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Abstract

Photoacoustic imaging (PAI) of biological tissue has seen immense growth in the past decade, 

providing unprecedented spatial resolution and functional information at depths in the optical 

diffusive regime. PAI uniquely combines the advantages of optical excitation and acoustic 

detection. The hybrid imaging modality features high sensitivity to optical absorption and wide 

scalability of spatial resolution with the desired imaging depth. Here we first summarize the 

fundamental principles underpinning the technology, then highlight its practical implementation, 

and finally discuss recent advances towards clinical translation.
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1. Introduction

The photoacoustic (PA) effect refers to a phenomenon of generating acoustic waves from an 

object being illuminated by pulsed or intensity-modulated continuous-wave (CW) 

electromagnetic waves, especially light. Although its first demonstration by A. G. Bell dates 

back to 1880 (1), the PA effect has been widely exploited only recently in a number of 

fields, ranging from basic sciences to engineering (2; 3). In biomedicine, the application of 

the PA effect started in the 1970s (4); however, not until the last decade of the 20th century 

were breakthroughs achieved in demonstrating the PA effect in optically scattering media 

and biological tissue (5; 6). In particular, the demonstration of functional PA imaging (PAI) 

propelled the field into a fast developing stage (7). PAI has now become one of the largest 

research areas in the field of biomedical optics.

PAI combines the advantages of optical excitation and acoustic detection, resulting in a 

hybrid imaging modality that has high sensitivity to optical absorption (8) and the capability 
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for deep imaging in soft tissue. Although pure optical imaging methods can also detect 

optical absorption by measuring the intensity variation in transmitted or reflected light, they 

are generally two orders of magnitude less sensitive than PAI (9). Additionally, since an 

acoustic wave has a much lower scattering coefficient in biological tissue than light, PAI 

offers high spatial resolution imaging at a greater depth than conventional optical imaging 

methods, thereby ultrasonically breaking through the optical diffusion limit.

Cross-sectional or three-dimensional PAI is referred to as photoacoustic tomography (PAT). 

The spatial resolution and imaging depth within the reach of diffusive photons in PAT is 

highly scalable. In the diffusive regime, the spatial resolution of PAT is derived from 

ultrasonic detection. As the ultrasonic center frequency and bandwidth increase, the spatial 

resolution improves at the expense of a decreased imaging depth because higher frequency 

ultrasound experiences more attenuation, and vice versa. The depth-to-resolution ratio is 

determined by the space-bandwidth product a modality can measure in volumetric imaging. 

In PAT, the depth-to-resolution ratio is ~ 200 (10), nearly two orders of magnitude higher 

than that in diffuse optical tomography (11).

In this review, we introduce the fundamental principles of PAI in the time and frequency 

domains, and theoretically compare their signal-to-noise ratios (SNR) based on laser safety 

standards. Then we discuss multi-scale PAT and its major implementation. The subsequent 

section focuses on the role of PAT in quantitative measurements. After that, current 

technical advances towards translational PAT are reviewed. Finally, the field is summarized, 

and future directions are discussed.

2. Principles

Upon absorbing a photon, the molecule transitions from the ground state to an excited state. 

The energy is released primarily via two paths: radiative decay, i.e., fluorescence, or non-

radiative decay, i.e., thermal dissipation. If the excitation light is a short pulse (time domain) 

or intensity-modulated (frequency domain), the generated heat during non-radiative decay 

produces an ultrasonic wave via thermoelastic expansion, referred to as the PA wave. The 

fundamental principles of PAI in the time domain and frequency domain are addressed in 

this section.

2.1 Time-domain photoacoustics

There are two important time scales associated with pulsed laser heating: thermal relaxation 

time and stress relaxation time. The excitation is defined as being thermally or stress 

confined if the laser pulse duration is much shorter than the corresponding relaxation time.

The thermal relaxation time characterizes the thermal diffusion over a region and is 

estimated by , where αth is the thermal diffusivity (m2/s) and dc is the 

characteristic dimension of the heated region or the desired spatial resolution. The stress 

relaxation time describes the pressure propagation and is given by τs = dc/vs, where vs is 

the speed of sound (m/s).
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Upon excitation, the fractional volume expansion dV/V can be expressed as

(1)

Here κ is the isothermal compressibility (Pa−1) and β is the thermal coefficient of volume 

expansion (K−1). p and T denote the pressure (Pa) and temperature (K), respectively. 

Provided that the thermal and stress confinements are both satisfied, the fractional volume 

expansion is negligible and the pressure immediately builds up within the heated region. The 

initial pressure rise p0 can be derived from Eq. 3:

(2)

which can be rewritten as

(3)

Here Ae is the specific optical absorption (J/m3), ηth is the percentage of absorbed energy 

that is converted to heat, ρ is the mass density (kg/m3), and CV is the specific heat capacity 

at constant volume (J/(kg.K)). To simplify Eq. 3, a dimensionless quantity, the Grueneisen 

parameter, is defined as

(4)

Substituting Γ into Eq. 3 yields

(5)

In case of linear optical absorption, i.e., Ae is proportional to the local optical fluence F 

(J/cm2), Eq. 5 becomes

(6)

where μa is the optical absorption coefficient (cm−1).

The rapid deposition of laser energy causes an immediate increase in pressure within the 

heated region. Under conditions of thermal linearity (12) and thermal confinement, the 

release of this pressure through the thermoelastic expansion gives rise to an ultrasonic wave. 

The acoustic pressure p of the ultrasonic wave is governed by the following wave equation 

(13):
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(7)

Here H is the heating function defined as the heat deposited per unit volume and per unit 

time, and H is related to the specific optical absorption Ae by .

The spatial and temporal profiles of pressure p(r⃑,t) derived from Eq. 7 are affected by the 

geometry of an absorber (14), the laser pulse duration (14), the mass density ratio ρ ̂and 

sound speed ratio v ̂s of the absorber to surrounding media (13), and the ultrasonic 

attenuation (15). Under conditions of delta-pulse excitation, ρ̂ = 1, v̂s = 1, and zero ultrasonic 

attenuation loss, a forward solution to Eq. 7 is (16)

(8)

where p0(r⃑′) is the initial pressure rise at position r ⃑′. If the pulsed excitation has a finite 

duration, the pressure waveform can be computed by a convolution with the delta-pulse 

response:

(9)

where H(t) is the temporal profile of the excitation pulse. For monopole radiation—i.e., 

radiation from a point absorber at r ⃑′ = 0 (12), Eq. 8 becomes

(10)

Substituting Eq. 10 into Eq. 9 yields

(11)

Equation 11 implies that, in time-domain PAI, the monopole PA amplitude is proportional to 

the product of the initial pressure rise p0 at the origin and the first time derivative of 

excitation pulse temporal profile H(t).

