
Isometric multimodal photoacoustic microscopy based on 
optically transparent micro-ring ultrasonic detection

Biqin Dong1,2, Hao Li1, Zhen Zhang2, Kevin Zhang1, Siyu Chen1, Cheng Sun2,*, and Hao F. 
Zhang1,3,*

1Department of Biomedical Engineering, Northwestern University, Evanston IL 60208

2Department of Mechanical Engineering, Northwestern University, Evanston IL 60208

3Department of Ophthalmology, Northwestern University, Chicago IL 60611

Abstract

Photoacoustic microscopy (PAM) is an attractive imaging tool complementary to established 

optical microscopic modalities by providing additional molecular specificities through imaging 

optical absorption contrast. While the development of optical resolution photoacoustic microscopy 

(ORPAM) offers high lateral resolution, the acoustically-determined axial resolution is limited due 

to the constraint in ultrasonic detection bandwidth. ORPAM with isometric spatial resolution 

along both axial and lateral direction is yet to be developed. Although recently developed 

sophisticated optical illumination and reconstruction methods offer improved axial resolution in 

ORPAM, the image acquisition procedures are rather complicated, limiting their capabilities for 

high-speed imaging and being easily integrated with established optical microscopic modalities. 

Here we report an isometric ORPAM based on an optically transparent micro-ring resonator 

ultrasonic detector and a commercial inverted microscope platform. Owing to the superior spatial 

resolution and the ease of integrating our ORPAM with established microscopic modalities, single 

cell imaging with extrinsic fluorescence staining, intrinsic autofluorescence, and optical absorption 

can be achieved simultaneously. This technique holds promise to greatly improve the accessibility 

of PAM to the broader biomedical researchers.

1. INTRODUCTION

Light microscopy has become an indispensable tool for biological researchers. It has evolved 

from the ancient “reading stone” to a powerful technology platform that hosts a broad range 

of imaging modalities for a comprehensive investigation of the physiological processes. The 

commonly used imaging contrasts include optical scattering, fluorescence, optical 

absorption, polarization, and various nonlinear optical contrasts such as Raman scattering, 

etc. Optical scattering imaging is a powerful method to study tissue microanatomy under 

normal and pathological conditions. For example, in studying pre-cancerous tissue [1,2], 

optical scattering-based technology relies on the wavelength- and size-dependent scattering 
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signatures to quantify intracellular organelle size and architecture variations [3]. However, 

molecular specificity was not among the strengths of optical scattering-based technologies.

Fluorescence microscopy is considered one of the most powerful and the most sensitive 

tools for biomedical investigations [4,5]. It allows intrinsic chromophores (such as NAD+ 

and NADH for cellular metabolism [6]) to be imaged directly or via exogenous labels that 

are selectively attached to the molecule of interest. Fluorescence microscopy permits single-

molecule sensitivity [7] and even nanoscopic resolution [8–10]. It becomes the technique of 

choice if photobleaching and phototoxicity of the labeling molecules can be tolerated. 

However, fluorescence microscopy has its limitations. For example, the use of exogenous 

labels is not always preferred for in vivo tissue or cellular imaging [11] and high quantum 

yield cannot always be achieved [12]. Moreover, additional fluorescent molecules are 

usually necessities for imaging of nonradioactive nanoparticle-based agents and carriers 

[13], resulting in more sophisticated synthesis and applications.

In contrast, imaging optical absorption can achieve additional molecular specificity from 

intrinsic chromophores without labeling [14] and can potentially simplify nanoparticle-based 

contract agent design [15]. So far, photoacoustic microscopy (PAM) is the only well-

investigated technology to quantify optical absorption in three dimensions with high spatial 

resolutions [16–19]. In PAM, nanosecond laser pulses excite molecules in tissues through 

linear optical absorption, leading to a transient thermo-elastic expansion and subsequently 

generating ultrasonic waves with a wide-range of frequency components. This effect is 

referred to as the photoacoustic (PA) effect. The amplitude of the PA wave reflects optical 

energy deposition, which is the product of the local optical absorption coefficient and optical 

fluence. As a result, a PAM image reveals the volumetric distribution of optical absorption.

