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Abstract
Functional blood imaging can reflect tissue metabolism and organ viability, which is important for life science and biomedical 
studies. However, conventional imaging modalities either cannot provide sufficient contrast or cannot support simultaneous 
multi-functional imaging for hemodynamics. Photoacoustic imaging, as a hybrid imaging modality, can provide sufficient 
optical contrast and high spatial resolution, making it a powerful tool for in vivo vascular imaging. By using the optical-
acoustic confocal alignment, photoacoustic imaging can even provide subcellular insight, referred as optical-resolution 
photoacoustic microscopy (OR-PAM). Based on a multi-wavelength laser source and developed the calculation methods, 
OR-PAM can provide multi-functional hemodynamic microscopic imaging of the total hemoglobin concentration (CHb), 
oxygen saturation (sO2), blood flow (BF), partial oxygen pressure (pO2), oxygen extraction fraction, and metabolic rate of 
oxygen (MRO2). This concise review aims to systematically introduce the principles and methods to acquire various func-
tional parameters for hemodynamics by photoacoustic microscopy in recent studies, with characteristics and advantages 
comparison, typical biomedical applications introduction, and future outlook discussion.

Keywords  Photoacoustic imaging · Multi-functional imaging · Hemodynamics · Calculation methods

1  Introduction

Functional blood imaging signifies its uniqueness for acquir-
ing the physiological activities of hemodynamics, includ-
ing the total hemoglobin concentration (CHb) [1, 2], oxygen 
saturation (sO2) [3, 4], blood flow (BF) [5, 6], partial oxygen 
pressure (pO2) [7, 8], oxygen extraction fraction (OEF) [9, 
10], and metabolic rate of oxygen (MRO2) [11, 12], making 
it a powerful tool for blood related biomedical applications 
[13–15]. Up to now, many imaging modalities have been 
used for functional blood imaging, for instance, the posi-
tron emission tomography (PET) [16], functional computed 
tomography (fCT) [17], functional magnetic resonance 
imaging (fMRI) [18], and functional near-infrared spec-
troscopy (fNIRS) [19]. However, all these imaging technics 

either cannot provide sufficient contrast or cannot support 
simultaneous multi-functional imaging. Table 1 shows the 
comparison of conventional biomedical imaging modali-
ties. A new imaging technic providing multiple functional 
applications for hemodynamics with high contrast is in high 
demand.

As a hybrid imaging technic develops for less than 
30 years, photoacoustic imaging has attracted worldwide 
attention for its potential in biomedical research [20, 25–47]. 
Photoacoustic imaging is based on the target’s intrinsic 
absorption property, with the principle that when the tar-
get is shone by the pulsed light, the light will be absorbed 
and converted into heat, which causes initial pressure rise as 
ultrasonic wave (also named as a photoacoustic wave) [20, 
25]. By using the ultrasonic transducer to collect the gener-
ated ultrasonic wave, the photoacoustic image can be recon-
structed, which reflects the optical absorption deposition in 
biological tissue [20, 25]. In another word, Photoacoustic 
imaging can let us listen to the sound of light and see the 
color of biological tissue itself. Photoacoustic imaging com-
bines optical excitation and ultrasound detection, bringing 
itself the advantages of high optical contrast and low ultra-
sonic scattering at the same time. Photoacoustic imaging 
is also a suitable tool to perform functional imaging. Since 
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the photoacoustic imaging can reflect the excitation wave-
length’s absorption distribution in biological tissue, multiple 
wavelengths can be used with developed calculation meth-
ods to acquire the multiple functional information including 
CHb [48], sO2 [49], BF [50], pO2 [51], OEF [52], and MRO2 
[53], shown in Fig. 1. Taking advantages of optical-reso-
lution photoacoustic microscopy (OR-PAM),photoacoustic 
imaging can even provide functional imaging with optical 
resolution [21, 54–61].

This review introduces the principles and multiple meth-
ods to acquire the various above hemodynamic related func-
tional information based on photoacoustic microscopy, and 
their related biomedical applications. CHb can reflect the vas-
cular structure and blood perfusion. By using the isosbestic 
wavelengths of hemoglobin, relative CHb can be reflected 
directly through photoacoustic amplitude regardless of 
the sO2 variation. The sO2 signifies the tissue oxygenation 
condition, which can be calculated by linear and nonlinear 
methods based on photoacoustic imaging. And the sO2 can 
be further calibrated to increase the accuracy based on the 
optical or acoustic compensation. BF can be calculated by 
photoacoustic flowmetry through various principles includ-
ing direct, optical encoding, target correlation, and thermal 
tagging measurement methods. They have different char-
acteristics and advantages. The pO2 indicates the balance 

between oxygen delivery and its consumption, which can 
be acquired by measuring the lifetime of injected oxygen-
sensitive dye using photoacoustic imaging. OEF reflects 
the tissue ability to obtain oxygen from the blood, which is 
important to maintain vascular function and morphological 
integrity. It can be acquired by subtracting the sO2 in drain-
ing veins from that in feeding arteries in the region of inter-
est (ROI). The MRO2 can directly reflect the tissue oxygen 
consumption and energy utilization which can be calculated 
by combining the OEF, BF, and CHb. It has been used as an 
indicator of tissue viability and function in various vital bio-
medical applications, for instance, brain activities and tumor 
development study. Photoacoustic imaging can provide mul-
tiple functional imaging and sufficient optical contrast for 
hemodynamic activities, making it a potential imaging tool 
for preclinical and clinical applications in the future.

2 � Hemoglobin concentration

The CHb in the blood is an important indicator for health 
condition, and meanwhile, it is also a good absorber for 
wavelengths near the 500 nm range [21]. Owing to the high 
background contrast offered by photoacoustic imaging, CHb 
imaging can manifest the blood vessels’ structure. It helps a 

Fig. 1   Functional in  vivo photoacoustic imaging of a normalized 
CHb in mouse ear [62], b sO2 in mouse brain with intact skull [63], c 
blood vessel and Evans Blue-labeled lymphatic vessels [55], d Blood 

flow velocities with direction [64], e MRO2 of mouse kidney in acute 
kidney injury model [65], and f pO2 in the mouse ear [66]. All figures 
are reprinted with permission
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lot for early cancer imaging diagnosis since angiogenesis is 
the hallmark of early cancer [67].

The linear expression for acquiring the magnitude of the 
PA signal from blood can be calculated as [20, 21]:

where k is a constant reflecting the photoacoustic detec-
tion sensitivity; Γ is the Grueneisen parameter indicat-
ing the thermal related property of absorber; η represents 
the conversion percentage from absorbed light to heat; F 
denotes the local optical fluence; μa signifies the absorption 
coefficient of the absorber which is also related with wave-
length; � is a fixed constant [20]; CHb is the total hemoglobin 
concentration; �HbR and �HbO2 signify the molar extinction 
coefficients of deoxygenated hemoglobin (HbR) and oxy-
genated hemoglobin (HbO2) respectively at the exciting 
wavelength. Thus, by selecting the isosbestic wavelengths 
for hemoglobin (which means the �HbR and �HbO2 are nearly 
the same), the photoacoustic signals will be independent of 
sO2 and are only dependent by CHb as

Thus, by selecting the isosbestic wavelengths for hemo-
globin (which means the �HbO2 and �HbR are nearly the same), 
the CHb can be normalized by the amplitude of photoacous-
tic signals. The typical isosbestic wavelengths for hemo-
globin near 500 nm range are 498, 545, 570, and 584 nm 
[21, 54]. By selecting such isosbestic wavelengths, the total 
hemoglobin concentration or normalized total hemoglobin 
concentration can be acquired by single-wavelength photoa-
coustic imaging.

3 � Oxygen saturation

The sO2 is an important physiological parameter mirroring 
the respiratory circulation status and creature viability [49]. 
Several sO2 measuring methods are developed based on pho-
toacoustic imaging including linear [37, 59, 63, 67–73] and 
nonlinear methods [74, 75]. Furthermore, sO2 compensation 
methods are also developed to improve the sO2 measuring 
accuracy for different situations [62, 76, 77]. Table 2 shows 
the summary of the attributes of various photoacoustic imag-
ing techniques for sO2.

3.1 � Linear method for sO2

The conventional sO2 measurement by photoacoustic 
imaging is a linear method, which needs two different 
wavelengths (they can't both be the isosbestic wavelengths 

PA = kΓ�F�a

(1)�a = �CHb

[
sO2�

HbO2 +
(
1 − sO2

)
�HbR

]
,

(2)CHb ∝ PA,

for hemoglobin) to do spectral unmixing calculation [37, 
59, 63, 67–73]. Based on Eq.  (1), by using two wave-
lengths, we can acquire both photoacoustic signals as 
follows:

By combing two equations in Eq. (3), we can acquire 
the sO2 as:

where ρ =
F1⋅PA2

F2⋅PA1

 , F1,2 and PA1,2 denote optical fluence and 
photoacoustic amplitudes at these two excitation wave-
lengths, and �HbO2

1,2
 and �HbR

1,2
 are known constant. After 

obtaining the optical fluence and photoacoustic amplitudes 
from both wavelengths, the sO2 can be acquired. Many 
researchers have acquired the sO2 mapping via this method 
shown in Fig. 2, the differences are the wavelengths they 
chose and the way they build up the dual-wavelength meas-
uring method.