Equations 8–11 are based on the hypothesis of no ultrasonic loss during propagation; 

however, since most time-domain PAI methods collect broadband ultrasonic signals, the 

frequency-dependent ultrasonic attenuation becomes a dominating factor when one 
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calculates the pressure in the far field (15). Consequently, the pressure waveform p(r⃑,t)is 

subject to filtering with the ultrasonic attenuation function U(ω) of the medium:

(12)

where F denotes Fourier transformation. For water and muscle, U(ω) has a form of 

 and , respectively (17), where α denotes the ultrasonic 

attenuation coefficient (Hz−2/m or Hz−1/m). Equation 12 implies that the ultrasonic 

attenuation not only reduces the PA amplitude, but also broadens the PA wave temporal 

profile, thereby degrading the spatial resolution in acquired images (15). To improve image 

quality, the ultrasonic attenuation can be accounted for mathematically (18; 19).

2.2 Frequency-domain photoacoustics

The analytical description of frequency-domain PAI is most conveniently formulated by 

utilizing the Fourier transformation. Below, tilde above a variable denotes the Fourier 

transform of the variable. Eq. 7 is Fourier transformed into an inhomogeneous Helmholtz 

equation:

(13)

where k = ω/vs is the acoustic wave number. Note that heat diffusion is ignored even when 

the sinusoidal excitation lasts longer than the thermal relaxation time. A general Green’s 

function solution of Eq. 13 for unbounded media is

(14)

Equation 14 implies that, in frequency-domain PAI, the PA amplitude is proportional to the 

modulation frequency ω at the origin.

In the far field where |r⃑| ≫ |r⃑′|, we have |r⃑ − r ⃑′| ≈ |r⃑| − r̂ · r⃑′. Equation 14 becomes

(15)

In case of monopole radiation, we have H̃(r⃑′,ω) = μaĪηthδ(r ⃑′), where Ī is the average laser 

fluence rate. Accordingly, Eq. 15 becomes
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(16)

The harmonic PA signal (Eq. 16) can be measured with a high SNR by lock-in detection 

(20). However, it is not suitable for depth-resolved imaging due to phase wrapping at a 

single frequency. In order to achieve sectioning capability, chirped optical excitation has 

been exploited (21–23), with a typical form as a linear frequency sweep

(17)

where ωc is the central frequency of the chirp, Bch and Tch are the frequency bandwidth and 

duration of the chirp. Because the temperature oscillation follows the laser-heating 

oscillation, the received pressure is also chirped, with a time lag τ dependent on the depth of 

the absorber. The frequency-modulated acoustic wave can be detected by a single transducer 

or a transducer array (24), provided that the transducer’s frequency response is consistent 

with the chirp’s bandwidth. Signal processing methods, such as frequency-domain cross-

correlation or spectral analyzer technique (21), have been employed to recover the time lag τ 

and the corresponding absorber’s depth.

2.3 Signal-to-noise ratios in the time and frequency domains

In both time-domain and frequency-domain PAI, the detected PA response voltage from a 

transducer equals

(18)

where Qtr(ω) is the normalized transfer function of the transducer and ξ is the sensitivity of 

the transducer at its peak frequency. A typical sensitivity range of polymer film transducers 

is 6–10 μV/Pa (25; 26).

In case of monopole radiation, combining Eq. 11, 16, and 18 gives PA response voltages in 

the time-domain and frequency-domain, respectively

(19)

(20)
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where Fpul is the laser fluence in pulsed mode and Īcw is the average laser fluence rate in 

CW mode. The ratio of peak PA response voltage in the time-domain to that in the 

frequency-domain is calculated as

(21)

If the temporal profile for pulse excitation is Gaussian, i.e., , 

Eq. 21 becomes

(22)

We can estimate the ratio in Eq. 22 based on the ANSI laser safety standards (27), which 

regulate the maximum permissible Fpul and Īcw for pulsed and CW radiations. In the visible 

spectral range (400 nm–700 nm), the maximum permissible exposure of skin to pulsed laser 

radiation (1 ns to 0.1 μs pulse duration) and CW laser radiation (> 10 s exposure time) is 20 

mJ/cm2 and 200 mW/cm2, respectively. With a duration of 10 ns for pulsed excitation and a 

modulation frequency of 100 MHz for CW excitation, Eq. 22 gives |Vtr,TD|max/|Vtr,FD|max 

~106.

The signal-to-noise ratio (SNR) in PAI is defined as

(23)

Here  is normally dominated by the thermal noise, which is governed by the equation 

 — where kB is the Boltzmann constant, T is the absolute temperature, R 

is the loading resistor, and Δf is the detection bandwidth. Assuming that in the frequency 

domain the PA signals are detected by a phase-sensitive detector with an equivalent noise 

bandwidth as narrow as 1 Hz (time constant: 0.125 s, 12 dB/octave rolloff), and in the time 

domain they are detected by a broadband detector with 100 MHz bandwidth, we have

(24)

Equation 24 implies that, with typical excitation and detection parameters, the SNR in the 

time-domain is about four orders of magnitude (40 dB) higher than that in the frequency-

domain despite the different data acquisition times. The SNR in the frequency domain may 
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become comparable to that in the time domain by choosing a much longer time constant 

during lock-in detection. This process, however, compromises data acquisition speed. In 

addition, the flicker noise becomes significant when the bandwidth is less than 1 Hz, 

limiting the usage of extremely narrow bandwidth during lock-in detection. Despite a lower 

SNR, it is worth noting that, compared to pulsed lasers, CW lasers have an advantage of 

being compact and less costly, a fact that lends credence to frequency-domain PAI in point-

of-care applications (28).

3. Multi-scale photoacoustic tomography and major implementations

The primary embodiment of PAI in biomedicine is PAT. PAT can image multi-scale living 

biological structures, ranging from organelles to organs. Depending on application fields and 

achievable spatial resolution, PAT is divided into optical-resolution photoacoustic 

microscopy (OR-PAM), acoustic-resolution microscopy (AR-PAM), photoacoustic 

computed tomography (PACT) and photoacoustic endoscopy (PAE). Additionally, although 

ultrasonic transducers are widely used as detectors in PAT, optical detection photoacoustic 

tomography (OD-PAT) emerges as a promising alternative. In this section, we review the 

state-of-art implementation of PAT in biomedicine.

