherence tomography 
[23,24], and the existence of such standards can provide an indicator that a technology has 
reached maturity. 

Image quality should be considered a fundamental aspect of PAI device performance. 
However, the accuracy of functional parameters derived from spectral measurements (e.g., 
SO2) is also an essential feature that requires quantitative validation. Quantitative 
multispectral PAI is challenging due to ‘spectral coloring’ artifacts caused by spatial- and 
wavelength-dependent fluence distribution in tissue, where target photoacoustic spectra are 
filtered by background tissue absorption and scattering [25]. The development of fluence 
correction algorithms and strategies remains an active area of research [26–29]. We 
previously developed novel tissue-mimicking materials based on polyvinyl chloride plastisol 
(PVCP) and demonstrated their utility for phantom-based image quality testing of PAI 
systems [30–32]. However, while these phantoms were biologically relevant, only single-
wavelength imaging was evaluated. There is thus an outstanding need to develop phantom-
based performance test methods for MPOI devices that specifically enable quantitative 
assessment of SO2 measurement accuracy. 

1.3 Review of optical oximetry device performance testing 

To develop performance test methods for MPOI, we first considered previous works by others 
describing performance testing for photoacoustic and other optical oximetry techniques, for 
which there is extensive literature on bench test methods. Pulse oximetry is the most mature 
and ubiquitous biophotonics-based medical device, and an International Organization of 
Standardization (ISO) standard has been developed which describes performance testing 
recommendations [22]. This standard also establishes an acceptance criterion of ≤ 4% root-
mean-square difference (RMSD) between pulse oximeter and ‘gold standard’ CO-oximetry 
measurements over the range of SO2 values claimed to be accurate. Early studies described 
blood flow circuits comprised of a roller pump to induce highly controlled pulsatile flow (a 
requirement for most pulse oximeters) and an oxygenator to adjust blood SO2 [33]. However, 
phantoms were generally simple, consisting of a single fluid channel in a background medium 
with unspecified optical properties and thus uncertain biological relevance. Kurth et al. 
developed a near-infrared spectroscopy (NIRS) device test method incorporating a brain 
phantom with sub-millimeter channels containing flowing blood, with adjustable SO2 via a 
membrane oxygenator [34]. Another common approach is to use turbid liquid phantoms, such 
as Intralipid-hemoglobin solutions [35–37]. More recently, a liquid phantom for NIRS tissue 
oximeter evaluation was developed that includes electrodes for measuring partial pressures of 
O2 and CO2 as well as pH [38]. However, such liquid phantoms lack temporal stability and 
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are necessarily homogeneous, limiting their suitability for testing MPOI devices, as phantoms 
would generally require stable embedded inclusions with different optical absorption than the 
background. 

Several studies have described oximetry performance testing of photoacoustic devices 
intended for applications such as cuvette spectroscopy, preclinical animal imaging, and 
clinical oximetry [25,39–43]. These previous studies illustrated many different approaches 
ranging from testing in ex vivo tissues to blood flow phantoms containing a small number of 
fluid channels. However, several general limitations in methods or findings were identified: 
1) tissue phantom optical and acoustic properties were often not characterized or were not 
biologically relevant, 2) test methods using ex vivo tissues as phantoms lack reproducibility, 
and 3) most prior test and phantom designs were not suitable for near-infrared, deep-tissue 
MPOI devices. Our intent is to combine the best aspects of these previous approaches to 
produce a robust test method suitable for characterizing performance of near-infrared 
multispectral MPOI systems intended for deep-tissue imaging applications such as breast 
cancer detection and diagnosis. 

1.4 Study objectives 

Our overall goal is to address the need for well-validated phantom-based performance test 
methods for MPOI devices. In this study, our objectives were to develop a breast-mimicking 
blood flow phantom with dynamically tunable SO2 and an associated test method. We applied 
this test method towards evaluation of SO2 measurement accuracy for a custom MPOI device 
and investigated the impact of tissue properties and device design parameters on device 
performance. Our emphasis was on developing test methodology for device performance 
assessment, rather than developing methods for optimal design of MPOI device features such 
as fluence correction algorithms. 