The direct way is to use two laser sources with con-
trolled time delay by an external trigger, shown in Fig. 2a, 
b [73]. To realize the in vivo functional brain imaging, 
Yao et al. [63] developed a dual-wavelength OR-PAM, 
which consists of a dye laser at 610 nm (which is pumped 
by a 532-nm pulsed laser beam with 3-ns pulse width) and 
another 3-ns pulsed laser at 532 nm. Longer wavelength 
suffers from less optical scattering problem in biological 
tissue, compared with other wavelengths in 500-nm range, 
610 nm can be an optimal choice for deep brain imaging, 
shown in Fig. 1b. However using two independent laser 
sources not only increases system cost but also inevita-
bly suffers from pulse fluctuations problem, which may 
cause an error for sO2 calculation. To solve this problem, 
in 2014, Hajireza et al. [78] harnessed stimulated Raman 
scattering (SRS) effect from optical fiber to build up the 
multi-spectral OR-PAM. By pumping the pulsed low-order 
wavelength as seed (e.g. 532 nm), the high-order Stokes 
wavelengths can be generated (e.g. 545, 558 nm). Because 
they are homologous from the same pump laser source, 
the pulse fluctuations problem can be relieved. In 2016, 
based on SRS effect, Wang et al. [69] used an electro-
optical modulator (EOM) to build up a pulse-by-pulse-
switching dual-wavelength OR-PAM, which achieves 300-
kHz A-line rate and increases the imaging speed 20 times 
faster than previous work, shown in Fig. 2c–d. However, 
the time delay between the two wavelengths is limited by 

PA1 = kΓ�F1�CHb

[
sO2�

HbO2

1
+
(
1 − sO2

)
�HbR
1

]

(3)PA2 = kΓ�F2�CHb

[
sO2�

HbO2

2
+
(
1 − sO2

)
�HbR
2

]
,

(4)sO2 =
�HbR
2

− ρ�HbR
1

(�HbR
2

− �
HbO2

2
) − ρ(�HbR

1
− �

HbO2

1
)
,
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Fig. 2   The system a–g and corresponding sO2 imaging results b–h for linear sO2 methods: two laser sources [73] and single laser  source with 
EOM [69], fiber-based SRS [70], and crystal-based SRS [71]. All figures are reprinted with permission
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the laser repetition frequency. It may be a problem when 
increasing the scanning speed because the increased step 
size of the scanned A-line may cause severer misalignment 
between the optical focal spots of the dual wavelengths. It 
can induce considerable errors in sO2 mapping. To solve 
this, Liang et al. developed a 2-MHz dual-wavelength sys-
tem with ultrashort 220 ns pulse switching time, which is 
realized by the fiber delay, shown in Fig. 2e, [70]. In this 
work, Liang uses different optical fiber lengths for normal 
light path and SRS light path, so the time delay between 
two different pulses is decided by the fiber lengths, which 
can reduce the switching time to sub-microsecond level. 
The ultrashort switching time enables high accurate func-
tional photoacoustic imaging, demonstrated in this work 
by detecting the sO2 gradual change from red blood cells 
when flowing from arterioles to venules, shown in Fig. 2f. 
Although fiber-based SRS enables short and changeable 
switching time, it also has limitations. One problem is the 
broader linewidth for higher-order SRS wavelength, which 
may induce error in calculation. The other problem is the 
limited SRS energy threshold, which is inversely related 
to the fiber length. Adequate delay time among different 
pulses needs enough length of the fiber, which may restrict 
the output energy of SRS wavelength for photoacoustic 
sensing. In 2020, He et al. developed a crystal-based SRS 
dual-wavelength OR-PAM for functional brain imaging 
shown in Fig. 2g, h, [71]. In his work, a potassium gadolin-
ium tungstate crystal was used to conduct SRS. For Raman 
wavelength 558 nm, a short linewidth with ~ 0.5 nm and 
high pulsed energy of ∼150 nJ was acquired to satisfy 
the photoacoustic sensing. The deviation of relative pulse 
energy fluctuation was also measured to be 1.64%, which 
is rather smaller than the fiber-based SRS optical path. The 
work from Hosseinaee et al. indicated a lower temperature 
can elevate the fiber-based SRS stability [72]. However, 
this system requires two picosecond-pulsed lasers, which 
increases the system cost greatly.

3.2 � Nonlinear method for sO2

3.2.1 � Nonlinear method based on intensity saturation

Linear sO2 measurement requires at least two different 
wavelengths, which may cause the wavelength-dependent 
optical attenuation for incident fluence, and further induce 
error in sO2 calculation. One solution is to use the same 
wavelength to map sO2. In 2011, Danielli et al. developed 
single-wavelength photoacoustic microscopy based on 
absorption saturation, shown in Fig. 3a–e, [74]. Many pre-
vious functional photoacoustic studies have described the 
linear correlation between photoacoustic signal amplitude 
and local light fluence. However, Danielli found when the 
light intensity gets stronger, the optical absorption saturation 

will happen, leading to a nonlinear relationship between the 
photoacoustic signal and local optical fluence. It is caused 
by the different absorption lifetime of different hemoglobin 
(HbO2 and HbR) [79]. Different from the common μa expres-
sion as Eq. (1), when absorption happens, the μa(I) will satu-
rate with the increasing intensity and should be rewritten as 
follows:

where �HbO2
 and �HbR , AHbO2

 and AHbR , IHbO2

sat  and IHbR
sat

 are 
respectively the absorption cross-section of the absorber, 
amount of absorber, and optical intensity when saturation 
happens for HbO2 and HbR in each unit volume, I is the 
optical intensity, F is the local optical fluence, and �laser is 
the pulse width of the laser source. After combining Eq. (1) 
and (5), we obtain

Thus, by applying different optical fluence, the relative 
concentration of HbO2 and HbR can be acquired by Eq. (6), 
and the sO2 can be calculated from:

3.2.2 � Nonlinear method based on different pulse width

Based on the sample absorption saturation principle, Yao 
et al. also developed a pulse-width-based sO2 (PW-sO2) 
measurement via a single wavelength in 2015, shown in 
Fig. 3f–k, [75]. In this work, a two-laser sources includ-
ing one picosecond and one nanosecond laser source are 
used to demonstrate different absorption saturation to HbO2 
and HbR . The experimental results show that when light 
intensity elevates, the picosecond laser source can cause 
stronger saturation to HbO2 compared with the picosecond 
laser source. On the contrary, HbR reflects similarly to two 
different laser pulses. Yao et al. set the same pulsed energy 
for these two lasers with different pulse widths. So when 
saturation just happens using a picosecond laser, there will 
be no saturation happening via nanosecond laser. Thus the 
photoacoustic signals from nanosecond and picosecond.

�a(I) = �HbO2
⋅

AHbO2

1 +
I

I
HbO2
sat

+ �HbR ⋅
AHbR

1 +
I

IHbRsat

(5)F = I ⋅ �laser,

(6)

PA = kΓ� ⋅

⎡⎢⎢⎣
�HbO2

⋅

AHbO2

1 +
F

�laser ⋅I
HbO2
sat

⋅ F + �HbR ⋅
AHbR

1 +
F

�laser ⋅I
HbR
sat

⋅ F

⎤⎥⎥⎦
,

(7)sO2 =
AHbO2

AHbO2
+ AHbR

,
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Fig. 3   a–e The nonlinear sO2 measurement method based on inten-
sity saturation [74]; a is the diagram for single wavelength imag-
ing; b–c respectively show the average photoacoustic amplitude as 
a function of the fluence in vein and artery in nonlinear sO2 result 
(d); e Shows the linear sO2 result by a conventional dual-wavelength 
method. f–k Signifies the nonlinear sO2 measurement method based 
on different pulse width [75]; f is picosecond/nanosecond single-
wavelength system diagram; g is the nonlinear sO2 brain imaging; 

h shows the in  vivo nonlinear sO2 results in an artery-vein pair in 
a mouse ear with different pulse energies; i and j are photoacoustic 
amplitudes of HbO2 and HbR under different picosecond and nano-
second pulse energies; k demonstrates the saturation factor for HbO2 
and HbR under different pulsed energy, which is defined as the ratio 
of the photoacoustic amplitude with picosecond excitation to that 
with nanosecond excitation. All figures are reprinted with permission
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pulses can be expressed as [75]:

where rHbO2
 and rHbR are the saturation factors of HbO2 and 

HbR , respectively. Considering.
using the isosbestic wavelength, �HbO2 will equal to �HbR 

and rHbR ≈ 1 . Thus by taking the ratio of Eqs. (8), the sO2 can 
be estimated as:

where rHbO2
 is estimated by local fluence F.

The saturation-based nonlinear sO2 measuring method can 
reduce the calculation induced by wavelength-dependent opti-
cal attenuation compared with the normal multi-wavelength 
method. However, the imaging depth will be reduced because 
the optical attenuation will make the saturation weak at deep 
tissue. The maximum imaging depth for 532 nm via this non-
linear method will be ~ 0.5 mm.

3.3 � Compensation for sO2

3.3.1 � Optical compensation

The existing sO2 measuring methods are all more or less 
simplified for calculation. Considering the particular circum-
stances, the simplified method can induce significant error, 
making it necessary to compensate for sO2 imaging.

Wang et al. [80] and Liu et al. [62] found when the absorp-
tion coefficient �a is too high or the axial resolution is too low, 
the acquired photoacoustic signal will not linearly reflect the 
optical absorption change, which is named as saturation effect. 
Different from the absorption saturation effect discussed in 
Chapter. 3.2.1 which is caused by absorption relaxation time, 
here the saturation effect describes a phenomenon that pho-
toacoustic signal will only be decided by the pulsed energy 
and is independent of absorption coefficient change. Thus the 
traditional linear method cannot figure out precise sO2 affected 
by this saturation effect.

