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Abstract: Biological systems undergo dynamical changes continuously 
which span multiple spatial and temporal scales. To study these complex 
biological dynamics in vivo, high-speed volumetric imaging that can work 
at large imaging depth is highly desired. However, deep tissue imaging 
suffers from wavefront distortion, resulting in reduced Strehl ratio and 
image quality. Here we combine the two wavefront engineering methods 
developed in our lab, namely the optical phase-locked ultrasound lens based 
volumetric imaging and the iterative multiphoton adaptive compensation 
technique, and demonstrate in vivo volumetric imaging of microglial and 
mitochondrial dynamics at large depth in mouse brain cortex and lymph 
node, respectively. 
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OCIS codes: (110.0113) Imaging through turbid media; (110.1080) Active or adaptive optics; 
(110.7050) Turbid media; (090.1000) Aberration compensation; (180.0180) Microscopy; 
(180.2520) Fluorescence microscopy; (170.6900) Three-dimensional microscopy; (100.0118) 
Imaging ultrafast phenomena. 
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1. Introduction 

The hallmark of life is its dynamics [1, 2]. To study the orchestrated cellular signaling and 
intercellular interplays in vivo, one needs 3D imaging methods that can sample near the 
natural spatiotemporal resolutions. So far, several wide-field fluorescence imaging methods, 
such as light-sheet microscopy [3], light-field microscopy [4], and temporal focusing 
multiphoton microscopy [5, 6], have been developed towards such a goal. The parallel 
detection scheme of these methods benefits high-speed imaging. However, it only works well 
for transparent biological systems [7], such as cultured cells, C Elegans and zebrafish larvae. 
In turbid tissue, such as mouse brain and lymph node, the optical aberrations and scattering 
induce cross-talk in wide-field recording methods and limit the imaging depth. Although 
image computation and processing can potentially separate the signal sources, the additional 
photon noise (shot noise) due to the signal crosstalk cannot be removed, which can 
dramatically reduce the achievable signal-to-noise ratio (SNR). As many of the important 
applications of optical microscopy such as the calcium imaging demands high SNR [8], 
spatially parallel detection methods are fundamentally limited in imaging depth. 

Currently, laser scanning two-photon microscopy (TPM) remains the method of choice for 
in vivo deep tissue imaging [9–11], in which different spatial points are excited and recorded 
in series to avoid cross-talk. As the fluorescence excitation is well confined, laser scanning 
TPM allows the collection of both ballistic and scattered fluorescence emission to represent 
the signal of the focal point. In comparison, only ballistic fluorescence signal contributes to 
the correct image and the scattered fluorescence signal generates crosstalk and contaminates 
SNR in wide field recording. Therefore the fluorescence signal usage efficiency decays 
exponentially as a function of depth in wide-field recording based methods while laser 
scanning TPM enjoys excellent signal usage efficiency even at great imaging depth. Overall, 
the near infrared nonlinear laser excitation and the efficient usage of fluorescence emission 
contribute to the greatly improved imaging depth of TPM. However, the cost of this imaging 
depth advantage is the slower imaging speed than that of wide-field recording methods. 
Advances in brighter fluorophores [12], more sensitive functional indicators [13], and 
photodetectors of higher quantum efficiency keep improving the two-photon signal. Given 
that the signal is sufficient, the imaging speed of TPM is limited by the volumetric scanning 
methods. In conventional TPMs, the inertia of the beam steering hardware sets the bottleneck 
of scanning speed (the fastest scanning along any dimension is ~10 kHz so far [14]). 
Meanwhile, the optimized trajectory based scanning methods, such as random access 
microscopy, are susceptible to motion artifacts [15]. Recently, we have reported a high-speed 
volumetric imaging system based on optical phase-locked ultrasound lens (OPLUL), where 
the microsecond scale axial scanning is achieved by conjugating the oscillating defocusing 
wavefront generated by OPLUL to the pupil plane of the objective lens [16]. We have applied 
this system in calcium imaging of neuron network activity in the cerebral cortex of behaving 
mice, and transient morphology imaging of immune cells. 