2. Methods 

2.1 Blood flow circuit 

Figure 1 shows a schematic of the blood flow circuit used to achieve dynamically adjustable 
SO2. The circuit included a blood reservoir, a membrane oxygenator comprised of a bundle of 
porous hollow fibers (PermSelect, MedArray, Inc., Ann Arbor, MI), and a peristaltic pump 
(Masterflex L/S, Cole-Parmer, Inc., Vernon Hills, IL). A mixture of oxygen and nitrogen gas 
was delivered through the lumina of the hollow fibers for exchange with flowing blood 
(deoxygenation: 1.6 LPM N2 and 0 LPM O2; oxygenation: 1.55 LPM N2 and 0.05 LPM O2). 
The membrane oxygenator was oriented so that blood flowed around the fibers and against 
gravity (to remove bubbles and froth) and gas flowed with gravity to provide efficient 
counterflow mass transfer. A custom acrylic housing was built to allow insertion of pH, 
temperature, and dissolved oxygen (DO) probes for real-time inline flow measurements of 
SO2. Once the blood circuit reached a desired SO2 value, the membrane oxygenator gas line 
was sealed, which stabilized blood SO2 for at least 1 hour. After drawing 200 µL to clear old 
blood within the sample port, 200 µL blood samples were drawn before and after image 
acquisition for CO-oximetry measurements. A clinical grade CO-oximeter (Avoximeter 4000, 
Accriva Diagnostics, Inc., San Diego, CA) served as a reference device and provided gold-
standard measurements of blood SO2 and total hemoglobin (tHb), as well as fractional Hb, 
HbO2, methemoglobin, and carboxyhemoglobin. 

Bench performance test methods should possess the minimum complexity needed to 
provide test results that are adequate for device design, evaluation, and validation. We 
simplified our blood flow phantom by omitting CO2 gas delivery and conducted testing at 
room temperature. As will be shown in the results, adequate calibration of DO electrodes 
against a clinical-grade CO-oximeter produced accurate SO2 tuning. DO electrode 
measurements were calibrated to SO2 values by tuning circuit oxygenation to several levels, 
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recording DO, then drawing blood for CO-oximetry. Thus, DO readings could be used as a 
real-time surrogate for SO2 to facilitate accurate tuning. 

Red blood cell (RBC) suspensions were prepared from whole defibrinated bovine blood 
(Quad Five, Inc., Ryegate, MT) as described by Laufer et al. [40]. 10 U/mL of heparin 
(H3149, Sigma Aldrich, Inc., Allentown, PA) was added to the blood, which was then 
centrifuged at 3000 RPM for 10 minutes to separate RBCs from the plasma and buffy coat. 
Plasma was aspirated and RBCs were suspended in phosphate buffer saline (PBS, pH 7.3) and 
centrifuged twice. From CO-oximetry, suspension tHb was 13.5 ± 1.0 g/dL, which is 
representative of average tHb in healthy women (12-16 g/dL) [44]. Bovine and human 
hemoglobin are known to have nearly identical extinction spectra [45]. 

 

Fig. 1. Schematic of blood flow circuit showing key components [46]. 

2.2 Tissue-mimicking phantoms 

Several tissue-mimicking materials have been developed for fabricating photoacoustic 
imaging phantoms, including gelatin [47], PVA cryogels [48], and gel wax [49] (see [30] for 
a detailed review of photoacoustic tissue-mimicking materials). To evaluate impact of 
phantom background material selection on test method results, we investigated both a simple 
liquid phantom comprised of 1% Intralipid (I141, Sigma-Aldrich, Inc.) and a breast-
mimicking polyvinyl chloride plastisol (PVCP) phantom with biologically relevant optical 
and acoustic properties [30–32]. Phantom optical properties were determined by molding four 
disk-shaped samples with 5 mm thickness and 38.4 mm diameter, then measuring diffuse 
reflectance and transmittance using integrating sphere spectrophotometry. Optical absorption 
and reduced scattering coefficients were calculated from these data using the well-known 
inverse adding-doubling algorithm [50]. PVCP properties show general agreement with 
literature data on breast optical properties (Fig. 2) [51]. Because the very low optical 
absorption of Intralipid affects accuracy of this spectrophotometry method, 1% Intralipid 
solution was assumed to have optical absorption spectrum of water and reduced optical 
scattering coefficient spectrum from literature data [52]. 