A conventional method usually omits the ultrasonic trans-
ducer’ finite bandwidth and assumes that the photoacoustic 
amplitude is linear to the product of fluence F and absorption 
coefficient �a as Eq. (1). However, when the axial resolution 
of the system is limited, the photoacoustic amplitude from a 
voxel should be written as:

PAps = kΓ�F�CHb

[
sO2�

HbO2
⋅ rHbO2

+
(
1 − sO2

)
�HbR ⋅ rHbR

]

(8)PAns = kΓ�F�CHb

[
sO2�

HbO2 +
(
1 − sO2

)
�HbR

]
,

(9)sO2 =
1 −

PAps

PAns

1 − rHbO2

,

where Δz is the voxel size in the axial direction. Thus, the 
photoacoustic amplitude will only be linear to fluence F and 
will be nonlinear to �a . Considering Eq. (1), the expression 
can be rewritten as:

There are three unknows here: kΓ� , sO2, and rCHbΔz . 
Thus by solving this equation, in 2019, Liu et al. [62] 
developed a nonlinear method for sO2 compensation based 
on a triple-wavelength OR-PAM shown in Fig. 4a, b, g. 
Three wavelengths can build up to three nonlinear equa-
tions as Eq. (11) for solving the above three unknowns. 
An iterative algorithm is used in two steps for gradually 
getting the final sO2 value. In the first step of ith iteration, 
the ratio of the photoacoustic signals generated by the first 
wavelength and the second wavelength can be calculated 
as:

where ui = rCHbi
Δzi . Here sO2_i-1 in the previous iteration is 

substituted into Eq. (12) to figure out ui . In the second step, 
ui is substituted into the equation generated by the ratio of 
the photoacoustic signals from the third wavelength and the 
second wavelength as follows:

Then the updated sO2_i can be figured out. To start this 
iteration, the initial sO2_0 can be acquired from the conven-
tional linear method. After obtaining the converged sO2, the 
iteration is stopped. In this work, by imaging the mouse ear 
as a model, the sO2 in arteries and veins can be compen-
sated back to 19% and 7%, respectively. This method can 
compensate better in large vessels than in smaller vessels 
because the size of smaller vessels may be tinier than the 
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Fig. 4   a–f sO2 imaging without 
and with compensation related 
to absorption saturation effect 
[62], optical scattering [76] and 
acoustic attenuation [77], and 
their comparison are shown in 
g, i, respectively. All figures are 
reprinted with permission
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system axial resolution, leading to the result that the col-
lected photoacoustic signals are not entirely from the ves-
sels in the imaging voxel. This compensation method can 
be more helpful to the situation where the �a is high or the 
imaging system with poor axial resolution.

By using multiple wavelengths to do sO2 mapping, the 
wavelength-dependent optical attenuation may be a problem 
and induce errors, [74, 79]. To solve this, in 2021, Zhu et al. 
developed a self-compensation method to compensate for the 
optical attenuation problem, shown in Fig. 4c, d, h [76]. In this 
work, the results from the Monte Carlo simulation showed 
that the differences in the focal position, vessel diameter, and 
imaging depth can reduce ~ 60% in sO2 calculation. Even for 
the shallow target which is usually imaged in OR-PAM, the 
severe and inhomogeneous scattering can cause significant 
attenuation to local optical fluence, and further induce error 
to sO2 measurement. To calibrate for it, a three-wavelength 
OR-PAM is developed in this work to build up a linearized 
wavelength-dependent fluence compensation model. In the 
inhomogeneous tissue where the scattering is dominant, the 
absorption can be assumed proportionally to the absorption 
coefficient. Thus, the amplitude of photoacoustic signals from 
one acoustic voxel can be described as:

where k0 depicts the peak value at the acoustic beam’s center 
and k0 exp

(
−

2l2

r2

)
 denotes the acoustic detection sensitivity, 

r is the characteristic acoustic beam radius, F�(l) and ��
a
(l) 

are optical fluence and absorption coefficient at position l . 
Considering the scattering linearity in a narrow wavelength 
band, the residue of local fluence can be assumed as 
F� = F�0

+ F
�

�0

(
� − �0

)
 , where F′

�0
 represents the gradient 

index at �0 . Then Eq. (14) can be rewritten as:

where ��
a
(l) is replaced with ��

a
 when assuming the absorp-

tion coefficient is uniform in the target. The new photoacous-
tic amplitude equation becomes a product of the absorption 
coefficient and a linear function of wavelength. After com-
bining the Eqs. (1), (15) can be shown as:
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where W1 , W2 are the product of �CHb and W1 , W2 , respec-
tively. When the � and �0 are set down, there are three 
unknowns in this equation: sO2 , W1 , and W2 . Thus by select-
ing three neighboring wavelengths, the sO2 can be figured 
out. This work considers the wavelength-dependent optical 
attenuation problem and uses a self-compensation method 
to improve the accuracy of the sO2. Different from the above 
absorption saturation compensation method which works 
better for large vessels, this compensation method can be 
more effective in small and deep vessels.

3.3.2 � Acoustic compensation

The photoacoustic signals generation process mainly con-
sists of two parts: optical absorption and acoustic detection. 
Besides the optical fluence attenuation, the acoustic signals 
can also be affected by many factors, for instance, the laser 
pulse width, absorber size, and ultrasound transducer’s 
characters [81]. Thus, besides local fluence, the collected 
acoustic signals should also be compensated for in concrete 
circumstances. In 2020, Liang et al. developed an acoustic-
spectrum compensation method for OR-PAM to improve the 
accuracy of sO2, shown in Fig. 4e, f, i [77]. In this work, 
the different sizes of blood vessels can lead to nonuniform 
spectral response via the piezoelectric ultrasonic transducer, 
which may cause inaccurate measurement of the concentra-
tions of HbO2 and HbR. The final collected photoacoustic 
spectrum A(�) is the convolutional result of the initial pho-
toacoustic signal I(�) , the Fourier transformed function of 
the optical fluence rate F(�) , and the transfer function of the 
imaging system D(�) as follows:

where F(�) is decided by the pulse duration of optical flu-
ence and D(�) is determined by the ultrasound transducer. 
Owing to the spectral product D(�)F(�) , the spectrum of 
initial photoacoustic signal I(�) is distorted to the spectrum 
of the final signal A(�) . To do compensation, the operator 
F

−1(�)D−1(�) is precalculated and predetermined to figure 
out the unaffected signal spectrum. After acquiring the unaf-
fected initial photoacoustic signal I(�) , the authors used the 
linear model Eq. (4) to figure out the sO2. By using this 
compensation method, the sO2 mapping accuracy can be 
improved ~ 15% in mouse brain imaging.

4 � Blood flow

Blood flow speed is a critical physiological parameter [21], 
offering important information for estimating the wall 
shear rate [82], detecting angiogenesis [83], and diagnos-
ing many diseases including diabetes [84], stroke [85], and 

(17)A(�) = Γ ⋅ D(�)F(�)I(�),
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Alzheimer’s disease [86]. Many conventional imaging meth-
ods consisting of optical coherence tomography (OCT) [87], 
ultrasound (US) [88, 89], and laser speckle contrast imaging 
(LSCI) [90] can satisfy blood flow imaging, but they all suf-
fer from low contrast to blood, low resolution for cellular 
insight, and low sensitivity because of the surrounding arti-
facts. Owing to the high contrast to hemoglobin, subcellular 
spatial resolution, and enough sensitivity to optical absorp-
tion, photoacoustic imaging has drawn growing attention for 
blood flowmetry recently [64, 91–114]. Table 3 shows the 
summary of the attributes of various photoacoustic flow-
metric methods.

4.1 � Direct measurement

Based on the high optical absorption, photoacoustic imaging 
can be directly used to sense the flow speeds of the sample 
[75, 91, 92]. In 2011, Wang et al. developed a voice-coil-
based fast scanning OR-PAM to measure the flow speeds 
[91]. In this work, the carbon particles and whole blood in 
a tube are measured by analyzing the slopes of the streaks 
generated by the time trajectory path of the target. When the 
target is flowing with speed v in x axis, the photoacoustic 
probe is placed to do scanning with speed vmotor in x axis. 
The flow speed distribution along the depth direction of the 
tube can be acquired based on real-time B-scan images. 

According to the real-time B-scan images, the flow velocity 
distribution along the depth of the tube can be obtained. By 
plotting the distribution of photoacoustic signal along the x 
axis at a specific depth z as a function of time, the flow speed 
at this depth can be figured out based on the slope of each 
target particle trajectory as:

where va(z) is the flow speed of target particle in depth z , 
Δx is the distance displacement in x axis, Δt is the time dis-
placement in t axis, k is the constant factor, vs is the motor 
scanning speed. If vs ≫ v , Eq. (18) can be approximated as 
va(z) = k

Δx

Δt
 . Thus, by calibrating for k and measuring Δx and 

Δt in B-scan images, the target flow speed can be figured out. 
The flow speed is further calculated in the frequency domain 
for better robustness. The authors later measured the tube-
filled whole bovine blood in the range of 0.04 to 0.25 mm/s. 
Finally, the author measured the single RBCs flowing in the 
capillaries of the mouse ear. In 2013, the authors developed 
the single-cell photoacoustic flowoxigraphy and used this 
method to realize the label-free in vivo imaging of single red 
blood cells [92]. In 2015, the authors extended this method 
to measure the cerebral blood flow (CBF) before and during 
the electrical stimulations for functional brain action studies, 
shown in Fig. 5a–c [75].