3.1 Optical-resolution photoacoustic microscopy (OR-PAM)

To achieve high ultrasonic resolution requires collecting high-frequency acoustic waves. 

However, as described in Eq. 12, high frequency acoustic waves experience strong 

attenuation in soft tissue. Within the optical quasi-ballistic regime—depths less than ~1 mm 

in most biological tissue (16), light can be focused more tightly than ultrasound. To release 

the dependence of resolution on acoustic frequency, OR-PAM utilizes focused light to 

spatially confine the excitation, resulting in an optical diffraction-limited resolution in the 

lateral direction (29).

Unlike x-ray imaging, OR-PAM can either work in back-reflection (29–33) or transmission 

mode (34; 35), with typical setups shown in Fig. 1 (a) and (b), respectively. In both cases, 

the excitation laser is focused onto an object to excite acoustic waves. To maximize 

detection sensitivity, a focused ultrasonic transducer is adopted and aligned confocally with 

the optical lens. The lateral resolution of OR-PAM is optically determined by the laser 

wavelength in vacuo and the numerical aperture (NA) of the lens:

(25)

The axial resolution of OR-PAM is still acoustically determined by the bandwidth B of a 

ultrasonic transducer (36)

(26)

Ultimately, the choice of the acoustic bandwidth is based on the desired imaging depths.
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To achieve volumetric imaging, the object is normally raster-scanned in the transverse 

plane. The depth information is encoded into the time of flight of the PA wave, and can be 

recovered by d = vst. Here vs is the speed of sound in the media and t is the arrival time of 

the PA wave at the ultrasonic transducer. Since one laser pulse must be fired at each 

scanning position, the imaging speed of OR-PAM is limited by the laser repetition rate. By 

utilizing a high repetition rate laser (e.g., 100 kHz) and a water-immersible 

microelectromechanical systems (MEMS) scanning mirror, a B-scan rate up to 400 Hz over 

a 3-mm scanning range was reported (32).

OR-PAM works within the optical ballistic or quasi-ballistic regime. Due to light scattering, 

the imaging depth of OR-PAM is limited to around one transport mean free path (~1 mm) in 

biological tissue (16). Beyond this depth, the lateral resolution is degraded quickly and 

becomes acoustically limited (37). Compared to conventional optical microscopy 

technologies, OR-PAM has an advantage in providing high contrasts for endogenous 

chromophores without staining, enabling label-free imaging of biological tissue or cells in 

vivo and in transitioning into the diffusive regime smoothly. Representative images in Fig. 2 

show the imaging capability of OR-PAM at different scales: vasculature structure in a nude 

mouse ear (Fig. 2(a)), melanin in melanoma cells (Fig. 2(b)), and cell nuclei (Fig. 2(c)).

Optical ballistic regime refers to depths in scattering media within which photons have 

undergone negligible scattering. Quasi-ballistic refers to regime depths within which 

photons have sustained a few scattering events but retain a strong memory of the original 

incidence direction. Diffusive regime refers to depths within which photons have 

sustained a sufficient number of scattering events and lost nearly all memory of the 

original incidence direction.

3.2 Acoustic-resolution photoacoustic microscopy (AR-PAM)

In AR-PAM, rather than focus light to an optically diffraction-limited spot, a relative large 

area is illuminated. As a result, more laser energy is allowed by the ANSI laser safety 

standards (27) in AR-PAM than in OR-PAM, boosting the chance of photons reaching a 

much greater depth.

The illumination in AR-PAM can be either bright- (Fig. 3 (a) (39)) or dark-field (Fig. 3 (b) 

(40)). While the bright-field approach can deliver higher fluence to a targeted volume (39), 

the dark-field method has an edge on reducing surface interference to deeper PA signals 

(41). The spatial resolution of AR-PAM is acoustically limited along all axes. For a focused 

ultrasonic transducer with a aperture of diameter D, and focal length l, the lateral resolution 

is computed as (42)

(27)

where λ0 is the acoustic wavelength, while the axial resolution can still be calculated by the 

same equation (Eq. 26) as in OR-PAM. The only difference in the pre-factor between this 
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equation and Eq. 25 lies in the fact that optical illumination is intensity-based and acoustic 

detection is amplitude-based. The ratio between the two pre-factors is approximately square 

root of 2.

In contrast to OR-PAM, AR-PAM can work in an optical diffusive regime. The achievable 

imaging depth is highly scalable with image resolution, and depends on the central 

frequency and bandwidth of an ultrasonic transducer. For example, a 44 μm lateral 

resolution was measured at a depth of 4.8 mm with a 50 MHz ultrasonic transducer (39), 

while a lateral resolution of 560 μm was reported at a depth of 38 mm by using a 5 MHz 

ultrasonic transducer (43).

3.3 Photoacoustic computed tomography (PACT)

Rather than relying on raster scanning as in PAM, PACT uses an array of ultrasonic 

transducers to detect PA waves emitted from an object at multiple view angles 

simultaneously, allowing a much faster cross-sectional or volumetric imaging speed at the 

expense of system and computational costs (44–46).

To accurately render an object’s boundaries, at least a π-arc directional view is required to 

be covered by a detector array in 2D PACT (44). Ultrasonic transducer arrays with various 

populating patterns, such as line (47), half ring (48; 49), full-ring (50; 51) and hemisphere 

(52), have been employed and demonstrated in both animal and clinical applications.

The imaging speed of PACT is normally limited by the data acquisition system. A current 

state-of-art PACT system can achieve a rate up to 8 frames/second with a lateral resolution < 

200 microns over a 2 cm disk-shaped region (50). Fig. 4 shows a variety of mouse organs 

measured by a PACT system equipped with a full-ring transducer array of 512 elements 

(51).

3.4 Photoacoustic endoscopy (PAE)

PAT of internal organs through endoscopy is referred to as PAE (53). Compared to routinely 

used clinical ultrasound endoscopy, PAE offers the same strength in spatial resolution while 

providing additional functional information at physiological sites.