For each medium tested (Intralipid and PVCP), the material was poured into a 7 cm x 7 
cm x 5 cm acrylic mold containing seven suspended polytetrafluoroethylene (PTFE) tubes 
(1.07 mm inner diameter, STT-18, Component Supply Company, Fort Meade, FL) at depths 
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from 5 to 35 mm, with 2.5 mm lateral spacing (Fig. 3). PVCP was prepared as described 
previously [30], then poured through a side channel while the mold face corresponding to the 
imaging surface was covered with an aluminum plate. This maintained an even surface and 
prevents sag during curing. Spray foam sealant (LOCTITE Tite foam, Henkel Corp., Rocky 
Hill, CT) was applied to the tube roots external to the mold chamber to prevent bending. Tube 
ends were bundled with modeling clay and super glue and inserted into 4.8 mm inner 
diameter tubes that included quick-connect fittings for rapid phantom installation into the 
blood flow circuit as well as easy removal for cleaning (PMC1703, PMC2204, Qosina, 
Ronkonkoma, NY). 

 

Fig. 2. Optical properties of 1% Intralipid and PVCP phantoms. Error bars for PVCP represent 
one standard deviation. Breast tissue literature values from Pifferi et al. [51]. 

 

Fig. 3. Left: Tissue phantom geometry, showing blood-filled tubes at several depths. 
Transducer is placed at the top surface. Right: PVCP phantom connected to blood flow and 
placed under PAI transducer assembly [46]. 

2.3 Custom MPOI system 

MPOI was performed using a custom PAI system described previously [30,31]. Briefly, the 
system consisted of a rapidly tunable NIR optical parametric oscillator (OPO) (Phocus 
Mobile, Opotek, Inc. Carlsbad, CA) and a 128-channel ultrasound system (Vantage 128, 
Verasonics, Inc., Seattle, WA). Image acquisition, real-time display, reconstruction, and post-
processing were performed using Matlab (The Mathworks, Inc., Natick, MA). The OPO 
emitted 5 ns pulses at a 10 Hz pulse repetition rate and included a fast-tuning module that 
enabled per-pulse wavelength tuning over 690-950 nm. An internal energy sensor was used to 
correct images for pulse energy variation and wavelength-dependent laser energy output. An 
engineered line-pattern diffuser was used to convert the output of a circular fiber bundle to a 5 
mm x 35 mm elliptical beam adjacent to the transducer. Total input pulse energy was ~15-19 
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mJ, and the radiant exposure over all wavelengths was 8-10 mJ/cm2, which is below the 
wavelength-dependent maximum permissible exposure established by the American National 
Standards Institute (ANSI) [53]. Photoacoustic signals were detected using either an 8 MHz 
or 2.5 MHz transducer array mounted on a 3D motorized stage (L11-4v, Verasonics; ATL P4-
1, Priority Medical Inc., Greenbrier, TN) (Table 1). Transducers were covered with 
ultrasound gel-coupled aluminum foil to reduce unwanted photoacoustic signal generation on 
the transducer surface by diffusely reflected light. Received acoustic signals were amplified 
by 82 dB, low-pass filtered, then digitized for image reconstruction using a proprietary real-
time reconstruction algorithm provided by Verasonics. 

Table 1. Transducer parameters and performance characteristics 

 Center 
Frequency 

(MHz) 

Bandwidth 
(MHz) 

Element 
pitch 
(mm) 

Array 
length 
(mm)

Array 
width 
(mm)

Axial 
resolution 

(mm) 

Lateral 
resolution 

(mm) 
L11-4v 8.0 8.7 0.300 38.4 12 ~0.25 ~0.6 

P4-1 2.5 2.2 0.295 28.3 20 ~0.8 ~1.0 

2.4 Imaging experiments and data processing 

Phantoms were connected to the flow circuit, aligned to the imaging assembly, then flushed 
with 1X PBS for 30 minutes. After draining PBS, RBC suspensions were infused into the 
circuit and air bubbles were removed. Blood temperature and pH were observed to be stable 
within 22 ± 1°C and 7.45 ± 0.1, respectively. The circuit was initially infused with oxygen to 
achieve near-complete saturation, then stepped down to lower SO2 levels. After CO-oximetry 
sampling, MPOI was performed for SO2 setpoints from ~99% to 30% in 10% intervals. To 
better elucidate wavelength-dependence of MPOI performance, especially in the presence of 
fluence artifacts, ‘hyperspectral’ scans were acquired using 76 wavelengths (700 to 850 nm in 
2 nm increments). Ten complete scans were acquired per SO2 setpoint. 

