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Interaction of acoustic waves and microbubbles occurs in numerous biomedical applications including ultrasound
imaging, drug delivery, lithotripsy treatment, and cell manipulation, wherein the acoustically driven microbub-
bles routinely act as active microscale oscillators or actuators. In contrast, microbubbles were utilized here as
passive receivers to detect broadband ultrasound waves in aqueous environments. The microbubble was photo-
thermally generated on a microstructured optical fiber (MOF) tip, forming a flexible Fabry–Pérot cavity whose
gas–water interface was sensitive to ultrasound waves. The MOF severed as both a low-loss waveguide and a
compact light condenser, allowing high-efficiency generation and stabilization of ultrasmall microbubbles.
Integrated with all-fiber interferometry, a 10 μm diameter microbubble exhibited a low noise-equivalent pressure
level of ∼3.4 mPa∕Hz1∕2 and a broad bandwidth of ∼0.8 MHz, capable of detecting weak ultrasounds emitted
from red blood cells irradiated by pulsed laser light. With advantages of high sensitivity, compact size, and
low cost, the microbubble-based ultrasound sensor has great potential in biomedical imaging and sensing
applications. © 2020 Chinese Laser Press

https://doi.org/10.1364/PRJ.394941

1. INTRODUCTION

Acoustic actuation of microbubbles has attracted extensive re-
search interest over the past decades [1,2]. When subjected to
acoustic waves, the gas–liquid interface of the microbubble
contracts and expands periodically, and it emits strong shock
waves if cavitation occurs [3,4]. With inherent flexibility
and aqueous compatibility, microbubbles have been exploited
for various biomedical applications including ultrasound imag-
ing [5], intercellular transport of molecules [6], noninvasive
treatment of acute intravascular thrombi [7], and opening of
blood brain barrier [8]. In particular, microbubbles generated
by laser heating at liquid-immersed solid surfaces are attractive
to biological studies because the bubble location can be easily
controlled by the focal spot of the laser [9]. These photother-
mally generated microbubbles, after being driven by acoustic
waves [10], can serve as a powerful tool for trapping par-
ticles/cells and inducing shear force on cell membranes [11,12].

In the abovementioned studies, microbubbles were rou-
tinely driven by external acoustic or ultrasonic waves and acted
as active mechanical components, such as microscale actuators
or ejectors. There are few reports on the use of the highly

flexible microbubble as a passive component for underwater
acoustic detection, which plays an important role in a number
of applications including underwater communication and
sonar, nondestructive testing, and biomedical ultrasonic/photo-
acoustic imaging [13–15]. The possible reasons are as follows.
First, the microbubble generally suffers rapid dissolution caused
by the high Laplace pressure, which is inversely proportional to
its radius as predicted by the Epstein–Plesset theory [16,17].
The fast-decaying feature of the microbubble inspires applica-
tions including particle/cell lithography [18] and volumetric
display [19] but hinders the stable acquisition of the bubble
deformation caused by acoustic waves. Second, the numerical
aperture (NA) of the microscope objective and the camera
frame rate limit the resolution and the speed to read out the
bubble deformation [20], posing a problem for detecting weak
and high-frequency acoustic waves.

Recently, photothermally generated microbubbles have
been investigated for reconfigurable plasmonic lenses and tun-
able surface plasmon polaritons [21,22]. The bubble diameter
depends on the amount of localized heat generated at the
laser focal spot and thus can be precisely tuned by changing