PAE features the miniaturization of both optical illumination and acoustic detection 

components, allowing them to be assembled in a compact package. Fig. 5 shows a typical 

setup of a PAE probe, which has an outside diameter of 3.8 mm. This probe integrates 

ultrasonography with PAE, and is designed for gastrointestinal tract imaging (54). 

Circumferential sector scanning is accomplished by rotating a scanning mirror, which 

reflects both ultrasonic waves and illumination laser pulses to a physiological site. The 

ultrasonic wave and pulsed laser are fired sequentially, and the ensuing ultrasound echoes 

and PA signals are collected by the same ultrasonic transducer after being reflected by the 

mirror. By using this PAE probe, an angular field-of-view of 270 degrees and a depth of 

over 5 mm were achieved in a rabbit esophagus imaging experiment (54).
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3.5 Optical-detection photoacoustic tomography (OD-PAT)

Instead of using piezoelectric detection in conventional ultrasonic transducers, the PA 

signals can also be detected by optical approaches. There are two strategies: One probes PA-

induced refractive index changes of the medium (55–59), and the other senses the 

deformation of the pressure sensor (60–62).

To measure PA-induced refractive index changes, phase imaging techniques, such as Mach–

Zehnder interferometry (55) or phase contrast microscopy (59), were exploited, with typical 

setups shown in Fig. 6 (a) and (b), respectively. In a Mach–Zehnder-interferometry-based 

setup (Fig. 6a), the sample is close to one arm of the interferometer. The acoustic waves 

change the refractive index of the medium along this arm (sample arm) while leaving the 

other arm (reference arm) unaffected. A phase difference is thus introduced between the 

beams from these two arms, and can be recovered by recording their interference. To 

reconstruct a three-dimensional (3D) image, the pressure field is measured at multiple 

positions by rotating and translating the sample.

In a phase-contrast-microscopy-based setup (Fig. 6(b)), upon PA excitation, the local 

medium’s refractive index change splits the probe light into perturbed (dashed line) and 

unperturbed (solid line) beams. A π/2 phase difference is added to the perturbed beam by a 

phase plate located at the Fourier plane of the sample. The two light beams are then 

combined to produce an interfere fringe on a CCD camera. A full 2D pressure field is 

recovered by the phase unwrapping of the interferogram. Due to its 2D parallel acquisition, 

phase contrast microscopy is superior to Mach–Zehnder interferometry in terms of imaging 

speed for OD-PAT (59).

The problem of measuring PA signals through sensing refractive index changes resides in 

the low piezo-optical conversion ratio, e.g., ∂n/∂p = 1.47 × 10−10 Pa−1 for water (63). State-

of-the-art phase imaging techniques can recover an optical path length (OPL) change as 

small as 0.5 nm (64). For a PA wave with a bandwidth of 20 MHz, its envelope L spans ~ 66 

μm in space. If we treat L as the interaction distance between the pressure field and coupling 

water, the minimum measurable refractive index change in water can be approximated as Δn 

= OPL/L = 7.6 × 10−6, which corresponds to a pressure amplitude of Δp = Δn × ∂p/∂n = 5.2 

× 104 Pa. The noise-equivalent pressure (NEP) of this detection scheme thus equals 

 (20 MHz bandwidth), which is four orders of magnitude higher than a typical 

NEP of a broadband piezoelectric transducer ( , Ferroperm, Denmark).

Noise-equivalent pressure (NEP) is a measure of the sensitivity of an acoustic detector. It 

is defined as the pressure that gives a signal-to-noise ratio of unity in a one hertz output 

bandwidth.

To improve the sensitivity, the second strategy directly measures the deformation of 

pressure-sensitive materials using optical resonance. Two successful implementations are 

high Q polymer microring resonators (Fig. 7(a)) (65; 66) and Fabry-Perot interferometer 

(FPI) (Fig. 7(b)) (60–62). When PA waves impinge on a pressure sensor, the pressure 

modulates the resonance wavelength and thereby the output probe laser power. The 
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minimum NEPs reported for microring resonator-based systems and FPIs are 

 (25 MHz bandwidth) (67) and  (20 MHz 

bandwidth) (68), respectively. Currently, FPI stands out among OD-PAT methods due to its 

superior imaging performance. Two representative images of a mouse embryo and 

colorectal tumor captured by a FPI are shown in Fig. 8 (a) and (b), respectively.

4. Quantitative photoacoustic sensing and imaging

4.1 Photoacoustic oxymetry

The blood oxygenation can potentially be used to measure hypermetabolism, a hallmark of 

cancer (69). The key measure of blood oxygenation is oxygen saturation of hemoglobin 

(sO2), which is defined as the ratio of oxy-hemoglobin concentration to the total hemoglobin 

concentration:

(28)

where CHbO2 and CHHb refer to the concentrations of oxy-hemoglobin and deoxy-

hemoglobin, respectively. Since oxy-hemoglobin and deoxy-hemoglobin have different 

absorption spectra μa(λ), PAT can discriminate these two chromophores and quantifying 

their concentrations in vivo without labeling.

As indicated in Eq. 8, in time-domain PAT, the initial pressure rise after pulsed laser 

excitation is proportional to the product of the absorption coefficient, μa, and the local 

fluence, F. Provided that the dependence of the fluence F on the optical wavelength λ is 

known, the sample’s absorption spectrum μa(λ) is estimated as

(29)

where p(λ) is the PA amplitude. After that, one can derive the concentrations of oxy-

hemoglobin and deoxy-hemoglobin by applying a spectral unmixing algorithm (70), and 

calculate sO2 distribution by using Eq. 28. As a representative image, Fig. 9 shows a dual-

wavelength measurement of sO2 in a nude mouse ear by OR-PAM.

The accuracy of recovered sO2 relies on the SNR of each spectral channel and the condition 

number of the spectral component matrix (71). While increasing the number of spectral 

channels and optimizing the spectral component matrix are usually restricted by available 

laser wavelengths, a recent study showed that improving channel SNR is more effective and 

can be easily achieved by employing a spectrally coded illumination (72).