Despite the prior success of PAM in investigating a wide range of physiological processes, 

such as blood flow [20,21], oxygen metabolism [22,23], tumor progression [24], and brain 

activities [25], PAM systems are not easily accessible by the vast majority of biomedical 

researchers. So far, PAM is not currently commercially available to be used in a way similar 

to established optical microscopic modalities. Existing PAM systems usually use 

piezoelectric transducers for ultrasound detection, offering an easy access, low cost, and 

high sensitive at the expense of a limited ultrasonic detection bandwidth. However, sizeable 

and optically opaque piezoelectric detectors require a rather large clearance between the 

sample and the objective lens to accommodate these piezoelectric detectors. As a result, only 

an objective lens with a large working distance, but low numerical apertures (NAs) can be 

used. Such a limitation not only imposes constraints in the spatial resolution of PAM, but 

more importantly, it prevents a practical integration of PAM with established microscopic 

modalities that require high NAs, such as two-photon microscopy. Several attempts have 

been made to integrate PAM with confocal microscopy [26–29]. Co-recognized images can 

be obtained under reflection configuration by adding an acoustic reflector for redirecting PA 

signals [26] or inserting a needle-type transducer [27,28] between objective lens and sample. 

The lateral resolution was limited to several microns since the required long working 

distance limits the NA of objective lens being used. In contrast, high resolution integrated 

PAM can be realized under transmission configuration [29], however, samples thickness are 

limited. Furthermore, the implement of isometric three-dimensional PAM, acquiring the 
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volumetric imaging with comparable axial and lateral resolutions, is restricted by the poor 

acoustically determined axial resolution due to the finite operational bandwidth of the 

detectors, unless sophisticated optical illumination and reconstruction are employed [30–32].

Recent studies have shown that optical detection of ultrasonic waves has several advantages 

over traditional piezoelectric detection, especially for PAM to overcome the aforementioned 

difficulties, as well as to achieve high axial resolution (requiring a much larger ultrasonic 

detection bandwidth comparing with that of piezoelectric detectors) and to minimally impact 

an independent optical microscopy system [33]. We recently developed an optically-

transparent, micro-ring resonator (MRR)-based ultrasonic detector (diameter < 100 µm) and 

fabricated it on a microscope coverslip (thickness: 225 µm) [34]. Such a miniaturized 

ultrasonic detector meets the strict dimension requirements for seamlessly integrating PAM 

with optical microscopic modalities using high NA objective lenses. In addition, the MRR 

ultrasonic detector provides a high ultrasonic detection sensitivity (noise equivalent pressure: 

6.8 Pa), a wide angular detection range (7 degrees at 200 MHz), and large ultrasonic 

detection bandwidth (280 MHz at −6 dB) [34]. Here, we demonstrated a multimodal 

microscopic system developed around a commercial inverted microscopic platform to 

achieve ultrahigh-resolution, isometric PAM imaging of single red blood cells and the 

simultaneous autofluorescence, fluorescence labeling, and optical absorption imaging of 

retinal pigment epithelium.

2. OPTICAL MULTIMODAL MICROSCOPIC SYSTEM

The schematic and working principle of our multimodal system is shown in Fig. 1. We 

integrated the MRR ultrasonic detector into a commercial inverted optical microscope body 

(IX81, Olympus) [Fig. 1(a)]. We used two lasers in the system: a 532-nm Nd:YAG 

nanosecond pulsed laser (10-nJ per pulse energy, 1-ns pulse duration, Elforlight) as both the 

PAM excitation and one fluorescence excitation source and a 488-nm continuous wave 

(CW) Argon-ion laser (161C-410-21, Spectra-Physics) as the second fluorescence excitation 

source. Both lasers were spatially filtered using 25 µm pinholes (PH1 and PH2) and then 

combined through a set of dichroic mirrors (DM1, DM2, and DM3, 560, 500 and 525 nm 

long-pass filters, respectively). A dual-axis galvo-mirror assembly (Nutfield Technology) 

was used to scan the laser beam and a matching 1:3 Keplerian telescope (KT) further 

coupled the laser beam to the back aperture of the objective lens (Olympus, 20×, NA 0.45) 

through the side port of the microscope body. The magnification ratio of the telescope was 

adjusted to allow the laser beam to overfill the back aperture slightly in order to produce a 

diffraction-limited focus on the specimen (see method of sample placement in 

Supplementary Material).

In the integrated PAM sub-system, the detection of the PA signal was accomplished by using 

a MRR detector mounted at the center of the microscope stage [see the magnified inset in 

Fig. 1(a)]. A narrow-band tunable laser (765–781 nm, TLB-6712, New Focus) was coupled 

to the MRR using a single mode optical fiber to excite the whispering gallery mode (WGM). 