1558 Vol. 8, No. 10 / October 2020 / Photonics Research Research Article

2327-9125/20/101558-08 Journal © 2020 Chinese Laser Press

https://orcid.org/0000-0002-0213-4200
https://orcid.org/0000-0002-0213-4200
https://orcid.org/0000-0002-0213-4200
https://orcid.org/0000-0003-3049-338X
https://orcid.org/0000-0003-3049-338X
https://orcid.org/0000-0003-3049-338X
https://orcid.org/0000-0002-1662-8834
https://orcid.org/0000-0002-1662-8834
https://orcid.org/0000-0002-1662-8834
https://orcid.org/0000-0003-2544-0216
https://orcid.org/0000-0003-2544-0216
https://orcid.org/0000-0003-2544-0216
mailto:tguanbo@jnu.edu.cn
mailto:tguanbo@jnu.edu.cn
mailto:tguanbo@jnu.edu.cn
https://doi.org/10.1364/PRJ.394941


the heating laser power. By virtue of this photothermal tuna-
bility, we previously stabilized a microbubble on the tip facet of
a standard single-mode fiber (SMF) through automatic servo
control of the heating power [23]. The stabilized microbubble
and the fiber tip facet formed a low-finesse Fabry–Pérot cavity,
which could resolve the deformation of the gas–water interface
much more accurately and faster than an optical microscope.
The SMF-supported microbubble showed its capability of
detecting weak acoustic waves, but its frequency bandwidth
was limited to ∼80 kHz, at least 1 order of magnitude narrower
than the need for nondestructive testing or photoacoustic/ultra-
sound imaging. In addition, the heating power required to gen-
erate the microbubble was on the level of tens of milliwatts,
which might cause adverse thermal effects to samples such
as biological cells or tissues.

To address the above issues, we demonstrated a miniature
surface microbubble photothermally generated on the tip facet
of a microstructured optical fiber (MOF). The MOF severed as
both a low-loss waveguide and a compact light condenser,
which tightly focused the heating light at the fiber tip facet.
The small focal spot allowed efficient generation of microbub-
bles and thus reduced the laser heating power compared with
the previously employed SMF. Moreover, the MOF greatly in-
creased the spectrum fringe contrast of microbubbles with
diameters less than 10 μm, which enabled sensitive detection
of high-frequency ultrasounds up to ∼1 MHz and wide-view
photoacoustic imaging of red blood cells (RBCs) irradiated
under short laser pulses.

2. MICROBUBBLE GENERATION AND
STABILIZATION

Compared to free-space optics, optical fibers with the advan-
tages of being easy to use and being immune to environmental
vibrations were employed to deliver the heating laser for
photothermal generation of microbubbles. Instead of the
conventional SMF, an MOF comprising of a tiny silica core
surrounded by air holes was employed as both a low-loss wave-
guide and a compact light condenser as shown in Fig. 1.

TheMOF was fabricated in the following process. A piece of
SMF (SMF-28, Corning) was first spliced with a section of
photonic crystal fiber (PCF, LMA-10, NKT Photonics) via a
fusion splicer (FSM-45PM, Fujikura). The other pigtail of the
PCF was sealed in a gas chamber connected to a high-pressure
nitrogen cylinder. The PCF was then heated by a hydrogen
flame located at 2–3 mm from the SMF/PCF splicing point
and simultaneously pulled by two linear translation stages.
To prevent the PCF from collapsing during the tapering pro-
cess, nitrogen gas with a pressure of 5–6 bars was supplied to
the inner holes of the PCF via the gas chamber [24]. The diam-
eter of the tapered PCF was controlled by the tapering time and
the pulling speed of the translation stages. After cutting the ta-
pered PCF at its waist with a fiber cleaver (FC-6S, Sumitomo
Electric) under a microscope, the MOF with a fiber tip struc-
ture was obtained with its microscope image as shown in
Fig. 2(a). During the cleaving, the two ends of the MOF were
placed horizontally and slightly stretched to keep the fiber
straight. The height of the cleaver bladder was adjusted to re-
duce the distance between the fiber and the bladder considering
the smaller diameter of the MOF than the normal SMF. After
optimizing the bladder height by trial and error, the MOF can
be cleaved with a flat and smooth end surface, which is critical
to increase the spectral fringe contrast of the microbubble-
based Fabry–Pérot cavity as will be discussed later. To estimate
the insertion loss caused by the above-described splicing, taper-
ing, and cleaving procedures, the reflectivity of the MOF end
facet was measured in the wavelength band from 1530 to
1610 nm and compared with that of the silica/air interface
(∼3.5%). The measured reflectivity for MOF is ∼2.0%, which
corresponds to an insertion loss of ∼1.2 dB. Figures 2(b) and
2(c) show the scanning electron microscope (SEM) images of
cross sections at different locations along the MOF. The core
and cladding diameters of the MOF at its end facet are
∼2.6 μm and ∼40 μm, respectively.