However, due to light scattering and absorption, the fluence F in deep tissue is usually 

heterogeneous and its dependency on wavelength is unknown. The correction of PA signals 

for fluence variations, referred to as quantitative photoacoustic sensing and imaging, has 

been addressed via various approaches (73–76). Additionally, fluence-independent 

quantities, including acoustic spectra (77; 78) and molecular lifetime (79), have been used to 

recover blood sO2.
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4.2 Photoacoustic thermometry

PA thermometry refers to the method of deriving the temperature distribution within a 

sample from measuring PA signals. The PA thermometry has been implemented both at 

cellular (81; 82) and tissue levels (83–85). In time-domain PAT, the initial pressure rise p0 is 

proportional to the Grueneisen parameter Γ, which has a linear relationship with the 

temperature of the surrounding medium, as given by an empirical relation (16):

(30)

where A and B are constants, and T is the local temperature. In a non-scattering absorbing 

medium, Eq. 30 can be rewritten for the detected pressure amplitude as

(31)

where μa is the absorption coefficient, F0 is the laser fluence at the sample surface, and z is 

the depth. If the absorbing medium is optically thin, such as a biological cell, Eq. 31 is 

simplified to

(32)

With fluence correction and system calibration, the following quantity S is recovered:

(33)

where k is the system’s pressure sensitivity. Rearranging Eq. 33 gives

(34)

Since the coefficients 1/kμaB and A/B can be calibrated for, Eq. 34 can be used to 

reconstruct a temperature map. Fig. 10 shows temperature images of a cell during a 

photothermal heating process measured by OR-PAM (81). A temperature resolution of 0.2 

°C was achieved with an acquisition time of 3 seconds/C-scan.

In the case that the sample is optically thick, such as in biological tissue, the fluence varies 

with the depth. Herein the PA amplitude cannot be simply corrected with the surface fluence 

F0. Instead, a baseline PA image at a reference temperature T0 is required (83). Dividing the 

PA amplitude measured at temperature T with that measured at T0, and rearranging the 

equation gives

(35)
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Equation 35 indicates that, by acquiring two PA signals, the temperature can be recovered at 

various depths.

It is worth noting that, to image absolute temperatures, the calibration must be done at the 

same environment as that in real temperature imaging. However, inserting a thermocouple 

into tissue is invasive, an operation that limits PA thermometry for in vivo studies. 

Calibration-free temperature imaging remains a challenge in PA thermometry.

4.3 In vivo photoacoustic flowmetry

PA flowmetry refers to the method of measuring flow speed based on PA imaging. 

Compared to ultrasonic flowmetry (86), PA flowmetry has an advantage in low flow speed 

(<1 mm/s) measurement.

The flow velocity vector is decomposed into two components: axial speed (along the 

ultrasonic transducer axis), and transverse speed (perpendicular to the transducer axis). 

Analogous to the ultrasonic Doppler effect, the PA Doppler (PAD) effect was observed and 

utilized in axial speed measurement (87; 88). The PAD shift in a clear medium is expressed 

as

(36)

where f0 denotes the optical modulation frequency, vp is the flow speed of the particles, vs is 

the speed of sound in the medium, and θ is the angle between the flow direction and the 

acoustic wave propagation direction. This frequency shift equals half of that in pulse-echo 

Doppler ultrasound and does not depend on the direction of laser illumination.

Due to the CW excitation, the single-frequency PAD approach cannot readily provide the 

depth resolution. To overcome this problem, a recent study proposed a pulsed PA Doppler 

(PPAD) flowmetry method (89), measuring the change in the time-of-arrival of successive 

PA waves emitted by a moving cluster of absorbers by using time-domain cross-correlation 

of PA waveform pairs generated within the acoustic focus using pairs of light pulses. PPAD 

is analogous to the CW PAD method except that the flow speed is now proportional to a 

fractional time shift rather than a frequency shift. Owing to the adoption of pulsed 

excitation, PPAD offers depth-resolved measurements with high spatial resolution.

However, in the case that the transverse flow speed component dominates, the original PAD 

method fails because the transverse speed component does not contribute to the frequency 

shift. An alternative is based on the Doppler broadening of bandwidth, an effect due to the 

frequency difference between the extremities of the received acoustic wavefront from an 

absorber moving orthogonal to the transducer axis (90). The broadening parameter BD can 

be derived from the autocorrelation function of sequential A-scans, which were captured 

when the same type of absorbers passed through the laser focus:
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(37)

where t is the flight time in the A-scan signal, Aj is the jth A-scan signal, T is the time 

interval between adjacent A-scans, n is the number of sequential A-scans used for Doppler 

calculation, and K is a calibration factor. A linear dependence of the broadening parameter 

on the flow speed was validated, and the compatibility of this method with high-resolution 

PAM was demonstrated in vivo (Fig. 11). The maximum detectable flow speed was 7.4 

mm/s, limited by the laser repetition rate; while the minimum detectable flow speed was 0.1 

mm/s, limited by the SNR (90).

The PA flowmetry is superior to other Doppler-effect-based methods, such as functional 

OCT (91) or Doppler ultrasonography (92), in blood flow measurement because PA 

provides unique 100% optical absorption contrast (8) while purely optical or ultrasonic 

approaches depend on optical or ultrasonic scattering, respectively. Functional OCT and 

Doppler ultrasonography thus suffer from a lack of sensitivity to red blood cells (RBC), 

especially in measuring slow blood flow (<1 mm/s). Slowly flowing RBCs yield small 

Doppler shifts or bandwidth broadening, which are easily obscured by the phase noise as in 

OCT (93) or motion of surrounding tissue as in ultrasonography (94). In Doppler 

ultrasonography, to some extent one could improve by employing high frequency ultrasound 

to increase scattering at the expense of penetration. For these reasons, the PA flowmetry is 

particularly advantageous in the measurement of low blood flow velocities in the 

microvasculature (89).

For extremely slow flow measurement, PA correlation spectroscopy (PCS) was exploited 

due to its high detection sensitivity (95; 96). PCS was inspired by its optical counterpart — 

fluorescence correlation spectroscopy, and measures PA signal fluctuations within the laser 

focus volume. The autocorrelation function is defined as

(38)

where δp(t) = p(t) − 〈p(t)〉 is the fluctuation of PA signal p(t), and 〈p(t)〉 denotes an 

ensemble average. The temporal decay profile of the autocorrelation function reveals 

absorbers’ dwell time, which is inversely proportional to the flow speed. The measurable 

flow speed range was from 14.9 μm/s to 249 μm/s (95).

4.4. In vivo photoacoustic flow cytometry

PA flow cytometry (PAFC) refers to the time-resolved detection of circulating absorbing 

objects, e.g., tumor cells, by means of photoacoustic sensing (97–99). Compared to 

conventional flow cytometry using scattering or fluorescent detection, PAFC has an 

advantage of not requiring extraction of cells from a living system, thereby allowing a long-

term study of cells in their natural biological environment.