Although the imaging depth of TPM is much improved compared to that of wide-field 
recording methods, TPM is still susceptible to focus distortion in turbid tissue. The wavefront 
distortion induced by the inhomogeneous refractive index distribution will not only decrease 
the resolution, but also limit the achievable SNR and penetration depth. Adaptive optics has 
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been applied to microscopy to compensate wavefront distortion for deep tissue imaging [17–
34]. Multiple methods of wavefront measurement and compensation have been successfully 
demonstrated, such as direct wavefront sensing with a wavefront sensor [20] or a low 
coherence interferometer [21], feedback-based modal wavefront sensing [22] and pupil-
segmentation based adaptive optics [23], etc. We have developed the iterative multiphoton 
adaptive compensation technique (IMPACT) [24], and demonstrated its capability in imaging 
through highly scattering tissue, such as the intact mouse skull [25, 26]. 

Here we combine the two wavefront engineering techniques, namely OPLUL based 
volumetric imaging technique and IMPACT, for volumetric imaging of biological dynamics 
in deep tissue. We show transient morphologies of microglia and mitochondrial network in 
mouse brain cortex and popliteal lymph node, respectively. 

2. Experimental setup and principles 

 

Fig. 1. Diagram of the experimental setup. DBS: dichroic beam splitter, PBS: polarization 
beam splitter, QWP: quarter wave plate, UL: ultrasound lens, RL: relay lens, M: mirror, PLL: 
phase-lock loop, PD: photodetector, DM: deformable mirror, L: lens, PMT: photomultiplier 
tube. The inset: phase pattern for correcting the system aberration. 

The experimental setup is shown in Fig. 1. We integrated the OPLUL into an IMPACT based 
two-photon microscope. The femtosecond (fs) beam (80 MHz, 140 fs, Chameleon, Coherent) 
and the continuous wave (CW) beam, both of horizontal polarization, were combined by a 
dichroic beam splitter (DBS1). After going through the polarization beam splitter (PBS), 
quarter wave plate (QWP) and ultrasound lens (UL, TAG lens 2.0, TAG Optics), the beams 
were imaged onto the end mirror (M1) by a pair of relay lens (RL1 and RL1’). The reflected 
beams from M1 went through the UL and QWP again, and were reflected by the PBS. The 
second pair of relay lens (RL2 and RL2’) was used to image the beam onto the galvo scanner. 
The beams were split by DBS2, with the CW beam reflected onto the photodiode (PD) and 
the fs beam transmitted through for multiphoton excitation. The CW beam was spatially 
filtered by an iris before entering the PD whose signal was used as the feedback for the phase-
lock loop (PLL, HF2LI-PLL, Zurich Instruments). The fs beam was imaged onto a segmented 
MEMS deformable mirror (DM, Boston Micromachines Corporations, MA, USA) and the 
rear pupil plane of the objective (Nikon 16X, NA0.8) sequentially, by the lens pairs of RL3 
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and RL3′, RL4 and RL4’ respectively. The emitted fluorescence was collected and detected 
by a photomultiplier tube (PMT). 