The microbubble was subsequently generated by delivering
980 nm heating light from a continuous-wave (CW) pump la-
ser to the end facet of the MOF. The facet of the MOF was
coated with a layer of 4 nm thick Au film to increase light ab-
sorption. The Au film generated localized heat that vaporized
the distilled water surrounding the MOF core and initiated the
bubble nucleation. The gases originally dissolving in the water
then quickly diffused into the bubble, causing it to grow.
Figure 2(d) shows a photothermally generated microbubble
on the MOF tip facet. The temporal evolutions of the bubble
diameter during the growth and decay process were recorded
using a charge-coupled device (CCD) camera. As shown in
Fig. 3(a), the temporal evolutions of the bubble diameter at
different heating powers suggest that a larger heating power re-
sults in a higher growth rate. The temporal growth of the bub-
ble diameter d follows a relationship of t1∕3 with the heating
time t. As the heating light is switched off, the bubble starts to
decay, and the bubble lifetime τ0 shows a quadratic dependence
on the initial bubble diameter d 0 [25]. The relationship be-
tween the bubble lifetime and diameter is found to be depen-
dent on the gas–vapor ratio in the bubble composition that
plays an important role in the bubble shrinkage dynamics [26].
In principle, the bubble diameter can be precisely controlled by
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Fig. 1. Schematic of a surface microbubble photothermally gener-
ated at an MOF tip for photoacoustic imaging of RBCs in a blood
vessel.
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adjusting the heating power or duration. However, the bubble
growth process is quite fast at its early stage, which prevents
accurate control of the bubble diameter, especially for those
with a diameter of less than 20 μm. In the experiment, the pro-
cedure for the bubble generation is as follows: a bubble larger
than the desired size is generated, and subsequently the heating
laser is switched off; once the bubble slowly shrinks to the
desired value, the heating laser is servo controlled via an elec-
tronically variable optical attenuator (EVOA, EVOA800A,
Thorlabs) to stabilize the bubble [23]. Based on the recorded
temporal evolution of the bubble diameter after the servo con-
trol, the root-mean-square (RMS) value of the fluctuation is
∼5 nm, which is over 2 orders of magnitude smaller than
the wavelength (1550 nm) of the probe light for ultrasound
detection. The average heating power required to nucleate a
20 μm diameter bubble at the MOF end facet is ∼8.5 mW,
about half of that needed for the SMF as shown in Fig. 3(b).
The reduced heating power is attributed to the tight concen-
tration of light by the MOF with a small fiber core, which im-
proves the biosafety of the MOF-supported microbubble for
applications involving biological tissues or cells.

The dynamics underlying the microbubble stabilization can
be understood by resorting to the gas diffusion equation,

Henry’s law, and the Laplace equation [27,28]. The long life-
time of a microbubble under optical heating is a result of the
balance between the diffusion of the dissolved gases into and
out from the bubble through its gas/liquid interface [29]. As the
bubble diameter is significantly larger than the spot size of the
heating laser, the heat Q generated by the laser inside the bub-
ble results in a nonuniform spatial distribution of temperature
T in the water surrounding the bubble. The molecular flux
density J can then be described as follows:

J � −D∇c − Dsc∇T , (1)

whereD is the molecular diffusivity, c is the concentration of air
molecules in the water, and Ds is the Soret coefficient [30]. On
the right-hand of Eq. (1), the first term describes the gas dif-
fusion from the bubble to the surrounding liquid driven by the
concentration gradient, which originates from the Laplace pres-
sure caused by the surface tension at the gas–liquid interface.
The second term accounts for the temperature gradient in-
duced by the laser heating, which causes thermophoresis, facili-
tating an inverse gas diffusion process. As a result, the bubble
stabilization by servo controlling the heating power is a dy-
namic process to photothermally balance the gas diffusion into
and out from the bubble.