(18)va(z) = k
Δx

Δt +
Δx

vs

= k
1

1 +
Δx∕Δt

vs

Δx

Δt
,

Table 3   Summary of the attributes of photoacoustic flowmetric 
methods. OE, TC, and, TT are short for optical encoding, target cor-
relation, and thermal tagging photoacoustic flowmetric methods; PH, 

UH, CWOH, and POH are short for photothermal heating, ultrasonic 
heating, continuous-wave optical heating, and pulsed optical heating. 
I is short for whether it can support imaging

Method Measured flow range I Advantages Shortcomings

Direct [75, 91, 92] 0.04–0.25 mm/s [91] N High robustness in spatial domain 
measurement

Require high scanning speed

OE in temporal domain [93–96] 0.055–8.8 mm/s [93]
3.5–203 mm/s [95]

N Higher contrast and lower back-
ground noise

Measurable flow velocity is limited to 
the SNR

OE in spatial domain [97, 98] 0.02–1.4 m/s [97]
0.01–25 mm/s [98]

N Can measure flow in homogeneous 
media

Cannot provide directional informa-
tion

TC in temporal domain [99, 99–107] 0.1–12 mm/s [99]
14–200 μm/s [101]
0.15–1.5 m/s [105]

Y Support imaging sensing; Provide 
flow direction

Time-consuming for autocorrelation

TC in spatial domain [108, 109] 1.13–13.20 mm/s [108] N Detect depth-dependent flow veloc-
ity; Not affected by the particle 
size

Measurement accuracy degraded with 
increasing flow velocity

TT based on PH
[111]

1–21 mm/s [111] N Does not require high spatial resolu-
tion; high measurement depth

Cannot support the abundant intri-
cated blood vessel

TT based on UH [112–114] 2.97–41 mm/s [112]
0.24–11.8 mm/s [113]

N Both the heating and the detection 
have tight acoustic focusing to 
achieve high resolution

Heating impulse by HIFU can gener-
ate lots of heat

TT based on CWOH [115] 11.8–236 mm/s [115] Y Single laser source; Heating/detec-
tion at the same sides of sample

Heating cycle is time-consuming

TT based on POH [116] 1–23 mm/s [116] Y High-speed simultaneous Multi-
functional imaging

Cannot provide directional informa-
tion
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4.2 � Optical encoding

4.2.1 � Optical temporal‑domain encoding

In 2007, based on the photoacoustic Doppler effect, Fang 
et  al. used a modulated continuous-wave laser beam to 
encode the absorber flow into photoacoustic signals, shown 

in Fig. 5d–e [93]. The mathematic principle is shown as 
follows:

where I(t) , I0 are the time-variant and peak light intensity, f0 
is the modulation frequency. Due to the modulated incident 

(19)I(t) =
I0

2

[
1 + cos

(
2�f0t

)]
,

Fig. 5   a–c The blood flow location in the somatosensory area in 
the right hemisphere of the brain, space–time plot acquired along 
the vein via scanning, and the measured time traces of the cerebral 
blood flow speeds by direct measurement [75]. d–e The system and 
flow measurement results based on the modulated continuous-wave 

laser beam [93]. f–e The principle, measured relationship between the 
preset flow speeds and spectral density, and the comparison between 
the preset flow speeds and measured flow speeds [98]. All figures are 
reprinted with permission
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light, the generated photoacoustic signals will also be vari-
able with the frequency f0 when the target absorber is static. 
However, when the absorber (e.g. red blood cell) is mov-
ing, the frequency of the collected photoacoustic signals 
will have a Doppler shift, which is related to the moving 
speed and direction. The flow speed of the absorber can be 
expressed as:

where va , vlight , vus are the speeds for absorber, modulated 
light, and generated ultrasound, cos � is the angle between 
the absorber flow direction and light transmission direction, 
cos � is the angle between the flow direction and the trans-
ducer’s view line. Considering the vlight is nearly five orders 
of magnitude larger than vus , the term cos�∕vlight in Eq. (20) 
is negligible. By measuring the fshift and predetermined f0 
and cos � , the absorber flow can be figured out. By measur-
ing the set flow velocity for carbon particles in the range of 
0.055–8.8 mm/s, the authors validated their method. How-
ever, the minimum measurable flow velocity is limited to the 
system frequency resolution while the maximum measurable 
flow velocity is limited to the system signal-to-noise ratio. 
Besides, this method cannot provide directional resolution 
in depth.

To solve the limitation of measurable velocity and acquire 
spatial resolution, in 2010, Sheinfeld et al. improved the 
photoacoustic Doppler method via burst excitation [95]. 
This method enabled flexible external modulation and highly 
sensitive heterodyne detection, which relieved the tradeoff 
between system sensitivity and maximum measurable Dop-
pler shift. Different from modulating the incident contin-
uous-wave laser beam in sinusoidal form, Sheinfeld used 
rectangularly enveloped sinusoidal bursts to do modulation, 
the equation can be expressed as:

where Tr , Td are the pulse repetition interval and pulse dura-
tion for ith burst. The condition that Tr is larger than the ratio 
of the detector-target distance and the light speed should be 
satisfied to ensure the adequate time for transmitting suc-
cessive photoacoustic signals. The flow velocity can be cal-
culated via Eq. (20). By involving the tone burst excitation 
to modulated incident light, this method enables heterodyne 
detection, which improves both the system sensitivity and 
maximum measurable flow velocity. Finally, the authors 
improved the photoacoustic flow velocity measurement 
range from 3.5 to 203 mm/s.
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fshift
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cos �
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) ,

(21)I(t) =
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2
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1 + cos
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2�f0t
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i
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(
t − iTr
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)
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4.2.2 � Optical spatial‑domain encoding

Besides time-domain modulation, the structured incident 
light can also be modulated in the frequency domain. In 
2013, Zhang et al. used a spatially modulated incident 
light to modulate the received photoacoustic signals tem-
porally and further calculate the flow in the homogeneous 
media [97]. Via generating the fringes in spatially modu-
lated illumination with a pitch of l  , the modulation fre-
quency will be f0 = vus∕l . Based on Eq.  (20), the flow 
velocity can be calculated. Considering the Doppler angle 
� equaling to 0° in this work, the final fshift can be 
expressed as f0

va

vus
 . Besides the central frequency shift 

method, the authors also measured the flow in the other 
three methods based on the arrival time shift, phase 
change, and temporal scaling. However, compared with 
the other three methods, the central frequency shift mani-
fests its advantage in measuring the absolute flow speed 
rather than the relative value. Owing to the higher SNR 
provided by the pulsed excitation compared with the con-
tinuous-wave laser beam, the maximum measurable flow 
velocity can be increased greatly. Considering the maxi-
mum frequency response of the transducer in their system 
is 105 MHz, the theoretic maximum measurable flow 
speed will be up to ~ 3700 m/s. The authors finally dem-
onstrated the phantom experiments with ink in the range 
of 0.020 m/s to 1.4 m/s.

Conventional optically encoded photoacoustic Doppler 
flowmetric methods will become less accurate when the 
Doppler angle is closer to 90◦ . Thus, for the superficial 
imaging method, for instance, the OR-PAM, the above 
methods cannot measure microvascular flow velocity at 
shallow tissue accurately where the transverse flow com-
ponent dominates. To realize transverse flow measure-
ment, in 2014, Yao et al. harnessed the frequency domain 
modulated structured light to realize the transverse blood 
flow measurement via OR-PAM, shown in Fig. 5f–g [98]. 
The particle’s transverse flow direction vertical to the 
structured fringes is defined as the x-axis. When absorbers 
flow across the light and dark fringes, the acquired pho-
toacoustic signals can be modulated via trains of exciting 
laser pulses. The structured light excitation I and acoustic 
detection sensitivity S profile can be expressed as:

where � represents the modulation depth, d denotes the 
fringe pitch, L indicates the standard deviation of the acous-
tic detection sensitivity profile. In this work, the axis of the 

I(x) =∝ 1 + �cos
(
2�

x

d

)

(22)S(x) =∝ exp

(
−

x2

2L2

)
,
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time interval between two adjacent A-line points is defined 
as the ‘fast time’ axis while the axis of pulse repetition inter-
val over trains of laser firings is defined as the “slow time” 
axis. Then, the amplitude of modulated photoacoustic sig-
nals can be expressed as:

where �s is the slow time, f (x) is the density distribution 
of the absorber, and vx is the x-axis component of the flow 
velocity va . After taking the Fourier transformation, Eq. (23) 
can be expressed as:

where P̃A(�) is the Fourier transform of PA
(
�s
)
 , b is the 

constant factor needed to be calibrated. Then, the flow speed 
can be calculated through the peak frequency of the side-
bands �p as:

where � is the angle between vx and va . Finally, the authors 
demonstrate the in vivo flow measurement in the mouse 
ear through OR-PAM. The measured flow speed in a vein 
is calculated as ~ 1.9 mm/s, which agrees with the normal 
physiological value.