Photoacoustic spectra were computed by selecting a rectangular region of interest (ROIs) 
around a target tube, then applying a mask to remove pixels below 50% of ROI maximum 
pixel intensity as performed in our previous studies [30,31]. ROIs were 10 x 8 pixels (depth x 
width), with dimensions of 1.18 x 2.40 mm and 2.95 x 2.37 mm for the L11-4v and P4-1 
arrays, respectively. This allowed isolation of the proximal and distal tube edges while 
discarding the lumen and surrounding regions, which do not carry blood-based photoacoustic 
signals. Spectral signal quality was summarized by computing coefficient of variation (COV, 
ratio of standard deviation to mean) per wavelength over 10 scans, then averaging COV 
values over all wavelengths. 

Spectra were corrected for fluence variation with both depth and wavelength using a 
heuristic 1D fluence model based on the diffusion approximation for a uniform infinitely 
wide beam exposure [29,54]: 

 
3 ( )( ( ) ( ))( , ) a a szz e μ λ μ λ μ λλ ′− +Φ =  (1) 

where Φ is depth- and wavelength-dependent fluence, z is depth, λ is optical wavelength, and 

( )
a

μ λ  and ( )
s

μ λ′ are the absorption and reduced scattering spectra of PVCP or Intralipid. 

This simple correction serves to provide some method of fluence compensation in the MPOI 
device being evaluated by our developed test method, as this is a common feature of such 
devices. Our objective was to demonstrate utility of the developed test method for MPOI 
performance assessment, rather than to use the test method to optimize design aspects of a 
specific device. SO2 was computed from fluence-corrected spectra per pixel using 
nonnegative least-squares unmixing using all scanned wavelengths, assuming presence of 
only oxyhemoglobin and deoxyhemoglobin [40]. SO2 maps were thresholded based on total 
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hemoglobin (tHb) maps to avoid display of oximetry information for weak background 
pixels. Average background tHb was computed from ROIs adjacent to tube ROIs, multiplied 
by 1.5, then interpolated to produce a depth-dependent threshold level. Literature values for 
hemoglobin extinction coefficient spectra compiled for whole blood were used for spectral 
unmixing [55]. Following standardized methods for pulse oximeter performance evaluation, 
SO2 measurement accuracy was quantified by calculating the RMSD between measured 
photoacoustic and CO-oximeter SO2 values: 

 2

2, ,

1

2, ,
)

1
(

PA i CO

n

i

i

RMSD SO SO
n =

−=   (2) 

where n  is the number of measurement pairs, 2, ,PA iSO  is the photoacoustic SO2 

measurement, and 2,CO,iSO  is the CO-oximeter SO2 measurement [22]. 