30 µm
Microbubble

1 2
(a)

)c()b(

PCF PCF taper

(d)

Fig. 2. (a) Microscope image of an MOF; inset: SEM image. (b), (c) SEM images of cross sections of the MOF at different locations as indicated
by dashed lines 1 and 2 in (a); the inset in (c) shows the close-up image of the MOF core. (d) Microscope image of a photothermally generated
microbubble on the MOF tip facet.
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3. OPTICAL REFLECTION SPECTRUM

As the microbubble at the MOF tip can be regarded as a low-
finesse Fabry–Pérot cavity, a larger fringe contrast of the reflec-
tion spectrum gives a higher sensitivity for dynamic pressure
[31]. To characterize its reflection spectrum, light from a
broadband source (BBS, 1525–1575 nm) was delivered to
the bubble via an optical circulator and a wavelength-division
multiplexer (WDM, 980/1550 nm). The light reflected from
the end facet of the MOF and the air/water interface of the
bubble was collected by an optical spectrum analyzer (OSA).

Figure 4(a) shows the measured and calculated reflection
spectrum of a single microbubble stabilized at different diam-
eters. The reflection spectrum can be described by the relation-
ship between the reflected light intensity I and the optical
wavelength λ as I ∝ �1� K cos�4πnd 0∕λ� φ0��, where
n ≈ 1 is the refractive index of the gases in the bubble and
φ0 is the constant phase shift. K is the fringe contrast of
the bubble reflection spectrum and can be described by

K � 2
ffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffi
�1 − R1�2R1R2η

p
R1 � �1 − R1�2R2η

, (2)

where R1 ≈ 3.4% and R2 ≈ 2% are the reflectivities of the fiber
end (interface 1) and the air/water interface (interface 2), re-
spectively, and η is the transmission coefficient that accounts
for the light propagation loss between interfaces 1 and 2
[see Fig. 4(b)]. The fringe contrast of the reflection spectrum
increases from 4 to 7.4 dB as the diameter decreases from 35 to
12 μm. Based on Eq. (2), the higher spectrum fringe contrast
for the smaller bubble is a result of the increased transmission
coefficient, which can be analyzed by the transfer matrix
method [32]. For a bubble with radius of r, its transfer matrix
can be written as

MT � M 21M 2M 12 �
�
A B
C D

�

�
�
1 2r
0 1

��
1 0

−2∕r 1

��
1 2r
0 1

�
, (3)

where M 12, M 2, and M 21 account for the propagation from
interface 1 to 2, the reflectance at interface 2, and the propa-
gation from the interface 2 to 1 of the light beam, respectively.
Based on the transfer matrix MT , the waist radius w1 and the
radius of curvature Rc1 of the beam reflected back to the fiber
end (interface 1) can be calculated using the ABCD law [32].
The transmission coefficient η is then obtained by

η � 4w2
0w

2
1

�w2
0 � w2

1�2 � �πnw2
0w

2
1∕λRc1�2

, (4)

where w0 is the waist radius of the light beam in SMF. For the
SMF, the waist radius w0 of the light beam can be calculated
from the Marcuse equation and is ∼5.2 μm [33]. For the MOF
with a core diameter of 2.6 μm, the waist radius w0 as simulated
by the finite element method (COMSOL Multiphysics) is
∼1.45 μm in the water and slightly smaller in the air as shown
in Fig. 4(c). This indicates that the penetration of the water
into the MOF holes induces negligible difference on the waist
radius of the light beam. In fact, we found that the water only
entered into the holes for several tens of micrometers due to the
increased pressure since the other end of the MOF was sealed
by the spliced SMF. Moreover, the laser-generated heat caused
the expansion of air in the holes surrounding the MOF core
and extruded the water outside. Therefore, the water penetra-
tion has negligible influence on the transmitted light beam and
the bubble stabilization process of the MOF, and it can be fur-
ther alleviated after making the MOF tip hydrophobic through
chemical surface treatment in the future [34].