4.3 � Target correlation

4.3.1 � Target correlation in the time domain

In optical encoding photoacoustic Doppler flowmetric meth-
ods, photon density wave is exploited to calculate frequency 
shift for flow measurement. However, the target itself can be 
treated as a moving source, which can also cause a photoa-
coustic wave frequency shift received by the ultrasonic trans-
ducers. In 2010, Yao et al. realized the transverse flow imag-
ing based on photoacoustic Doppler bandwidth broadening of 
flowing particles, shown in Fig. 6a–c [99]. The factors capable 
of bandwidth expanding are various including the transit time, 
Brownian motion, velocity gradient, and turbulence. Com-
pared to the transit time, the others are negligible. Thus, when 
seeing the target as a moving target, the dominant Doppler 
bandwidth broadening is caused by two photoacoustic signals’ 
transit time delay received by the edges of the ultrasonic trans-
ducer as follows:

(23)PA
(
�s
)
=∝

∞

∫
−∞

I(x)S(x)f
(
x − vx�s

)
dx,

(24)

P̃A(�) =∝
[
�(�) +

�b

2
�
(
� ± 2�

vx

d

)]
∗ exp

(
−
L2�2

2v2
x

)
,

vx =
�pd

2�

(25)va =
vx

cos �
,

where va , vus are the particle flow velocity and sound speed, 
� is the Doppler angle decided by the flow direction and 
transducer view line and is usually set as 90 degree for maxi-
mum Doppler bandwidth, � is the effective aperture angle 
of the acoustic lens, f0 , D , and F are the center frequency, 
the diameter, and the focal length of the ultrasonic trans-
ducer, respectively. Then by generating sequential A-scans, 
the Doppler bandwidth broadening can be calculated as [64, 
100]:

where T  , n are the time interval and number for sequential 
A-scans, k is a system constant factor decided by the confo-
cal configuration of OR-PAM, p̃i is determined by Hilbert 
transformation from i th photoacoustic signal pi . The various 
particle flow velocities can be corresponding to different 
Doppler bandwidth broadening Bd . After using the phantom 
experiments for calibration, the quantitative velocity-band-
width linear relationship can be determined for further flow 
imaging. If the image is acquired by motor scanning whose 
velocity is at the same level of the flowing particle, the true 
particle velocity should be decomposed from the combi-
nation of the flow velocity and the motor scanning veloc-
ity. The advantages of this method are not only it doesn’t 
need the entire trace of the particle movement but also it 
is not sensitive to the particle size. Furthermore, compared 
to other photoacoustic flowmetric sensing without imaging, 
this method can realize the velocity imaging with directions. 
In this work, the authors imaged both sO2 and blood flow 
speeds along the main vascular trunks. Finally, the authors 
used this method to realize a velocity measurement range 
from 100 μm/s to 12 mm/s. However, this method requires 
abundant A-lines to do autocorrelation calculation, which 
consumes much time for imaging of the whole area. What’s 
more, the linear relationship between the flow velocity and 
bandwidth broadening will become weaker when the flow 
velocity is higher, which limits the maximum velocity meas-
urement [64].

Another flowmetry method named photoacoustic correla-
tion spectroscopy (PACS) is developed by Chen et al. in 
2010 [101], which arises from fluorescence correlation spec-
troscopy (FCS) [102]. In this method, the light distribution 
mode is considered to evaluate the autocorrelation condition 
of flowing particles. When using focused light as excitation, 

Bd = fL1 − fL2 = 2f0
va

vus
sin � sin� ≈ f0

va

vus

D

F
sin �

(26)va =
Bd ⋅ F ⋅ vus

f0 ⋅ D ⋅ sin �
,
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it generates the Gaussian distribution in all directions as 
I(x, y, z) = I0exp

(
−2x2

r2
0

+
−2y2

r2
0

+
−2z2

z2
0

)
 , where I0 is the peak 

intensity, x(y) and z are the beam’s radial and axial position, 
r0 and z0 are the radial and axial radii [103]. The flow meas-
urement using the normalized autocorrelation function 
(ACF) in Gaussian form has been discussed in FCS as fol-
lows [104]:

where � is lag time, G(�) is the ACF, G(0) is a constant factor 
related to the particle density in the probe region, �0 equals 
to r0

va
 , va is the flow velocity of the absorber and can be 

expressed from Eq. (28) as:

(28)G(�) = G(0) × e
−
(

�

�0

)2

,

This method is based on the assumption that incident light 
is in Gaussian form, making it a suitable flow measuring tool 
for the optically focused imaging system, for instance, the 
OR-PAM. In 2015, based on this flowmetric method, Ning 
et al. realized the simultaneous imaging of for CHb, sO2, and 
BF through OR-PAM [73]. However, they used 100 A-lines 
with a 100-μs interval for flow decorrelation analysis, which 
is still time-consuming for a large field of view (FOV), mak-
ing it difficult for real-time imaging.

In 2012, Brunker et al. used the temporal cross-corre-
lation method that arose from time correlation ultrasound 
flowmetry to demonstrate the photoacoustic Doppler 
flowmetry approach, shown in Fig. 6d–f [105]. In this 

(29)
va =

r0 ⋅
2

√
ln
[
G(0)

G(�)

]

�
,

Fig. 6   a–c Respectively the probe-beam geometry, sequential 
A-scans used for calculation, and measured particle flow with dif-
ferent scanning directions from the target correlation photoacous-
tic Doppler bandwidth broadening flowmetric method [99]. d–f 
Respectively the experimental setup, demonstration of de-correlation 
within finite transducer beam width, and measured flow results using 

3.5 MHz cylindrically focused transducer by the temporal cross-cor-
relation photoacoustic flowmetric method [105]. g–i Respectively the 
principle, shifted time of PA signals from two locations, A

v
 and B

v
 , 

and the comparison of flow results by spatial-domain target correla-
tion photoacoustic flowmetric method [108]. All figures are reprinted 
with permission
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method, two laser pulses with time delay T  are excited to 
generate two photoacoustic signals [106, 107]. The wave-
form of these two photoacoustic signals are the same in 
shape but temporally shifted with each other because of 
the red blood cell (RBC) cluster flowing. Based on the 
cross-correlation of these waveforms, the temporal shift 
can be calculated as ts = l cos �∕vus,where l is the particle 
moving distance, � is the Doppler angle, vus is the speed 
of ultrasound. Considering the particle flow velocity va 
equaling to l∕T  , then va can be expressed as:

By measuring the time shift ts of two photoacoustic 
signals, the particle flow velocity va can be calculated. 
This method requires the moving particle neither totally 
moving out of the transducer’s focal zone nor changing 
significantly in its geometry or density at time interval T  . 
Finally, via a tissue phantom similar to RBCs, the authors 
demonstrated the measurement of flow velocity. Finally, 
the flow speed in the range of 0.15 to 1.5 m/s is quanti-
fied with accuracy as low as 1%. However, the precision 
of this method relies on the accuracy of time-shift meas-
urement, which can be affected by the laser pulse energy 
fluctuations, the time jitter in the system synchronization, 
and the spurious absorbers moving in the water.

4.3.2 � Target correlation in time spatial domain

To overcome these limitations, In 2013, Liang et  al. 
developed a spatial cross-correlation photoacoustic flow-
metric method based on a digital micromirror device 
(DMD), shown in Fig. 6g–i [108]. In this method, a pair 
of spatially resolved laser beams are generated by DMD 
with distance l  and delay interval tp and delivered to the 
moving target so that the speed and the direction of trans-
verse flow can be directly retrieved by cross-correlated 
photoacoustic signals. Then the time shift Δt between the 
photoacoustic profiles at these two focal points can be 
used to calculate the particle flowing velocity as:

where � is the flow-detector angle. Finally, the authors 
demonstrated the f low measurement in a range of 
1.13–13.20 mm/s using the absorbing particles covered by 
chicken tissue. Owing to the spatial cross-correlation, this 
method can not only detect the flow velocity encoded with 
depth but also get rid of the effect from particle size. How-
ever, the flow measurement can become inaccurate when 
flow velocity increases. In their future work [109], the 

(30)va =
vus ⋅ ts

T ⋅ cos �
,

(31)va =
L(

tp + Δt
)
⋅ sin �

,

spatial cross-correlation flow measurement was conducted 
on the mouser ear to estimate the in vivo blood flow.

4.4 � Thermal tagging

4.4.1 � Thermal tagging based on photothermal heating

Conventional photoacoustic Doppler flowmetric methods 
not only require the light beam to be subcellular size but 
also require heterogeneity of the moving particle. This 
limits the imaging depth and influences the Doppler effect. 
Inspired from thermal diffusion flowmetry (TDF) [110] 
which is commonly used for flow measurement, Sheinfeld 
et al. developed a thermal-clearance-based photoacoustic 
flowmetric method, shown in Fig. 7a–c [111]. The prin-
ciple of this method is that the flowing target can cause 
thermal diffusion in surroundings, while the former can 
be reversely figured out based on the latter. Considering a 
common situation that blood flows in vessels covered by 
tissue, the dominant thermal diffusion happens from the 
heat conduction and convection. By involving the photo-
thermal to induce heat, the heat transfer function can be 
expressed as:

where r⃗ is the spatial coordinates in the heated volume, 
T
(
r⃗, t

)
 is the local temperature variation along with the time 

t  compared with the baseline temperature T0, 𝛼
(
r⃗
)
 repre-

sents the thermal diffusivity, v
(
r⃗
)
 is the flowing speed. In this 

work, two optical beams from laser diodes were modulated 
into a sinusoidal wave in different frequencies: one is used 
to generate photoacoustic signals, and the other is used to 
heat the medium and increase its Grueneisen parameter, and 
further encode the photoacoustic signals. Then its modula-
tion frequency response can be expressed as:

where � equals to 2�fPT , fPT is the photothermal modulation 
frequency, F(0) is modulation frequency at baseline tem-
perature, teff = (t−1

cd
+ t−1

cv
)−1 , tcd and tcv are time constants for 

conduction and flow-related convection, respectively. Via fit-
ting F(�) , the flow v can be estimated from teff  . The authors 
finally measured the blood flows in a range of 1 to 21 mm/s. 
Based on thermal clearance, this method doesn’t require a 
system with high spatial resolution and can be used for pho-
toacoustic flow sensing in deeper tissue compared with the 
conventional photoacoustic Doppler method. However, the 
method in this work is focused on a single vessel, thus the 
method needs to be improved for abundant intricated blood 
vessels.