3. Results and discussion 

3.1 Blood system tuning performance 

The blood flow circuit enabled stable, accurate, and precise SO2 tuning over the duration of 
imaging experiments. DO electrode readings were calibrated to SO2 values from CO-
oximetry during three separate tuning experiments (Fig. 4), but the calibrations for 
deoxygenation and reoxygenation were different. These oxygen dissociation curve shifts may 
be attributed to the absence of CO2 gas in our approach, which results in low pCO2 and 
reduced pH stability (reversible pH decreases of ~0.1-0.15 were observed) [56]. Tuned SO2 
was accurate within ± 1% when performing fine-tuning based on CO-oximetry 
measurements, rather than relying solely on DO measurements. The representative temporal 
tuning response in Fig. 4 illustrates that the set DO level resulting in the intended SO2 level 
did not always match the target DO level based on the calibration curve. SO2 was also 
demonstrated to be stable within ± 1% for at least 30 minutes for all levels (data not shown). 
Laufer et al. used a similar membrane oxygenator-based blood flow circuit approach and 
reported <1% SO2 variation over 20 minutes at fixed levels, but a higher SO2 variation of ± 
4.1%, the accuracy limit of their CO-oximeter [40]. Mitcham et al. used a simpler method by 
varying SO2 by separately bubbling O2 and N2 into blood reservoirs, then mixing at various 
ratios, which achieved broad SO2 tuning but with higher variation ( ± 2-3%) [42]. SO2 tuning 
speed was moderately fast, taking 5-10 minutes to adjust SO2 by 10% with no undershoot. 
For very low SO2 values, tuning was slower due to several effects that shift the dissociation 
curve to the left, such as operating at room temperature and low pCO2. However, the system 
could still be readily adjusted to SO2 levels as low as 30%, which is an adequate lower bound 
to cover the physiologically relevant range of values for normal artery/vein levels (~60-
100%). Tuning speed was markedly faster for resaturation than desaturation, either due to 
faster gas exchange or the apparent left-shift in the resaturation dissociation curve observed 
through DO electrode calibration. 
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Fig. 4. SO2 tuning performance of the flow circuit. Left) Calibration measurements of DO to 
SO2 measurements from CO-oximetry. Solid lines denote fitted log-log sigmoid functions. 
Vertical and horizontal error bars represent three separate tuning experiments. Right) 
Representative temporal response of DO electrode during experiments. Error bars represent 
uncertainty in calibrated DO set points (i.e., horizontal blue error bars in the left plot). Gaps in 
measured data (points) represent imaging periods at constant SO2. 

3.2 Impact of phantom properties 

3.2.1 Image quality and oximetry mapping 

Figure 5 shows representative raw and fluence-corrected single-wavelength, log-compressed 
images acquired at 800 nm, as well as computed SO2 maps. Fluence correction improved 
image intensity uniformity with depth and, for a fixed display dynamic range of 40 dB, 
improved visualization of deeper targets. However, because this correction only rescales the 
data, the underlying signal-to-noise ratio (SNR) of the image information is not improved, 
resulting in enhanced background noise in deep regions. Some near-field clutter in the first 5 
mm is generated by signals generated on the transducer surface. Additionally, these surface-
generated signals can transmit into the phantom and reflect off the embedded tubes, creating 
image artifacts beneath the tubes (at twice the tube depth due to beamforming assuming one-
way propagation). These artifacts are substantially reduced in the PVCP phantom due to 
higher background optical and acoustic attenuation. Because the spectra of these surface-
generated signals are relatively flat compared to the absorption spectrum of 
deoxyhemoglobin, the unmixing algorithm interprets them as having higher oxyhemoglobin 
content, resulting in colorization as high SO2. Apart from these reflection artifacts, oximetry 
maps were shown to adequately suppress image background and prioritize display of the 
blood-filled fluid channels. 

Photoacoustic spectra measured from ROI analysis are shown in Fig. 6, while Fig. 7 
shows COV for spectra collected from different target depths and for each imaging scenario. 
Spectra show expected increases in COV (or equivalently, decreases in SNR) with depth. 
Spectrum SNR ranged from 2.0 to 133 over all wavelengths, target depths, and imaging 
experiments. COV was generally higher in Intralipid than PVCP phantoms, which may be 
due to horizontal electronic scan noise artifacts observed for deeper regions. Measured 
spectra were strongly affected by spectral corruption artifacts, especially in the Intralipid 
phantom. This is because Intralipid, while providing biologically relevant scattering, does not 
provide sufficient optical absorption to adequately simulate tissue. The optical absorption 
spectrum of Intralipid (assumed to be that of water) is not only low in magnitude, but also has 
greater relative variation over the NIR window compared to tissue, which results in greater 
differences in fluence distribution. Heuristic fluence corrections improved agreement between 
measured spectra and literature spectra for blood, although the improvement was more 
significant in Intralipid as opposed to PVCP phantom measurements due to greater spectral 
corruption artifacts observed in Intralipid. 
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Fig. 5. Representative raw and fluence-corrected photoacoustic images at 800 nm, as well as 
SO2 maps for PVCP (top row) and Intralipid (bottom row) phantoms, collected with the L11-
4v transducer. Color bars for PA and SO2 images are in dB and % SO2, respectively. Each 
image displayed in dB is normalized to its own maximum intensity below 3 mm. 