Wang and Gao Page 15

Annu Rev Biomed Eng. Author manuscript; available in PMC 2014 August 11.

A
uthor M

anuscript
A

uthor M
anuscript

A
uthor M

anuscript
A

uthor M
anuscript



The operation principle of in vivo PAFC is based on the excitation of selected vessels with a 

pulsed laser, followed by the time-resolved measurement of PA signals with an ultrasonic 

transducer gently held against the skin (Fig. 1). Analogous to the laminar flow chamber in in 

vitro flow cytometry, here the blood or lymph vessels function as natural tubes with cell 

flow. As shown in Fig. 1(b), since the irradiation of blood vessels creates a constant PA 

background, the contrasts in PAFC can be either positive or negative. The positive contrast 

in PAFC can be used to detect higher absorption targets than red blood cells (RBCs) such as 

melanoma cells (100) or cells labeled with nanoparticles (99), while the negative contrast 

can be used to sense lower absorption targets as in the case of platelets or white blood cells.

A potential application of PAFC is in vivo detection of circulating tumor cells (CTCs). The 

spread of cancer among organs, a process known as metastasis, is the primary factor that 

causes cancer death. Detection of CTCs plays a critical role in evaluating metastasis as well 

as cancer recurrence and therapeutic efficacy (101). However, conventional in vitro 

diagnosis is not sensitive enough due to the limited volumes of blood samples. In contrast, 

PAFC has a capability of measuring a blood volume up to a patient’s entire blood volume in 

vivo, resulting in a significant improvement in sensitivity (102).

The major challenge of using PAFC in detecting CTCs is the suppression of strong PA 

background from blood, which can easily mask the signals from rare cell types. A recently 

developed imaging technique, magnetomotive PAFC, provided a solution through the 

magnetic accumulation and manipulation of cells targeted with magneto-sensitive contrast 

agents (103–105). With an effective magnetic trapping system, the targeted cells were 

accumulated, manipulated, and then differentiated from the non-magnetic background by 

motion filtering. This approach is of particular interest for clinical applications because it 

can sample large blood volumes in a short time while providing real-time readout.

4.5 Forster resonance energy transfer photoacoustic microscopy

Forster resonance energy transfer (FRET) microscopy (106) is routinely used in modern 

biological research. However, due to light scattering, the achievable penetration depth of 

FRET in biological tissue is usually less than 1 mm, limiting their application for in vivo 

studies. To realize deep tissue FRET imaging, a recent study combined FRET with PAT, 

yielding a new imaging modality– FRET-PAM (107; 108).

FRET-PAM utilizes a donor fluorophore and a non-fluorescent acceptor chromophore as a 

FRET pair. The emission spectrum of the donor overlaps considerably with the absorption 

spectrum of the acceptor, resulting in a non-radiative energy transfer when their distance is 

within 10 nm. Since the acceptor is non-fluorescent, the energy of the acceptor is released 

primarily via thermal dissipation, generating PA signals which are then detected by an 

ultrasonic transducer in the far field. Phantom results showed that PAM can be used to 

image FRET efficiencies through 1-cm-thick skin tissue (108).

4.6 Stimulated Raman photoacoustic microscopy

Akin to FRET microscopy, the imaging depth of conventional stimulated Raman (SR) 

microscopy is also limited by light diffusion (109). The recent marriage of SR with PAM 
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offers an ideal solution to this problem (110). In SR-PAM, by utilizing two excitation laser 

pulses (pump, ωp and Stokes, ωs), separated in frequency by the vibrational frequency of a 

targeted molecule, only a specific vibrational band is excited. The energy of this excitation 

state is partially transferred into heat, yielding PA signals which are then detected by an 

ultrasonic transducer. Benefit from low acoustic scattering, one millimeter penetration depth 

has been reported in an in vivo SR imaging experiment (111).

5. Technical advances from bench to bedside

Translational PAT has attracted growing interest in the past decade. The major applications 

are breast cancer imaging (52; 112–114), brain imaging (115), and sentinel lymph node 

mapping (116; 117). In this section, the recent technical developments in these three areas 

are reviewed, and the current progress towards other clinical use is discussed.

5.1 Breast imaging

Breast cancer is the most common cancer in women and the second leading cause of cancer 

death in women. Early diagnosis is crucial for the cure and survival of breast cancer. 

Conventional screening methods rely on x-ray mammography and ultrasonography; 

however, x-ray mammography suffers ionizing hazard and insensitivity to tumors in dense 

breasts, while ultrasonography is insensitive to breast cancer at an early stage due to low 

acoustic contrast.

Breast imaging is one of the first niche clinical applications of PAT due to its great potential 

to overcome the limitations of x-ray mammography and ultrasonography. Three 

representative instruments, LOIS-64 (112), modified Philips iU22 (118), and Twente PA 

mammoscope (114; 119) are shown in Fig. 13 (a)–(c), respectively. All three systems have a 

similar patient-instrument interface — they were built into a hospital bed, and require a 

patient lying prone on the bed with her breast pendant through the aperture in the bed for 

imaging.

The LOIS-64 PAT system detects PA signals with an arc-shaped array of ultrasonic 

transducers (64 elements, 2.5 MHz bandwidth). The illumination with a wide laser beam 

orthogonal to the transducer array allows small variations of optical fluence within an area 

of interest, which is essential for high-quality PA imaging. The lateral resolution of the 

LOIS-64 system was reported as 0.5 mm (112).

The modified Philips iU22 is the first clinical system that integrates PA, thermoacoustic and 

ultrasound imaging, providing multiple, complementary contrasts for breast cancer diagnosis 

(118). The light delivery system and microwave antenna are assembled into one module, 

allowing a mechanical-free switch operation between PA and thermoacoustic imaging. A 

linear ultrasonic transducer array (80 elements, 5 MHz bandwidth) is used to acquire 

ultrasound, PA, and thermoacoustic images. The lateral and axial resolutions of the modified 

Philips iU22 system are 0.72 mm and 3.5 mm, respectively.