Figure 4(d) shows the calculated and the measured transmis-
sion coefficients η for the microbubbles generated by an MOF
and an SMF, and the transmission coefficients are plotted to-
gether for clear comparison. It can be observed that the MOF
has a maximum coupling coefficient at a bubble diameter
nearly 1 order of magnitude smaller than that of the SMF.
This difference is attributed to the ∼4 times smaller waist ra-
dius of the light beam in MOF compared with the SMF. The
tightly focused mode field of MOF greatly increases the trans-
mission coefficient by over 3 times at a bubble diameter of
∼15 μm and thus increases the spectrum fringe contrast.
For comparison, the electrical field distribution in a tapered
SMF with the same diameter (40 μm) as the MOF was simu-
lated, and the profile of the electrical field distribution across
the fiber end facet center is shown in Fig. 4(c). Different from
the MOF, the beam waist of the tapered SMF increases after
the tapering treatment. This is a result of the reduced light con-
finement, which causes the transform of the core-guided optical
mode to the cladding-guided mode [35,36]. In contrast, the
MOF features a large refractive index difference between the
fiber core and the holey cladding compared to the SMF, which
can strongly confine the optical mode in the fiber core.
Although microfibers tapered from SMFs can have a similar
light spot size to that of the MOF, their several-micrometer
diameters greatly increase the difficulty of fiber cleaving and
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manipulation. As a result, the use of MOF is critical to develop
small microbubbles for sensitive ultrasound detection.
Moreover, the small microbubbles are important for broadband
ultrasound detection since the frequency bandwidths of the
bubbles are inversely proportional to their diameters as will
be discussed next.

4. ULTRASOUND RESPONSE

To evaluate the response of the microbubble-based ultrasound
sensor, ultrasound waves were generated using a piezoelectric
ultrasound transducer (UT, XM-W1M, Xieming Ultrasonics)
driven by a signal generator as shown in Fig. 5(a). During the
test, both the UT and the sensor were immersed into a water
tank. As the microbubble has a small diameter of ∼10 μm, ∼2
orders of magnitude smaller than the acoustic wavelength, the
ultrasound wave reaching the bubble surface can be regarded as
the plane wave and the perturbation caused by the ultrasound
wave reflected by the bubble can be neglected. Probe light from
a distributed feedback (DFB) laser with a wavelength of
1550 nm and a power of 10 mW was delivered to the bubble
through an optical circulator and a WDM. The reflected light
from the bubble after travelling through the WDM and the
circulator was detected by a photodiode detector (PD). The
DC component of the output signal from the PD was exacted
using a low-pass filter (LPF) and used as the feedback to servo
control the 980 nm heating light through the EVOA for the
bubble stabilization. The AC component acquired using a
band-pass filter (BPF) was measured by a signal analyzer to re-
cover the ultrasound signal. To maximize the ultrasound sen-
sitivity, the wavelength of the probe light was locked to the
quadrature point of the bubble reflection spectrum by photo-
thermally tuning the bubble diameter instead of using an ex-
pensive wavelength-tunable laser.