 

Fig. 6. Comparing raw and fluence-corrected (corr.) photoacoustic spectra vs. depth for PVCP 
(left column) and Intralipid (right column) phantoms at high SO2 (top row) and low SO2 
(bottom row), measured with the L11-4v transducer. Error bars omitted for clarity, with 
uncertainty in spectra summarized by COV data presented in Fig. 7. 
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Fig. 7. COV of photoacoustic spectra vs. depth for each imaging scenario. Error bars denote 1 
standard deviation over all wavelengths and SO2 set points. 

3.2.2 SO2 measurement accuracy 

Figure 8 shows oximetry maps computed from fluence-corrected images for both Intralipid 
and PVCP phantoms and for several SO2 setpoints. Qualitative assessment of the images 
suggested the predicted SO2 value does not vary substantially with target depth within each 
image. However, a closer, quantitative comparison of photoacoustic SO2 measurements 
compared to CO-oximetry revealed substantial depth dependence in RMSD for both phantom 
cases (Fig. 9). In the Intralipid phantom data, a dramatic depth-dependence in SO2 
measurement accuracy was observed, with RMSD as high as 40%. In comparison, fluence-
corrected data from the PVCP phantom scenario produced weaker depth-dependence in SO2 
measurement accuracy and RMSD of ~5-7%, which approaches the ISO-defined acceptable 
performance criterion for pulse oximeters (< 4%) [22]. 

 

Fig. 8. SO2 maps for PVCP (top row) and Intralipid (bottom row) phantoms at several SO2 
levels, acquired with the L11-4v transducer. Color bars in units of % SO2. 
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Fig. 9. a-b) MPOI vs. CO-oximetry SO2 for raw and fluence corrected (corr.) images vs. depth 
for PVCP (a) and Intralipid (b) phantoms measured with the L11-4v transducer. c) RMSD vs. 
depth for each scenario. Error bars denote 1 standard deviation. 

3.3 Transducer performance comparison 

Representative photoacoustic images and oximetry maps collected using the L11-4v and P4-1 
transducers are shown in Fig. 10. Targets appear substantially larger in P4-1 images due to 
reduced axial and lateral resolution (see Table 1). However, these images present much 
greater target contrast, especially for deep targets, because of greater low-frequency content 
of photoacoustic signals and reduced acoustic attenuation at lower frequencies. This result is 
expected given the trade-off between resolution and sensitivity as characterized in our 
previous work [31]. However, the low acoustic attenuation also results in enhancement of 
surface-generated reflection artifacts, which is exacerbated by the fluence correction 
algorithm. Thresholding successfully removed many of these reflections from oximetry maps. 
It is also apparent that target intensity still varies significantly with depth, despite use of 
fluence correction. This may be due to discrepancies between the simplified fluence model 
used for compensation and the actual fluence distribution. No additional depth compensation 
(i.e. time-gain compensation) was performed to account for acoustic attenuation or possible 
diffraction/beamforming effects on image intensity depth profiles. Because photoacoustic 
sources are generally omnidirectional, the finite transducer receive aperture may cause 
complex depth-dependent reductions in target signal that depend on transducer geometry. 

As shown in Fig. 7, spectra acquired with the P4-1 array displayed lower COV than L11-
4v array data due to increased signal intensity and SNR, which is consistent with our previous 
observations [31]. However, the P4-1 transducer generally underestimated SO2 for values 
from ~60-100% and produced greater SO2 errors for shallower targets compared to images 
from the L11-4v transducer (Fig. 11). The low variance of SO2 measurements over a 
relatively low number of scans (N = 10) is likely due to the higher SNR of this array and the 
constrained nature of spectral unmixing when using many wavelengths. Also, fluence 
correction did not substantially decrease SO2 RMSD for the P4-1 transducer as compared to 
L11-4v data. This may be due to the limited accuracy of the heuristic fluence correction, 
which assumes a laterally infinite uniform illumination. Because the P4-1 array is much wider 
in the elevational direction than the L11-4v (20 mm vs. 12 mm, Table 1), the elliptical beam 
is offset by a greater elevational distance from the image plane. Thus, the ‘slice’ of the 3D 
fluence distribution coinciding with the image plane is expected to differ significantly from 
that predicted by our fluence model. This is expected to have greatest impact in shallow tissue 
regions where fluence would decrease most rapidly with elevational offset from the beam, 
which may explain reduced SO2 accuracy for shallow targets using the P4-1 array. 
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Fig. 10. Representative raw and fluence-corrected photoacoustic images of the PVCP phantom 
at 800 nm, as well as SO2 maps acquiring using the L11-4v (top row) and P4-1 (bottom row) 
transducers. Color bars for PA and SO2 images are in dB and % SO2, respectively. Each image 
displayed in dB is normalized to its own maximum intensity below 3 mm. 