Twente PA mammoscope uses a flat ultrasonic transducer array (590 elements, 1 MHz 

bandwidth) in a parallel plate configuration. The light delivery system scans across the 
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surface of a breast through a glass window. A mild compression is required between the 

glass window and the detector matrix to obtain a uniform thickness of the breast and a good 

acoustic contact with the detector. The lateral resolution ranges from 3.1 mm to 4.4 mm, 

while the axial resolution ranges from 3.2 mm to 3.9 mm (119).

5.2 Brain imaging

Currently, the major imaging modalities for human brain imaging include X-ray computed 

tomography (CT), magnetic resonance imaging (MRI), and ultrasound. CT uses ionizing 

radiation, and MRI uses a strong magnetic field, leading to a costly setup. Ultrasonography 

can be used only in pediatric brain imaging before the closure of the fontanel. In contrast, 

PAT is less costly, and allows a superior penetration depth and functional sensitivity.

The major challenges for PAT brain imaging are the effective delivery of light through the 

skull and the correction for skull-induced acoustic aberrations. A skull is a highly scattering 

medium, attenuating both illumination light and acoustic signals. Although PAT of the brain 

through a skull was well conducted on monkeys (120; 121) and an infant (122), not until 

very recently, were the feasibility of imaging through adult skulls demonstrated (115). Since 

an adult skull is much thicker (~ 7 mm) than a monkey skull or an infant, the attenuation of 

light becomes more severe — only ~ 2% of photons can pass through (115). To maximize 

the transmitted photons, a photon recycler was designed to reflect back the scattered photons 

from the surface (115). With a 1-MHz spherically focused transducer that circularly scanned 

the skull at 200 positions, a spatial resolution of 1 mm and an SNR of 2.4 were achieved in 

an ex vivo experiment (115). However, due to the acoustic velocity mismatch and mode 

conversion between the skull and the coupling medium, the reconstructed PAT images were 

blurred. An advanced reconstruction algorithm has been developed to compensate for skull-

induced acoustic aberrations and improve image fidelity with the help of adjunct CT images 

(123).

5.3 Sentinel lymph node mapping

Sentinel lymph node (SLN) biopsy is a preferred method for axillary lymph node staging of 

breast cancer patients. Ultrasound guidance of minimally invasive interventions is widely 

performed, resulting in improved treatment outcomes and shorter recovery. However, 

ultrasonography cannot provide a sufficient contrast to identify SLN, reducing the 

sensitivity of ultrasound-guided fine needle aspiration biopsy (124).

To take advantage of the high sensitivity of PAT to optical absorption, a handheld array-

based PAT probe was developed for SLN mapping (116; 117). The system was built upon a 

clinical ultrasound system (iU22, Philips Healthcare) with an integrated fiber bundle 

illumination, allowing handheld scanning operation as in ultrasonography. The two 

illumination optical beams are obliquely incident on the tissue surface as rectangles. The PA 

signals are detected by a linear array ultrasound probe (L8-4, Philips Healthcare) with a 

nominal bandwidth of 4 to 8 MHz. By using this probe, the accumulation of an optical dye 

in the SLN, which was 2 cm below the tissue surface, was identified in a rat SLN mapping 

experiment (117).
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5.4 Current progress towards clinical use

Breast PAT imaging is now in the phase of clinical application. By using the Twente 

photoacoustic mammoscope, the PAT images in 4 of 6 cases of patients with symptomatic 

breasts revealed higher intensity regions attributed by tumor-associated vascular 

distributions (125). A subsequent research further investigated the clinical feasibility of the 

PA mammography in a larger group of patients with different types of breast lesions (114). 

In all ten PAT measurements on patients, a confined region with a high contrast with respect 

to the background was observed, indicating the existence of malignant lesions. The removal 

of imaging artifacts contributed by the skin surface signal was also discussed, suggesting 

dark-field light delivery and multi-view detection would probably help.

PAT of SLN mapping using methylene blue also started being tested clinically for breast 

cancer patients. Preliminary data demonstrated that PAT has both the required penetration 

depth and spatial resolution for SLN mapping (126; 127), enabling a clinician to use non-

invasive diagnostic methods to stage the axilla without the morbidity of a surgery. Since the 

contrast agent methylene blue has already been used in clinical SLN biopsy, potentially an 

expedited FDA approval for a new optical contrast agent would significantly accelerate the 

translation of PAT into the clinic.

Currently, PAT imaging of the human brain is still in the pre-clinical study phase. However, 

promising improvements have been achieved in the past few years, raising confidence that 

PAT can be potentially a highly useful clinical tool for noninvasive functional brain imaging 

(115; 121; 123). Fig. 14 shows a representative work which demonstrated the feasibility of 

PAT through an intact human adult skull (115). Main brain cortical features were observable 

in the PAT images, and were in good agreement with the corresponding features in the 

photograph.

6. Conclusions and Outlook

In summary, PAT has broad applications from laboratory research to clinical patient care, 

yet future endeavors are still needed to further mature this technology. In this review, both 

fundamental principles of PAT and its state-of-art implementation and applications were 

discussed. However, an important topic that was not covered here is the development of 

exogenous contrast agents for biomedical PAT. One may refer to a more specific article for 

this topic (128).

The measurement of metabolic rate of oxygen (MRO2) emerges as a spotlight of PAT. 

MRO2 quantifies metabolism and thus is crucial for screening and treatment of metabolic 

diseases, particularly cancers and cerebral disorders. Accurate calculation of MRO2 requires 

measuring three parameters: cross section of blood vessels, concentration of oxy-

hemoglobin, and blood flow velocity. It is fortuitous that PAT can simultaneously measure 

all these independent parameters, allowing a complete assessment of MRO2 on a single 

imaging modality. The PAT measurement of MRO2 in humans is expected to have a 

profound impact on studies of tumor metabolism and neovascularization.
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MRO2: the amount of oxygen consumed in a given tissue region per unit time per 100 g 

of tissue or of the organ of interest.

Multimodality imaging integrating PAT with other complementary imaging techniques, e.g., 

fluorescence, ultrasound, and optical coherent tomography (OCT), will shed new light on 

biomedicine. PAT is sensitive to optical absorption contrasts with a preferably low 

fluorescent quantum yield, while fluorescence imaging provides excellent contrasts for 

chromophores with a high fluorescent quantum yield. Integration of PAT with fluorescence 

imaging facilitates studies on, for example, the effect of drugs on both cells and their 

surrounding microvasculature (129). While PAT provides high detection sensitivity to 

optical absorption, ultrasonography and OCT provide complementary morphologic 

information based on acoustic and optical scattering, respectively. Combining PAT with 

ultrasonography or OCT will be highly useful in clinical diagnosis (116; 130; 131). 