Figure 5(b) shows the response of the microbubble to sinus-
oidal ultrasound waves with an amplitude of 100 Pa and a
frequency of 700 kHz by driving the UT with a sinusoidal elec-
trical signal. The noise-limited pressure level (NEP) of the mi-
crobubble is estimated to be ∼3.4 mPa∕Hz1∕2, almost 2 orders
of magnitude higher than a silica-diaphragm-based ultrasound
sensor [37]. For a freely-oscillating microbubble in the water,
the ratio of the bubble diameter change Δd to the
dynamic pressure ΔP can be expressed as S � Δd∕ΔP ≈
2r∕3κPL, where r is the bubble radius, κ is the polytropic co-
efficient, PL � P0 � 2σs∕r is the pressure in the bubble,
P0 ≈ 1.01 × 105 Pa is the ambient pressure outside the bubble,
and σs � 0.072N∕m is the surface tension at room tempera-
ture [1]. As the polytropic coefficient κ ≈ 1.4 at adiabatic con-
dition [17], the pressure sensitivity for a 10 μm diameter
bubble is calculated to be ∼18 pm∕Pa, which corresponds
to a minimum detectable displacement of ∼60 pm if the mea-
surement bandwidth is 1 MHz. This value is ∼4 orders of mag-
nitude higher than the spatial resolution of a conventional
optical microscope as used in a previous study [20]. The res-
onant frequency f 0 can be determined by the expression
�3κPL∕ρ�1∕2∕2πr [38], where ρ is the density of water. By us-
ing several UTs of different working frequencies, we have char-
acterized the frequency response of the bubble as shown in
Fig. 5(c). It exhibits a resonant frequency near 700 kHz, similar
to the theoretically predicted value of ∼740 kHz. The inverse
proportion of the resonant frequency to the bubble radius sug-
gests that smaller bubbles are preferred for broader frequency
bandwidth to increase the resolution of ultrasound/photo-
acoustic imaging [39]. It needs to mention that the ultrasound
responses were only measured at several individual frequencies
because of the limited number of UTs. The frequency response
can be characterized more accurately using a broadband ultra-
sound source with a calibrated frequency spectrum.
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Owing to its spherical shape and much smaller size than the
acoustic wavelength, the 10 μm diameter microbubble is
supposed to have a nearly omnidirectional response [40].
We measured the sensor directivity by rotating the UT around
the microbubble placed at the center of a rotation stage [see
Fig. 5(a)]. Based on the results as shown in Fig. 5(d), the wide
acceptance angle and the high per-unit-area sensitivity make
the microbubble-based ultrasound sensor an ideal point-like
detector for photoacoustic (PA) imaging, which can alleviate
the limited-view problem suffered by flat ultrasonic transducers
and improve the tangential resolution for ultrasonic/photo-
acoustic imaging.

5. PHOTOACOUSTIC IMAGING

PA is a hybrid modality based on the detection of ultrasonic
waves generated by illuminating a sample with short laser
pulses. It combines the high contrast of optical imaging and
the deep penetration of ultrasound imaging. Thereby, PA im-
aging is promising for preclinical/clinical applications such as
the diagnosis of melanoma cancer and breast cancer [41,42].
Figure 6(a) shows the schematic of the photoacoustic computed
tomography (PACT) imaging using a microbubble-based ultra-
sound sensor. A 532 nm Nd:YAG laser (Dawa 100, Beamtech)
with a pulse width of 6.5 ns and a repetition rate of 10 Hz was
used to excite PA signals. The laser pulses were first homog-
enized and expanded via a beam diffuser (DG10-120,
Thorlabs) and then delivered to a sample comprising two par-
allel plastic tubes. The tubes with an inner diameter of ∼1 mm
were filled with bovine blood [see Fig. 6(b)]. The light fluence
of the laser irradiated on the plastic tube was ∼4.5 mJ∕cm2.
The blood inside the tubes absorbed the light, expanded

thermally, and emitted ultrasound waves. The microbubble-
based ultrasound sensor, after being encapsulated within a
syringe needle using epoxy to alleviate the vibration-caused po-
sition inaccuracy, was mounted onto a linear translation stage
and scanned horizontally across the sample. The scanning range
and step were 3 cm and 10 μm, respectively. Based on the laser
repetition rate of 10 Hz, the current scanning speed was
0.1 mm/s. During the scanning, the bubble after photothermal
stabilization had a diameter fluctuation (∼5 nm) similar to the
stationary case, thanks to the firm attachment of the bubble to
the fiber end facet [43]. During each scan, the PA signal re-
ceived by the microbubble was recorded by a data acquisition
unit (DAQ) with a sampling rate of 10 MHz. The pulsed laser,
linear translation stage, and DAQ were synchronized during
the imaging process. The temporal PA signals acquired at dif-
ferent locations during the linear scanning were then used to
reconstruct the two-dimensional image based on the universal
back-projection (BP) algorithm [44,45]. The reconstruction
principle can be described as follows. As the microbubble is
scanned from position P1 to P2, the PA waves emitted from
the source point S reach the bubble after the flight times t1
and t2, respectively. The flight time t1 (or t2), after being multi-
plied by the sound velocity vs, then gives the distance between
the source S and the position P1 (or P2). Based on the PA
signals measured at different positions along the object, for
example, from P1 to P4, the location of the source S can be
determined.