Transmitted light from the MRR device was recorded by a low noise, high-speed avalanche 

photodetector (APD210, Menlo Systems, 5 MHz to 1 GHz bandwidth). The detected signals 

were further amplified by an amplifier (AMP, ZFL500NL+, Mini-circuits, 10 MHz to a 500 
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MHz bandwidth) and digitized by a digitizer (3 GS/s sampling rate, 1.5 GHz bandwidth, 

CobraMax, GaGe). The measured sensitivity of the MRR ultrasonic detector is 47.1 V/MPa 

with a noise equivalent pressure of 6.8 Pa and a dynamic range of 2 MPa [34]. During 

imaging, the pulsed laser and the galvo-mirrors were synchronously triggered by analog 

signals generated from a computer (PC). The pulse-to-pulse laser amplitude was monitored 

by a photodiode (PD, DET10A, Thorlabs) to provide the synchronization trigger (ST) for 

data acquisition (DAQ), as well as a reference to compensate for the intensity fluctuation of 

PAM. The time-resolved PA signals were converted to depth-resolved A-lines, allowing 

reconstruction of a three-dimensional (3D) image from a two-dimensional (2D) optical scan 

[17]. Therefore, an image consisting of 256×256 A-lines can be acquired in 6.6 s at 10 kHz 

pulse repetition rate.

We integrated a simultaneous dual-channel confocal fluorescent microscopy with the 

optical-scanning PAM. In the confocal sub-system, the fluorescent signals were obtained 

through the same objective lens as in the PAM and then separated by a set of dichroic 

mirrors (DM1 and DM3) and filters (BF and LPF, 520 band-pass filter and 550 nm long-pass 

filter, respectively). The collected dual-channel fluorescent signals were filtered individually 

by two 20 µm confocal pinholes (PH3, 4) to reject out-of-focus components. The fluorescent 

signals were detected by two photodetectors (PMT, Hamamatsu, and APD 110, Thorlabs) 

and digitized by a second DAQ board (200 MS/s sampling rate, CS14200, Gage). The 

multichannel fluorescence modalities share the common optical scanning and delivery 

mechanism with PAM, which permits simultaneous multi-modality and naturally registered 

images. During the alignment, the built-in Halogen lamps were used as the illumination 

sources, and we can observe the sample from the wide-field microscope.

3. PERFORMANCE OF PAM USING MICRO-RING BASED ULTRASONIC 

DETECTOR

The working principle of this MRR-based PAM is illustrated in Fig. 1(b). The MRR 

ultrasonic detector consists of a polymeric micro-ring waveguide with a diameter of 60 µm 

and a matching bus waveguide fabricated on a 225-µm-thick quartz microscope coverslip 

(see fabrication details in Supplementary Material). It can be easily fit into the tight space 

between the sample and the high-NA objective lens. The incident short pulse laser can be 

focused through the transparent MRR ultrasonic detector onto the sample. The laser-induced 

PA waves are then detected by the MRR ultrasonic detector. Figure 1(c) shows a typical 

resonance spectrum at the critical coupling condition and its Lorenz fitting indicating the 

corresponding quality factor (Q-factor) of 104. The generated PA wave deforms the 

polymeric MRR waveguide [Fig. 1(c), inset] and subsequently changes the effective optical 

path length of the corresponding WGM. The change of path length results in a shift in the 

resonant frequency [dashed red line in Fig. 1(c)] that can be quantified by monitoring the 

modulation of the transmitted optical intensity through the bus waveguide using a 

narrowband laser source. Under the weak perturbation approximation, the measured 

intensity modulation is believed to be proportional to the optical absorption of the tissue 

[35].
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Using such an optically-transparent MRR ultrasonic detector offers several advantages. First, 

an optical based detection exhibits a much broader frequency response, which is beneficial 

for obtaining high axial resolution in PAM. Moreover, MRR ultrasonic detector can provide 

a larger field of view in laser-scanning PAM due to its wide angular detection range [36] at 

high frequencies (7 degrees with an ultrasonic detection bandwidth of 200 MHz, see details 

in Supplementary Material). Secondly the ultrasonic detector can be placed at the center of 

the optical field of view to ensure the optimal sensitivity for ultrasonic detection. Thirdly, 

such a thin coverslip-style detector is fully compatible with existing optical microscopy 

modalities, reducing the need for modifying the existing microscopic systems. These 

advantages potentially offer the possibility to directly modify existing optical microscopic 

systems already in the labs and adding the capability of PAM for the multimodality 

microscopy.