(32)
𝜕T

(
r⃗, t

)
𝜕t

= ∇ ⋅
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𝛼
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(33)F(�) = F(0)
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,



114	 Biomedical Engineering Letters (2022) 12:97–124

1 3

4.4.2 � Thermal tagging based on ultrasonic heating

Although the photothermal-based thermal-tagging flowme-
try can increase the flow sensing depth, the measurement 
depth is still limited due to the light scattering for photo-
thermal. In 2013, Wang et al. extended this method using 
the high-intensity focused ultrasound (HIFU) to induce heat 
for photoacoustic flowmetry, shown in Fig. 7d–f [112]. The 
authors defined the weighted average temperature in the 
measured volume of a target as T̃(t) = ∮

Ω

w1

(
r⃗
)
T
(
r⃗, t

)
dV ,

where w1

(
r⃗
)
 is the weight factor, Ω is the measured volume. 

Then, base on Eq. (32), the T̃(t) can be expressed as:

where T̃
(
t0
)
 is the weighted average temperature at the 

initial time, �cd and kcv are the system constant factor 
related with conduction and convection, respectively, va is 
the particle flow speed. The altering T̃(t) can change the 

(34)T̃(t) = T̃
(
t0
)
e−(𝜏cd+kcvva)t,

Fig. 7   a–c Respectively the system setup, normalized photoacous-
tic modulation frequency responses with different flow speeds (1.06 
(pink), 2.1 (green), 4.2 (red), 10.6 (black) and 21.2 (gray) mm/s), 
and the flow measurement results compared with the preset val-
ues by the photothermal-thermal-tagging photoacoustic flowmetric 
method [111]. d–f are respectively the system setup, thermal decay 
curves acquired with different blood flow speeds, and measured flow 

speed versus set flow speed through the ultrasound-thermal-tagging 
photoacoustic flowmetric method [112]. g–k The system setup, ves-
sel structure, blood flow, speed profiles along with the dashed white 
line in (h), time-domain blood flow speed in the artery from the 
pulsed-laserbeam-thermal-tagging photoacoustic flowmetric method 
[116]. All figures are reprinted with permission. (Color figure online)
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temperature-dependent Grueneisen parameter Γ , and further 
encodes photoacoustic signals as:

where c1 , c2 are the constant. Via phantom experiments with 
various blood flow speeds, the system constant factors can 
be calibrated. Then, the unknown particle flow speed can be 
determined by the corresponding measured photoacoustic 
signals amplitudes. Finally, the authors conducted in vitro 
experiments and measured the blood flow with a range of 
2.97–41 mm/s under 1.5-mm-thick tissue. However, the flow 
direction is not measured in this work. Another problem is 
the safety problem caused by HIFU heating impulse, which 
can generate instantaneous heat.

To ensure safety, the authors further used modulated 
continuous HIFU heating to measure the flow speed [113]. 
The temperature of the flowing particle in response to 
sinusoidal heating can be expressed as:

where va is particle flow speed, T �(t, x) is the temperature 
variation from baseline, AT (x) = AT (0) × exp

[
−
(

��

va cos �

)
x
]
 

is the amplitude of temperature variation at x , x = 0 is the 
heating place, � is the thermal diffusivity, � is a constant 
factor, f0 is the sinusoidal heating frequency, � is the angle 
between the flow direction and x axis. The varied tempera-
ture can change the Grueneisen parameter and further modu-
late the photoacoustic signals. Then, the relationship 
between the carrier photoacoustic signal’s Doppler shift and 
the flow speed can be expressed as:

where vm is the scanning speed along the flow direction. 
Finally, the authors achieved the lowest and highest detect-
able flow speed at 0.24 mm/s and 11.8 mm/s, respectively. 
Owing to the sinusoidal heating, the maximum photoacous-
tic amplitude change and temperature fluctuation were con-
trolled to ±6.2% and ±1.3 , respectively, which is safe enough 
for in vivo imaging.

Based on a similar principle, Zhang et al. developed an 
optical modulated thermal tagging method to acquire flow 
speed in 2014 [114]. In this work, the local temperature was 
modulated by a sinusoidal heating beam, and further, encode 
the photoacoustic signals. The flow speed va can be also 
estimated from Eq. (37). When vm ≫ va cos 𝜃 and � = 0

◦ , 

P̃(t) = c1 + c2e
−(𝜏cd+kcvva)t

(35)va =

1

t
ln
[

c2

P̃(t)−c1

]
− 𝜏cd

kcv
,

(36)T �(t, x) = AT (x) sin

[
2�f0

(
t − t0 −

x

va cos �

)]
,

(37)va = −
vm

Δf cos �
f0,

by taking photoacoustic signals at positions x1 and x2 with 
Δx = x2 − x1 and time delay Δt , the flow speed va can be 
simplified as Δx/Δt . This method can ensure both the pho-
tothermal encoding and the photoacoustic detection periods 
use the endogenous optical absorption contrasts. However, 
the heating and detection beams are on the opposite sides of 
the sample, limiting the sample thickness and absorbance.

4.4.3 � Thermal tagging based on optical heating

To ensure the heating/detection period at the same side, Liu 
et al. developed a single-light-source-based photoacoustic 
flowmetry via OR-PAM [115]. Different from using diffused 
light or focused ultrasound for heating, the authors used the 
focused laser beam for both photothermal heating and pho-
toacoustic detection, which simplifies the system configura-
tion for future in vivo applications. In each heating cycle, 
500 laser pulses with a 10 kHz repetition rate are used to 
heat the flowing medium. The mathematical model is similar 
to Eq. (35) as:

where A , B , � , k are system constant factors that need to be 
calibrated. By employing phantom experiments via different 
sample flowing speeds, these constant factors can be used for 
in vivo flow measurement. Finally, the authors realized the 
flowing blood phantoms at speeds from 11.8 to 236 mm/s 
and measured in vivo blood flow speeds in the microvas-
culature in the mouse ear. This method only harnesses a 
single laser source for both heating and detection periods, 
which simplifies the system setup for reflection-mode OR-
PAM. However, the time interval between each heating cycle 
is ~ 100 ms, making it difficult for fast flow measurement.

To realize high-speed multi-contrast OR-PAM, Liu et al. 
developed a fast thermal-tagging-based dual-pulse flowmet-
ric method with A-line speed, shown in Fig. 7g–k [116]. 
This method enables simultaneous imaging of CHb, sO2 and 
BF under single scanning. The principle is that when two 
successive pulses are shone onto the targets, the heat gen-
erated by the first pulse can elevate the local Grueneisen 
parameter and further increase the photoacoustic ampli-
tudes induced by the second pulse. The local Grueneisen 
parameter is a function of the particle flow speeds. Thus, 
by reversely measuring the increment amplitude of second 
photoacoustic signals, the flow speeds can be figured out as:

(38)P̃(t) = Ae−(𝛼+kva)t + B,

PA1 = k�Γ0F1�a1

PA2 = k�
(
Γ0 + ΔΓ

)
F2�a2

(39)ΔΓ = aF1�a1e
−(��+bva)�t,
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 where PA1 , PA2 and F1 , F2 , and �a1 , �a2 are the photoacous-
tic amplitudes, optical influence, and absorption coefficients 
for the first and second pulses, respectively; Γ0 , ΔΓ are the 
baseline and increment value of Grueneisen parameter; a , 
�� , b are system constant factors; �t is the dual-pulse time 
interval. Then, the PA2 can be rewritten as:

 where M =
a

k�Γ2
0

 . M, �� , b are system constant factors that 
can be fitted by conducting the phantom experiments. The 
photoacoustic amplitudes of two successive pulses can be 
used to decide the flow speed directly. The dual-pulse flow-
metric method enables fast flow measurement at sub- micro-
second level. Finally, the authors demonstrated the simulta-
neous wide-field multi-functional OR-PAM in the mouse 
ear. This method significantly reduces the flow measurement 
time from tens milli-seconds to sub-microseconds, which 
can enable fast multi-functional OR-PAM. This method 
requires high laser source performance for low pulse-to-
pulse energy fluctuation of two laser pulses. In this work, the 
fiber SRS effect is used to generate multiple laser pulses 
from one seed pulse, resulting in low pulse-to-pulse energy 
fluctuation.

5 � Partial oxygen pressure

PO2, or oxygen tension is a significant physiological value 
indicating the balance between local oxygen delivery and 
consumption in blood vessels [117, 118]. Both sO2 and 
pO2 are important for oxygen metabolism analysis in blood 
imaging. The relationship of sO2 and pO2 can reflect the 
hemoglobin binding affinity of oxygenation [119]. Com-
pared with the sO2, pO2 is more suitable for solid tumor 
study, where the blood vessels are in tortuosity and necro-
sis period limiting the oxygen transportation [120].