Particularly in human brain imaging, the ultrasound images of the skull can be potentially 

employed to correct for skull-induced acoustic aberrations, thereby improving the image 

quality of PAT.

Non-invasive quantitative imaging will become a mainstream of PAT. The physical quantity 

that PAT directly measures is the specific optical absorption (absorbed energy per unit 

volume) rather than the absorption coefficient. To accurately estimate the absorption 

coefficient, the laser fluence within tissue must be quantified first. Quantitative PAT 

employing non-invasive techniques, such as diffuse optical tomography or transport optical 

tomography, to estimate the fluence distribution will open up new areas of investigation for 

in vivo tissue imaging applications.
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Fig. 1. 
Optical setups of OR-PAM working in a (a) back-reflection and (b) transmission mode.
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Fig. 2. 
Photoacoustic maximum amplitude projection (MAP) images of (a) vasculature structure in 

a mouse ear, (b) melanin in melanoma cells, and (c) cell nuclei. Reprint with permission 

from Refs (30; 34; 38).
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Fig. 3. 
Optical setups of AR-PAM under (a) bright-field and (b) dark-field illumination. Note the 

light diffusion inside the objects. MF: multimodal fiber. UT: ultrasonic transducer.

Wang and Gao Page 29

Annu Rev Biomed Eng. Author manuscript; available in PMC 2014 August 11.

A
uthor M

anuscript
A

uthor M
anuscript

A
uthor M

anuscript
A

uthor M
anuscript



Fig. 4. 
PACT images of athymic mice acquired noninvasively at various anatomical locations: (a) 

the brain, (b) the liver, (c) the kidneys, and (d) the bladder. BL, bladder; BM, backbone 

muscle; CV, cortical vessels; EY, eyes; GI, GI tract; KN, kidney; LV, liver; PV, portal vein; 

SC, spinal cord; SP, spleen; and VC, vena cava. Reprint with permission from Ref. (51).
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Fig. 5. 
Simultaneous, multi-wavelength PA and ultrasonic endoscopy. (a) The endoscope carries 

out circumferential sector scanning by rotating a scanning mirror, reflecting both ultrasonic 

waves and laser pulses. At each angular step of the mirror (~1.42°), both the first 

(wavelength λ1) and second (wavelength λ2) pulsed laser beams are independently fired 

through an optical fiber and the acoustic pulse is generated by an ultrasonic transducer. The 

ensuing PA and ultrasonic echo waves are detected by the same ultrasonic transducer. (b) 

Photograph of the PAE probe. (c) Definition of Cartesian and cylindrical coordinate 

systems. (d) A volumetric image comprising consecutive B-scan slices. (e) A representative 

cross-section of (d) along the x-y plane, which shows the 270° angular FOV of the 

endoscope. Reprint with permission from Ref. (54).
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Fig. 6. 
Optical setups of OD-PAT using (a) Mach–Zehnder interferometry and (b) phase contrast 

detection. BF, bandpass filter; BFD, balanced photodetector; BS, beam splitter.
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Fig. 7. 
Optical setups of OD-PAT, with (a) a high Q polymer microring resonator and (b) a Fabry-

Perot polymer film as the pressure sensor. DM, dichroic mirror; EL: excitation laser; PB, 

probe beam; PD, photodiode; PF, polymer film; WG, wave guide.

Wang and Gao Page 33

Annu Rev Biomed Eng. Author manuscript; available in PMC 2014 August 11.

A
uthor M

anuscript
A

uthor M
anuscript

A
uthor M

anuscript
A

uthor M
anuscript



Fig. 8. 
Photoacoustic maximum amplitude projection (MAP) images of vasculature structures in (a) 

a mouse embryo and (b) colorectal tumor (LS174T) acquired by a FPI-based PACT system. 

Reprint with permission from Ref. (60; 61).
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Fig. 9. 
Structural and functional microvascular imaging by OR-PAM in a nude mouse ear in vivo. 

(a) Structural image acquired at 570 nm. (b) Vessel-by-vessel sO2 mapping based on dual-

wavelength (570 nm and 578 nm) measurements. The calculated sO2 values are shown in 

the color bar. A1: a representative arteriole; V1: a representative venule. Reprint with 

permission from Ref. (80).
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Fig. 10. 
Single-cell temperature imaging with photo-thermal heating. The cell was loaded with metal 

particles and heated by a CW laser. (a) through (c) show the cell temperature images before, 

during, and after heating, respectively. The cell is pseudo-colored based on its PA-recovered 

temperatures. Reprint with permission from Ref. (81).
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Fig. 11. 
PA imaging of sO2 and blood flow in a mouse ear. Maximum amplitude projection (MAP) 

image of (a) a structure and (b) sO2. Scale bar, 250 μm. MAP image of blood flow (c) speed 

and (d) velocity with directions. (e) Trace of sO2 and (f) blood flow speeds along the main 

vascular trunk. (g) Velocity profile indicated by the dashed line in (d). Reprint with 

permission from Ref. (90).
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Fig. 12. 
PA flow cytometry. (a) Schematic. (b) Absorption spectra of whole blood (red) and platelet-

rich plasma (blue). (c) Example of PA positive, negative, and combined contrasts from 

circulating clots of different compositions. (d) PA signal trace dynamics obtained with PA 

fluctuation flow cytometry in different vessels in normal and pathological conditions leading 

to RBC aggregation. Reprint with permission from Ref. (97).
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Fig. 13. 
Clinical PAT platforms for human breast imaging. (a) LOIS-64 PAT system (112). (b) the 

modified Philips iU22 system (118). (c) Twente PA mammoscope (119). ADC, analog to 

digital convertor; DAS, data acquisition system; ES, element selection; GW, glass window; 

MP, microprocessor; USTA, ultrasonic transducer array. Reprint with permission from Refs. 

(112; 118; 119).
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Fig. 14. 
PAT of a canine brain through a whole adult human skull. (a) PAT image of the human skull 

only. (b) PAT image of a canine brain acquired through the human skull. (c) Differential 

image of (b) and (a). (d) Image from (c) after high-pass filtering. (e) Photograph of the 

human skull from a top view. (f) Photograph of the canine brain cortex. Reprint with 

permission from Ref. (115).
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