 

Fig. 11. a-b) MPOI vs. CO-oximetry SO2 for raw and fluence corrected (corr.) images vs. 
depth for L11-4v (a) and P4-1 (b) transducers, measured in PVCP phantoms. c) RMSD as a 
function of depth for each scenario. Error bars denote 1 standard deviation over 10 scans. 

4. Discussion and conclusion 

Our test results indicated that the developed test method produced accurate, adjustable blood 
SO2 in tissue-mimicking phantoms, and that reasonable SO2 measurement accuracy could be 
achieved by our custom MPOI device after accounting for tissue optical properties through 
fluence correction. While we achieved SO2 RMSD of ~4-14% across different imaging 
scenarios, Laufer et al. reported SO2 accuracy of 2.5-4% using a photoacoustic sensor 
technique in a blood flow cuvette phantom. However, the cuvette did not produce spectral 
coloring artifacts expected in turbid tissues. Mitcham et al. reported accuracy of 3-15% in 
measurements of blood-filled tubes an ex vivo bovine prostate phantom depending on use of 
fluence correction and different unmixing methods. Our results also showed significant 
improvements in SO2 accuracy after fluence correction, although SO2 accuracy was not as 
high as that reported by Mitcham et al. This may be because they adaptively fitted a fluence 
model to optimize SO2 accuracy, while we used a simple, fixed-parameter fluence model 
based on phantom optical property measurements. Also, rather than investigating the optimal 
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selection of unmixing wavelengths, we chose to use all measured wavelengths from 700 to 
850 nm. Both tissue and PVCP present greater absorption above ~850 nm (in tissue, this is 
due to water and lipids), a confounding factor that would generate significant spectral 
coloring artifact. By removing wavelengths for which fluence corrections were less reliable, 
SO2 accuracy may have been improved. Optimal wavelength selection is a complex design 
problem beyond the scope of this study but has been explored by others [57]. Test results 
illustrated that choice of phantom material produced differences in SO2 measurement 
accuracy, and that careful design of phantom optical properties (especially their spectral 
variation and associated fluence correction algorithms) is an important consideration in 
design of a MPOI performance test method. 

Previous studies have demonstrated that changes in illumination geometry can impact 
photoacoustic image quality due to differences in fluence profile within the image plane. Held 
et al. demonstrated that elevational offset of the optical beam modified contrast in near-field 
forearm tissue and observed optimal image contrast for an offset of 5 mm [58]. Daoudi et al. 
built a handheld probe with a 2 mm elevational offset between transducer array and optical 
beam and varied transducer standoff distance from the tissue surface to optimize beam 
alignment and image quality [59]. Lastly, Sangha et al. built a linear-array PAI system with 
adjustable optical beam geometry, with results illustrating that adjusting focal depth (which 
included varying elevational offset) led to improved image quality for given depth ranges 
[60]. However, these studies did not investigate the impact of beam geometry design and 
resultant fluence distributions on multispectral measurements and spectral coloring artifacts 
as elucidated in this work. Fluence correction algorithms should be closely tailored to a given 
system design, as algorithm performance may be highly sensitive to uncertainty in tissue 
properties and device design parameters. Future work will include investigation of robust 
fluence correction models that more accurately simulate complex beam geometries such as 
offset noncircular beams, which are commonly employed in clinical PAI [61]. 

In conclusion, we have developed and validated a test method based on a dynamic blood 
flow phantom that is suitable for characterizing SO2 measurement accuracy of MPOI systems. 
Results provide key insights into the impact of tissue properties and system design on 
performance and highlight the critical role that fluence corrections play in multispectral PAI. 
This test platform may serve as a foundation for future standardized MPOI performance test 
methods. 
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