PA2 =
F2�a2

F1�a1

PA1 +
F2�a2

F1�a1

PA2
1
⋅M ⋅ e−(��+bva)�t

(40)
va =

1

�t
ln

[ F2�a2
F1�a1

PA2
1
⋅M

PA2−
F2�a2
F1�a1

PA1

]
− ��

b
,

5.1 � Photoacoustic lifetime imaging (PALI)

Owing to the high optical absorption of hemoglobin, photoa-
coustic imaging can provide high contrast for pO2 measure-
ment [51, 66, 121–128]. Similar to other optical methods, 
photoacoustic pO2 sensing is also based on measuring the 
lifetime of oxygen-sensitive dye from the excited state to 
the ground state [129, 130]. The first photoacoustic lifetime 
imaging (PALI) was developed by Shai Ashkenazi et al. in 
2010 [121], shown in Fig. 8a–f. In this work, the methylene 
blue (MB) is used as an oxygen-sensitive dye to acquire deep 
pO2 measurement because the absorption peak of MB is 
at ~ 660 nm where the tissue optical absorption is relatively 
low. For their system setup, two laser sources are used for 
pumping the dye-labeled molecules and probing the tran-
sient absorption period, respectively. The detected photoa-
coustic signals PA are the function of the time interval � 
between the pump and probe pulses as:

where PA0 is the initial transient photoacoustic ampli-
tude, T  is the lifetime. By using trains of different pump-
probe delays to do exponential fitting, the lifetime T  can be 
extracted. Based on the Stern–Volmer relationship, pO2 can 
be calculated from already known lifetime T  [122] as:

where T0 is the lifetime without oxygen, k is quenching 
rate constant. The constants T0 and k for various dyes have 
been examined and published in the literature [131, 132]. 
For instance, for MB used in this work, T0 = 79.5�s and 
k = 0.0036 μs−1 mmHg−1 . By tuning the probing laser 
wavelength to 810 nm, the authors conducted the phantom 
experiments through two independent plastic tubes filled 
with the MB dye solution with different oxygen levels. The 
resulted sufficient contrast offered by photoacoustic imag-
ing signifies that the absorption at the excited state can be 
more than 4 times higher than that at the ground state. The 
authors successively measured pO2 in the range of 0.4 to 
153 mmHg with a low standard deviation. However, during 
pO2 quantitative imaging, the authors observed significant 
deviations from the set values and obvious scattering due to 
the fluctuated pulsed energy for both pump and probe laser 
sources. The authors demonstrate the potential of PALI for 
clinical study combined with photodynamic therapy (PDT) 
for real-time therapy monitoring. In their future work, they 
combined PALI with normal ultrasound and photoacous-
tic sensing for more contrast imaging, demonstrated pO2 
imaging via tumor hypoxia model in small animals [122], 
and monitored tissue oxygen changes induced by different 

(41)PA = PA0e
−

�

T ,

(42)pO2 =
T−1 − T−1

0

k
,

Fig. 8   a, b The CHb acquired by photoacoustic imaging at 570  nm 
and the time-integrated phosphorescence acquired by confocal imag-
ing at 523 nm; c–d, and e–f The sO2 and pO2 imaging of mouse ear 
in hyperoxia and normoxia models, respectively [66]. g–h are the 
combined image of sO2 in the labeled tumor region and the OEF vari-
ation in the tumor region from day 0 to day 7 [67]. i–k are respec-
tively the variation in CHb, sO2, flow rate, OEF, and MRO2 during the 
monitoring of hemodynamic responses after cryotherapy on mouse 
ear [143]. All figures are reprinted with permission

◂
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external modulations including controlling the percentage of 
the oxygen inhaled by mouse and performing acute ischemia 
model [123].

5.2 � Multi‑modality pO2 imaging

To study the relationship of pO2 and sO2 in vivo, Wang 
et al. integrated the OR-PAM and fluorescence confocal 
microscopy (FCM) to realize the dual-modality functional 
microscopy [66]. In the setup, a 523-nm pulsed laser is 
used as a pump for both exciting the oxygen-sensitive phos-
phorescent probe (Pd-meso-tetra porphyrin) and pumping 
a dye laser with tunable wavelengths (560–590 nm). The 
dye laser is used for hemodynamic imaging. The generated 
photoacoustic and phosphorescence signals are collected 
by ultrasound transducer (US) and a photomultiplier tube 
(PMT), respectively. By tuning the wavelength to 570 and 
578 nm, sO2 mapping can be obtained by linear spectral 
unmixing method. The pO2 in the same image region can 
be estimated by measured phosphorescence lifetime based 
on Eq. (42). To investigate how one of pO2 and sO2 can 
affect the other, the authors modulate the mouse’s status 
from hyperoxia to normoxia by changing the inhalation gas 
from pure oxygen to air. The results first showed that the 
higher-sO2 area measured by OR-PAM matches well with 
the higher-pO2 area acquired by FCM. Second, both pO2 
and sO2 decreased when the status switched from hyper-
oxia to normoxia, but the decreasing amplitude is different 
in arteries and veins. From hyperoxia to normoxia status, 
the resulting sO2 and pO2 in the arteries decreased differ-
ently, while in comparison, both sO2 and pO2 in the veins 
decreased small, matching well with the nonlinear tendency 
of oxygen-hemoglobin binding. Finally, the authors built up 
a dual-modality microscopy system combining OR-PAM 
and FCM to realize in vivo subcellular imaging analysis of 
the relationship between sO2 and pO2, making it a potential 
tool for quantitative analysis of in vivo microenvironmental 
oxygen transport.

6 � Oxygen extraction fraction

OEF is generally considered to be an indicator reflecting 
the ability of tissue to take oxygen from the surrounding 
bloodstream in order to maintain the integrity of function 
and morphology [133]. OEF manifests the oxygen utilization 
efficiency by the tissue, being an indicator for the diseased 
models related to hemodynamics, for instance, tumor growth 
[67] and cerebral ischemia [134]. Typically, the OEF in the 
ROI can be calculated by measuring the oxygen saturation 

average in all surrounding feeding arteries and draining veins 
as [67]

where sO2f
 and sO2d

 are the averaged oxygen saturation in 
all feeding arteries and all draining veins, respectively. 
Owing to the high sensitivity to hemodynamics, photoacous-
tic imaging can be a powerful tool for measuring the OEF in 
different biomedical applications.

6.1 � OEF used in ischemic stroke evaluation

OEF is often used as a factor for normality evaluation in 
brain-related diseased models. Compared with other con-
ventional hemodynamic parameters, e.g., the CBF, OEF 
is more suitable for evaluating brain status in the ROI. 
Because CBF mapping of the gray and white matter in the 
brain can show significant boundary, on the contrary, the 
OEF mapping shows relatively consistent across the entire 
brain, which brings a more robust quantitative measurement 
of OEF in the ROI. Among various brain-related diseases, 
ischemic stroke is prone when the supply of blood and oxy-
gen is not enough for normal brain hemodynamic activities, 
which usually arises from thrombosis in the cerebral aorta. 
Ischemic stroke can cause serious and irreversible diseases 
like paralysis, communication difficulties, or a visual impair-
ment, thus the study of ischemic stroke’s pathogenesis is 
important. In 2011, Hu et al. demonstrated ischemic stroke 
under longitudinal monitoring via OR-PAM [134]. In this 
work, an ischemic stroke model is made on mice by per-
forming the middle cerebral artery occlusion (MCAO) and 
OEF is extracted from the averaged sO2 values in the mid-
dle cerebral artery (MCA) and draining veins. The authors 
found during the MCAO, the OEF in the stroke region ele-
vated significantly from baseline 0.15 to 0.48 to compensate 
for the reduced CBF and after MCA reperfusion, the OEF 
gradually reduced and finally dropped to zero after 24 days, 
reflecting the brain necrosis. Taking advantage of OR-PAM, 
the ischemic stroke process can be monitored longitudinally 
through the intact skull and evaluated quantitatively by OEF 
measurement. In their future work, based on these disease 
models, the authors validated the neuroprotection ability 
of sphingosine 1-phosphate (S1P) against ischemic stroke 
[135]. The recovery of OEF in the stroke region after treat-
ment manifests the drug’s effectiveness.

6.2 � OEF used in tumor growth evaluation

Besides cerebral study, OEF is also a good indicator for eval-
uating tumor growth. Compared with normal tissue, OEF 

(43)OEF =
sO2f

− sO2d

sO2f

,
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in tumor tissue is generally poor, indicating the incomplete 
extraction of oxygen from the blood to tumors. In 2020, 
Chen et al. developed a dual-wavelength confocal visible/
NIR OR-PAM to realize a subcellular insight for observing 
tumor growth at an early stage, shown in Fig. 8g–h [67]. 
The authors cultured tumor cells on the mouse ear. After a 
week’s development, the angiogenesis and hypermetabolism 
in the tumor region become obvious via the combination of 
visible and NIR OR-PAM. The authors measured the aver-
age oxygen saturation in all feeding arteries and all drain-
ing veins around the tumor region and calculate the OEF. 
The resulting OEF shows a significant decrease from 0.38 
to 0.02 after 7 days’ development of the tumor, indicating 
the low oxygen consumption in the tumor tissue. The authors 
finally realized the simultaneous functional and morphologic 
microvascular tumor imaging including the hemoglobin con-
centration, oxygen saturation, labeled tumor, vessel diame-
ter, vessel tortuosity, and vessel density. The comprehensive 
multi-parameter subcellular OR-PAM can provide multiple 
angles for studying the evolution mechanism in the tumor 
microenvironment.

Due to the high sensitivity to oxygenation variation, OEF 
can be used as the indicator to evaluate multiple diseased 
models including the blast traumatic brain injury [136], dia-
betes [137], hypercapnia [138], obesity [139], etc.