Figure 6(c) shows the typical PA signals as received by the
microbubble-based ultrasound sensor after 10 times average.
The two PA signals were emitted from the two laser-illumi-
nated blood tubes, where the laser beams were delivered from
the two sides of the tube to avoid direct radiation of the sensor
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by the pulsed laser light. This dark illumination is also impor-
tant for reducing surface signals in photoacoustic imaging of
biological tissues [46]. The inset of Fig. 6(c) is the frequency
spectrum obtained by performing the Fourier transform on the
measured PA signals (PA1) in the time domain. A frequency
bandwidth of 0.8 MHz corresponds to an axial resolution of
∼1.1 mm [47], which agrees with the value estimated from
the profile of the blood tubes in Fig. 6(d). This frequency band-
width well suits for photoacoustic imaging of the human breast,
where the structures of interest commonly have sizes ranging
from the centimeter to submillimeter scale and emit ultrasound
waves with frequencies from several tens of kilohertz to a few
megahertz [48]. Thus, the proposed microbubble-based ultra-
sound sensor with a bandwidth of ∼0.8 MHz may provide a
compact and all-optics solution for photoacoustic breast imaging
[49]. Currently, the radiant exposure on the blood tubes was
∼4.5 mJ∕cm2, ∼4 times lower than the American National
Standards Institute (ANSI) safety limit (20 mJ∕cm2). In addi-
tion, the light scattering in the biological tissue would further
reduce the light fluence delivered on the sample. Therefore,
the cross sections of the blood tubes were imaged to show
the capability of the sensor for biological imaging. With a high-
energy pulsed laser in the future, the laser spot will be expanded
to illuminate a large area with sufficient light fluence for raster-
scanning three-dimensional in vivo imaging of biological tissues.

Compared to the reported high-finesse polymer convex
Fabry–Pérot cavity [50], the microbubble-based ultrasound
sensor is with low cost and exhibits a similar ultrasound sensi-
tivity without elaborate deposition of high-reflectivity dielectric
films on a convex surface, but its bandwidth is lower and in-
sufficient for high-resolution imaging of fine biological tissue
structures or cells [46]. We have attempted to fabricate smaller
bubbles that feature broader bandwidth, while their larger de-
cay rate [see Fig. 3(a)] requires more accurate and faster servo
control for bubble stabilization. In addition to optimization of
the servo-control process in terms of speed and precision, bub-
ble generation by the MOF tip encapsulated in degassed-water-
filled tube with one opening covered with a sound-transparent
polymer film will be carried out to obtain stable bubbles with
diameters less than 10 μm in the future [51].

6. SUMMARY

We demonstrated a flexible microbubble-based fiber-tip
Fabry–Pérot cavity for sensitive and broadband ultrasound de-
tection and ex vivo photoacoustic imaging of bovine blood-
filled tubes. By using an MOF with a core size of 2.6 μm,
the heating power for bubble generation can be greatly reduced,
and, more importantly, small bubbles with diameters down to
10 μm can be obtained without degradation of the spectrum
fringe contrast. The 10 μm diameter microbubble exhibited a
megahertz-level frequency bandwidth and a low NEP of
∼3.4 mPa∕Hz1∕2. This sensitive, miniature, and cost-effective
microbubble-based fiber-optic ultrasound sensor is attractive
for applications including photoacoustic/ultrasonic imaging
and sensing as well as other biological or chemical studies.
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