We quantified the lateral resolution of this PAM using artificial samples by imaging the 

micro-pattern fabricated on a 1.5-µm-thick carbon black (CB) thin film by E-beam 

lithography (Fig. S2). The edge spread function (ESF) was recorded by linearly scanning the 

edge of the CB thin film, and the corresponding line spread function (LSF) was obtained by 

taking the first derivative of the ESF [see Fig. S3(a) and S3(b)]. The full-width-half-

maximum of the LSF indicates a lateral resolution of 0.73 µm, which is close to the 

corresponding theoretical diffraction limit. The result suggests that placing our optically-

transparent ultrasonic detector directly in the optical path did not affect the optical focus of 

the imaging system much. We also imaged a commercial resolution target (USAF-1951, 

Applied Image) and the smallest group of bars (group 7, element 6, bar width 2.19 µm) can 

be well resolved [see Fig. S2(c)].

We estimated PAM’s axial resolution through a typical time-resolved PA signal [Fig. 1(d)] 

acquired from the CB thin film. The Fourier transform of the time-resolved signal yields a 

detection bandwidth up to 280 MHz [−6dB, Fig. 1(e)], which is fundamentally limited by 

the frequency dependent ultrasonic attenuation in water [37]. The convolution of measured 

PA impulse responses and its time-shifted waveform was calculated using the Hilbert 

transformation (Fig. S3). We used the minimal time delay for two convoluted impulses 

remaining distinguishable at a contrast-to-noise ratio of 6-dB to estimate the axial resolution. 

Using the current MRR detector, our PAM’s axial resolution is 2.12 µm, which is solely 

determined by the ultrasonic detection bandwidth and it is better than the optical depth of 

field of the objective lens used in the experiment (~5.25 µm, see Supplementary Material for 

more details). The reflection of PA waves from the substrate can be separated in time 

domain unless the sample-substrate distance is less than the axial resolution provided by the 

MRR ultrasound detector (see Fig. S6). Additionally, an acoustic matching layer (e.g. 

polyimide film) can be further coated on the glass substrate to minimize the effect of 

reflection [38] and add a necessary time delay of the reflected acoustic signal.

Clearly, employing high NA objective lenses enables PAM a sub-micrometer lateral 

resolution to image samples at the cellular level. We demonstrated this capability by imaging 

healthy mouse red blood cells (RBCs). So far, existing PAM cannot resolve the complete 

profile of a single RBC in 3D due to limited axial resolution [18]. Figure 2(a) and 2(b) show 

the trans-illuminated optical and PAM images of a mouse blood smear, respectively. The 
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biconcave shape of the cell can be identified in both images. A magnified PAM projection 

image (along the x-y plane) of a single RBC is shown in Fig. 2c and a cross-sectional view 

of the RBC at the position highlighted by the arrows in Fig. 2(d), where the biconcave disk 

shape of the RBC can be resolved more clearly. A volumetric rendering of a single RBC in 

3D [Fig. 2(e)] visualizes its biconcave shape further (see Video S1 in Supplementary 

Material). Based on PAM imaging results, the thickness of a single RBC along the y-z plane 

is estimated to be 3.84 µm. This demonstrates a practicable determination of a single RBC’s 

morphology and pathology from their size, shape, and intrinsic optical absorption properties 

by high-resolution isometric PA imaging utilizing MRR ultrasonic detector.

4. SIMULTANEOUS MULTIMODAL IMAGING OF RETINAL PIGMENT 

EPITHELIUM

To demonstrate the multimodal imaging capability, we imaged retinal pigment epithelium 

(RPE) cells with three different contrasts. The RPE is a monolayer of pigmented cells 

located between the choriocapillaris and light-sensitive outer segments of the photoreceptors 

[39]. Usually, distinct parts of the RPE, such as cytokeratin, tubulin and nuclei, can be 

distinguished under fluorescence microscopy after being stained with various fluorescence 

labels. Melanin and lipofuscin granules are two major natural pigment granules in RPE cells. 