7 � Metabolic rate of oxygen

MRO2 can directly mirror the oxygen depletion condition 
in the targeted tissue. It can be used not only for monitoring 
tissue’s healthy status [65, 140], but also for evaluating the 
effectiveness of treatment [141]. For calculating MRO2 in 
ROI, OEF and amount of BF passing through the tissue in 
ml/100 g/min in the target region should be obtained [142]:

where C� is a constant, representing the oxygen molecules 
capacity per unit volume of blood. In biomedical imaging, 
MRO2 is wildly used to evaluate the brain hemodynamic 
function [142] and observe the hypermetabolism in tumor 
growth [143].

7.1 � Cerebral metabolic rate of oxygen

In the brain-related study, the cerebral metabolic rate of oxy-
gen (CMRO2) is considered as a direct evaluation indicator 
for neuron activity, energy homeostasis, and brain health. 
Many brain-related diseased models have been explored by 
photoacoustic imaging based on CMRO2 analysis [136, 138, 
139, 142, 144, 145]. In 2018, Ni et al. combined PACT and 
magnetic resonance imaging (MRI) to study the CMRO2 

(44)MRO2 = OEF × BF × C� ,

mechanism in Alzheimer’s disease (AD), which is a com-
mon brain disease affecting patients’ memory, mind, and 
behavior [144]. Recent research has revealed obvious fea-
tures like hypoperfusion and capillary dysfunction in the 
AD model, however, the relationships to oxygen transport 
and metabolism in the AD model are still unknown. Due to 
the high optical absorption and low ultrasonic scattering, 
photoacoustic imaging can provide high contrast vascular 
imaging for the mechanism study of AD deep brain tissue. 
The authors used AD mice to estimate OEF and CMRO2 in 
mouse brain by PAT and measure the cerebral blood flow 
(CBF) by perfusion MRI. Finally, the authors found obvious 
decreased cortical CBF and CMRO2 in aged AD mice com-
pared with the wild-type littermates. The measured CMRO2 
are 1.81 ± 0.64 , 2.7 ± 0.8 , and 2.8 ± 0.67 , respectively for 
24-month normal mice, 6-month AD mice, and 24-month 
AD mice, while the detected cortical CBF decreased 30% 
in 24-month AD mice compared with the age-matched nor-
mal mice. The authors ultimately attributed the significant 
decrease in CMRO2 to the inability of the vascular system 
to compensate for the decreased oxygen delivery by increas-
ing OEF, which may make the tissue under the condition 
of hypoxic pressure. Blast traumatic brain injury (bTBI) is 
also a common brain disease caused by blast shockwave, 
especially in combat-related injuries. To analyze the dys-
functions mechanism in cerebral microvasculature, Cao et al. 
developed multi-parametric photoacoustic microscopy to 
monitor the cerebral hemodynamics and metabolism within 
four hours after injury [136]. The authors first measured 
globe oxygen-metabolic responses to blast exposure. The 
results showed that except for a slight increment of venous 
sO2 and blood flow in the blast-exposed group, other func-
tional parameters including the hemoglobin concentration, 
average arterial sO2, OEF, CBF, and CMRO2 showed no sig-
nificant difference in blast-exposed and normal groups. To 
further examine the relationship between the blast-induced 
functional variations and vessel types, the authors conducted 
a single-vessel analysis by sorting out the blood vessels into 
four types. The results showed that blast-induced sO2 and 
blood flow changes are primarily in small veins, and in both 
large veins and large arteries, respectively. The authors owe 
the stability of CMRO2 in the blast-exposed model to the 
firm coupling of increased CBF and reduced OEF. Based on 
the CMRO2 sensing provided by photoacoustic imaging, the 
authors afforded a comprehensive understanding of the bTBI 
mechanisms. The authors further uncovered the CMRO2 
change mechanism by photoacoustic imaging in multiple 
diseased models including the anesthesia effect on the brain 
[145], hypercapnia [138], and obesity [139].
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7.2 � Hypermetabolism in tumor growth

Angiogenesis and hypermetabolism are two hallmarks in 
the tumor developing period, which are highly related to 
the MRO2. When a tumor develops, the cancer cells derive 
nutrients and energy from surrounding feeding vessels to 
grow and spread, which alters the MRO2 in local micro-
vasculature. The most obvious change after the early can-
cer stage is the hypoxia caused by hypermetabolism and 
restricted blood supply. In 2011, Yao et al. observed the 
MRO2 variation at early stage when cancer grows [143]. 
After culturing B16 melanoma cells on the mouse ear after 
a week, the vessel is dilated with increased volumetric blood 
flow rate, ensuring adequate nutrients and oxygen supply for 
tumor growth and metastasis. Finally, the MRO2 has a 36% 
increment. It signifies that melanoma can cause hyperme-
tabolism to tissue at early stage of tumor. After two weeks, 
the MRO2 continuously dropped indicating the growing 
tumor’s status changing from hyperoxia to hypoxia. The 
authors explained two reasons for this: the first reason is 
the behavior change of tumor from aerobic respiration to 
anaerobic respiration for pillaging oxygen in fast growth; 
the second reason is the necrosis in the core area of the 
tumor, which doesn’t consume oxygen but increases tumor 
weight and reduces the MRO2. For better demonstration, the 
authors chose the more transparent U87 human glioblastoma 
to measure the variation of MRO2 with tumor growth. After 
7 days’ development, the oxygen saturation in draining veins 
was elevated which reflects the hyperoxia at the early cancer 
stage. Compared with melanoma, glioblastoma expressed a 
100% increment in MRO2, indicating stronger hypermetabo-
lism. By analyzing MRO2 quantitatively via OR-PAM, the 
authors demonstrated the hyperoxia phenomenon, indicating 
the hypoxia-based diagnosis may not be suitable for early-
stage cancer. The work also monitored the hemodynamic 
response and MRO2 change during hyperthermia therapy 
and cryotherapy shown in Fig. 8i–k, which are common 
clinical treatments for cancer.

8 � Conclusion and outlook

Photoacoustic imaging is a powerful imaging tool for 
monitoring hemodynamics not only because of its high 
contrast based on optical absorption but also due to its 
ability for multi-functional imaging. This paper summa-
rizes the mainstream methods based on photoacoustic 
imaging to acquire multi-functional information includ-
ing CHb, sO2, BF, pO2, OEF, and MRO2, which are all 
important indicators for vascular health. The CHb can be 
normalized by selecting isosbestic wavelengths which have 
similar absorption coefficients for oxygenated hemoglobin 
and deoxygenated hemoglobin. The sO2 can be mainly 

acquired linearly and nonlinearly. The linear sO2 method 
arises from the spectral unmixing while the nonlinear 
sO2 method is based on the saturation from intensity or 
picosecond/nanosecond pulse width. For more accurate 
sO2 measurement, the optical and acoustic compensa-
tion methods are introduced aimed at different situations. 
Photoacoustic flowmetric methods are mainly based on 
optical encoding, target correlation, and thermal tagging, 
which encode the modulated light intensity, target density, 
and heat transit time into the blood flow, respectively. The 
blood flow can be extracted from the affected photoacous-
tic signals. The pO2 is highly related to sO2 and can be 
figured out by measuring the lifetime of the oxygen-sensi-
tive dye. OEF and MRO2 are important indicators directly 
reflecting the hemodynamic activities and creature vital-
ity and can be calculated by the combination of sO2, BF, 
and vessels’ structural information. OEF and MRO2 are 
wildly used in multiple biomedical applications including 
the analysis of brain-related diseased models and studies 
on cancer research. This work detailly introduces the vari-
ous photoacoustic-based methods to calculate the multi-
ple functional information, benefiting the multi-functional 
photoacoustic applications in the future.

Nowadays, limited by the alternative commercial laser 
sources and calculation methods, most photoacoustic 
imaging based biomedical applications can only obtain 
one or two functional parameters through single scanning, 
limiting the potential of simultaneous multi-functional 
photoacoustic imaging. In the future, two solutions can 
be taken into consideration for better multi-functional 
sensing. One way is to update the laser sources which can 
provide multiple stable wavelengths with sufficient pulsed 
energy for multi-contrast imaging. The existing similar 
methods are using SRS-based fiber laser and OPO (Optical 
parametric oscillator) laser source. However, the former 
one is limited to the energy and wavelength choice while 
the latter one is limited to the beam quality and pulse-to-
pulse stability. The other way is to improve the functional 
quantitative methods. For instance, the photoacoustic Dop-
pler bandwidth broadening flowmetry needs multiple times 
scanning at the same imaging region to acquire blood flow, 
which is time-consuming and cannot support simultaneous 
imaging with other functional parameters. Thus, to real-
ize simultaneous multi-functional photoacoustic imaging, 
better laser sources and improved functional quantitative 
methods are indispensable. For the preclinical and clinical 
applications, photoacoustic microscopy (e.g., OR-PAM) 
can provide high-resolved and multi-contrast molecular 
imaging, making it powerful tool for tumor metastasis 
study and brain activity research, which benefits the life 
science. However, the imaging penetration depth is still a 
challenge for microscopic imaging tool, limiting its clini-
cal potentials in deeper tissue. In future, one solution is 



121Biomedical Engineering Letters (2022) 12:97–124	

1 3

to alleviate the optical scattering, for instance, using the 
wavefront shaping method to refocus the scattered photon; 
the other way is to combine the tomography (e.g., PACT) 
to realize the multiscale imaging: OR-PAM is used to pro-
vide the high-resolved superficial imaging while PACT is 
used to provide the deep tissue information.
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