Melanin, acting as an antioxidant for protecting RPE cells from oxidative damage, may lose 

its function with aging and also can be irreversibly photobleached as a result of long-

duration or strong light exposure [40]. On the other hand, lipofuscin is a by-product of 

phagocytosis of the photoreceptor outer segments, which accumulates with the aging of the 

retina. Excessive levels of the lipofuscin accumulation exhibit toxic responses to light 

irradiation compromising essential RPE functions [41] and correlated with the pathogenesis 

of age-related macular degeneration (AMD). AMD is among the foremost major concerns in 

ophthalmology, as it is the primary cause for irreversible vision loss worldwide. Although In 
vivo studies of melanin concentration in the retina using PAM with needle-type piezoelectric 

transducer (35 MHz center frequency) was previously demonstrated [42,43], the imaging 

resolution can be affected by acoustic attenuation caused by large source-detector 

separation. Since several physiological processes can be investigated using RPE flat mount, 

e.g. blue light induced pigment variation [44], ex vivo retinal imaging (with higher spatial 

resolution) may bridge the gap between histology and in vivo fundus imaging.

The ability for simultaneously demarcating individual RPE cells and quantifying 

distributions of lipofuscin and melanin as well as their intracellular content ratios can be 

critical to uncover and the role of photic stress in predisposing to AMD [41]. The integrated 

PAM and confocal microscopy is well suited to address this need. The RPE melanin 

provides an ideal optical absorption imaging contrast within a wide optical spectral range for 

PAM and lipofuscin is currently been quantified by its strong autofluorescence. When 

excited at 532 nm, the autofluorescence emission spectral range of lipofuscin is from 580 

nm to 700 nm [42]. In addition to these two intrinsic contrasts, we used an F-actin-specific 

marker (Alexa Fluor 488-Phalloidin) to label the actin filaments to highlight the boundaries 

of individual RPE cells. The Phalloidin dye has an excitation maximum around 488 nm and 

an emission maximum around 518 nm, which do not overlap with the absorption and 
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emission bands for lipofuscin. Thus, we can image all the three optical contrasts 

simultaneously using two excitation sources at 532 nm and 488 nm.

Figure 3 shows the multimodal imaging of a normal human RPE flat mount (age of the 

donor: 79 years, see preparation method in Supplementary Material). The 2D PAM 

projection image is shown in Fig. 3(a), where the false-color of each image pixel represents 

the local melanin concentration. The individual RPE cells are well defined as close-packed 

hexagons in the PAM image. As most of the melanosome are usually evenly distributed 

inside RPE cells in healthy eyes, the RPE cells appear roughly homogeneous in the PAM 

image with dark boundaries. A cross-sectional view of the imaged RPE layer is shown in 

Fig. 3(b), which suggests an average thickness of about 8 µm. A 3D rendering is shown in 

Fig. 3(c) and a video showing visualization of the imaged RPE cells from different angles is 

provided in the Supplementary Material. The morphology of the RPE cells imaged by PAM 

agrees with fluorescence microscopy imaging of the labeled actin, which specifically 

highlights the RPE cell boundary [Fig. 3(d)]. Figure 3(e) shows the autofluorescence image 

that indicates a higher concentration of lipofuscin near the RPE cell boundary while modest 

amount of lipofuscin exist within the cell [45]. As all three images are naturally registered, 

overlaying them provides an improved visualization of the cell morphology and intracellular 

melanin and lipofuscin distributions as shown in Fig. 3(f).

Visualizing high-resolution 3D tomography of single RPE cells and distributions of 

chemical by-products demonstrate the developmental potential of this technology towards 

pathological studies for patients with RPE-related retinopathies. Furthermore, the promising 

improvements of the spatial resolution in PAM offer a possibility to further investigate the 

concentration and topographical distribution of melanin granules at the cellular level and 

beyond. Such a capability is currently not available from any other optical modalities.

5. DISCUSSION

We believe that the much degraded axial resolution (in comparing with its lateral resolution) 

in PAM greatly affects its capability to be integrated with well-established commercial 

optical microscopy modalities. In standard optical imaging modalities, axial resolution 

usually relies on the depth of optical focus, which can be improved by using a confocal 

pinhole to reduce the effect of diffraction on image formation. In PA imaging, axial 

information is carried by time-resolved PA signals; hence the determination of its axial 

resolution, which is different from optical microscopy, mostly relies on the bandwidth of 

ultrasonic. Although it is possible to realize optical sectioning in PAM by applying pump-

probe style illumination [30,31] or multi-view deconvolution of B-scans taken from multiple 

orientations to improve the axial resolution [32], these systems tend to be overly 

complicated and lack practicality in high-speed imaging acquisition. In our MRR ultrasonic 

sensor, the detection bandwidth, determined by the temporal response of optical resonance 

and the propagation of ultrasonic waves, can potentially reach beyond 1 GHz [34]. It may 

offer a sub-micron axial resolution and the capability of distinguishing details within the 

depth of optical focus permitted by ultrasonic attenuation. In addition, the extended 

detection saturation limit can further improve the accuracy of PA functional imaging [34].
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To implement our MRR ultrasonic detector to existing optical microscopy platforms may 

bring PAM to the broader biomedical research community at much reduced extra costs. The 

mass production of MRR ultrasonic detectors by employing well-established e-beam 

lithography or nano-imprinting methods [46] provides lower unit cost and higher quality 

stability. Despite the side cost from a narrow linewidth laser and a low-noise high-sensitive 

photodetector, the overall cost is still considerably less than redesigning a microscopy 

platform solely for PAM. In the future, it is possible to fabricate and integrate both the 

operation laser and on-chip photodetectors on the “smart coverslip”.

6. CONCLUSION

The use of the transparent MRR ultrasonic detector offers unique advantages in ultrasonic 

detection that enables an isometric three-dimensional imaging of optical absorption contrast 

in biological tissue. It features high sensitivity, low detection limits, wide directivity, and an 

ultra-broadband frequency response. The convenient integration of this miniaturized detector 

with other imaging modalities, including optical confocal microscopy, two-photon 

microscopy and optical coherence tomography, may lead to many prospective applications 

of complementary high-resolution imaging in biomedical research including cancer 

research, neuroscience and ophthalmology, as well as clinical diagnostics including cancer, 

hemopathy, and age-related macular degeneration.

Supplementary Material

Refer to Web version on PubMed Central for supplementary material.
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Fig. 1. 
Schematic of the multimodality microscopy system. (a) An integrated microscopic system 

combining laser scanning confocal microscopy and PAM was realized by an optically 

transparent MRR ultrasonic detector. The inset illustrates a magnified view of the placement 

of the fiber coupled MRR ultrasonic detector and specimen. (b) Illustration of MRR 

detection of laser induced PA waves. (c) A representative transmission spectrum exhibits a 

pronounced resonance dip under the critical coupling condition (black circle) and its 

corresponding Lorenz fitting (red line). Inset is the numerical simulation of the electric field 

distribution, which shows the fundamental TM mode in the waveguide. Using a narrow-band 

laser source (blue line), the pressure induced resonance shift (dashed red line) can be 

measured as the amplitude modulation of the transmitted optical signal. (d) The time-
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resolved PA pulse signal measured by the MRR ultrasonic detector. (e) Its corresponding 

power spectrum shows an ultra-broadband frequency response.
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Fig. 2. 
PAM imaging of single RBCs in a mouse blood smear. (a) Trans-illuminated optical 

microscopic image. (b) PA MAP image of individual RBCs. scale bars: 10 µm. (c) 

Magnified PAM projection image of a single RBC along the x-y plane; scale bar: 2 µm. (d) 

Cross-sectional image of the same RBC along the x-z plane. (e) 3D visualization of the 

RBC, a movie can be found from the supplementary material.
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Fig. 3. 
Simultaneous PAM and fluorescence confocal imaging of a human RPE flat mount. (a) 

Projection PAM image of the RPE along the x-y plane. (b) Cross-sectional PAM image 

along the x-z plane. (c) 3D visualization of the RPE cells imaged by PAM. (d) Actin stained 

confocal imaging highlights the boundaries of the RPE cells. (e) Autofluorescence confocal 

image shows the distribution of lipofuscin. (f) Overlaid image of all the three modalities 

acquired simultaneously. Scale bars: 10 µm.

Dong et al. Page 14

Optica. Author manuscript; available in PMC 2018 May 25.

A
uthor M

anuscript
A

uthor M
anuscript

A
uthor M

anuscript
A

uthor M
anuscript


	Abstract
	1. INTRODUCTION
	2. OPTICAL MULTIMODAL MICROSCOPIC SYSTEM
	3. PERFORMANCE OF PAM USING MICRO-RING BASED ULTRASONIC DETECTOR
	4. SIMULTANEOUS MULTIMODAL IMAGING OF RETINAL PIGMENT EPITHELIUM
	5. DISCUSSION
	6. CONCLUSION
	References
	Fig. 1
	Fig. 2
	Fig. 3