We used the UL and DM as the elements for wavefront engineering. They were for 
generating oscillating defocusing wavefront thus for fast axial scanning [16, 35] and 
compensating wavefront distortions [24, 36], respectively. In practice, the resonance of the 
UL may drift resulting from laser heating or fluctuations of environment temperature. To 
monitor and track the oscillating defocusing wavefront generated by the UL, we introduced 
the CW beam as the reference. We used the detected signal of the spatially-filtered CW beam 
by the PD as the input of the PLL to track the drift of the UL resonance, and as the reference 
signal to reconstruct the images. With the OPLUL, both the amplitude and the phase (with 
respect to the driving signal) of the UL oscillation were stable, which ensured precise image 
reconstruction. In addition, we used a double pass configuration to double the axial scan 
range, as shown in Fig. 1. For high-speed wavefront measurement and compensation, we 
developed the IMPACT based on the multidither coherent optical adaptive technique [37]. 
The essence of IMPACT is the iterative parallel wavefront optimization [36, 38, 39] assisted 
by nonlinearity. We used a segmented DM for phase modulation, and achieved 8 kHz update 
rate using a Windows workstation. We split the pixels into two groups randomly and 
uniformly over the available numerical aperture, and took turns to modulate half of the pixels 
(each pixel at a unique frequency) and measure the phase values (via Fourier transform of the 
detected signal) while keeping the other half static. This parallel wavefront optimization 
ensures both high-speed measurement and efficient usage of the fluorescence signal, which 
are critical for in vivo imaging applications. We applied the measured phase values (sign 
reversed) for wavefront compensation. We also took advantage of the nonlinearity inherent in 
the multiphoton signals and applied iterative feedback to achieve diffraction limited focus in 
scattering tissue. It took ~2.4 s for 3 iterations to get the compensation wavefront with a DM 
of 492 pixels, which is faster than many other sensorless adaptive optics methods. The high-
speed operation is required in functional imaging with awake animals and the structural 
imaging of cellular dynamics, where the motion of the objectives-of-interest may introduce 
measurement artifacts. As we have demonstrated before [24–26, 40], IMPACT works well in 
the ballistic regime for in vivo imaging, and the compensation wavefront can be effective for 
>60 minutes when imaging mouse cerebral cortex [17]. Further details of the two techniques 
can be found in our previous work [16, 24]. 

In practical imaging, we first performed IMPACT measurements on targets of interest to 
correct aberrations, and then employed OPLUL for volumetric imaging. We flexibly set the 
axial scan range by adjusting the amplitude of the voltage signal applied to the UL. The 
effective volume of the wavefront compensation depends on the complexity of wavefront 
distortions in the tissue. In the experiments reported here, the axial scan range of OPLUL was 
40 μm, within which a single static wavefront correction was sufficient to cover the entire 
axial scan range. We drove the OPLUL on resonance at ~450 kHz, which enabled 
microsecond scale axial scanning and was much faster than the galvo based transverse 
scanning. The voxel rate of the volumetric imaging was ~40 MHz. 

3. Experimental results 

All procedures involving mice were approved by the Animal Care and Use Committees of 
Purdue University, HHMI Janelia Research Campus and National Institute of Allergy and 
Infectious Diseases, National Institutes of Health. 

(1) Volumetric imaging of transient morphology of microglia in the mouse brain cortex at 
large imaging depth 

#253898 Received 13 Nov 2015; revised 25 Dec 2015; accepted 25 Dec 2015; published 14 Jan 2016 
(C) 2016 OSA 25 Jan 2016 | Vol. 24, No. 2 | DOI:10.1364/OE.24.001214 | OPTICS EXPRESS 1218 



 

Fig. 2. Volumetric imaging of transient morphology of microglia in mouse brain cortex. (a) 
The phase pattern for full correction of both system and tissue induced wavefront distortions. 
(b, c) The maximum intensity projections of the microglia at depth 405-413 µm, with full 
correction and system correction respectively (Visualization 1). Scale bar: 10 µm. Power: 36 
mW at 935 nm. (d) The signal intensity along the dashed line labeled in (c). (e-g) The transient 
morphologies of the microglia (Visualization 2) at depth 380-420 µm under the dura. Volume 
size: 98 × 49 × 40 µm3. The dashed circle in (f) labels a GFP-expressing cell patrolling around 
the brain cortex through a blood vessel. Laser power: 108 mW at 935 nm. 

Microglia are the primary resident immune cells in the central nervous system. Under 
physiological conditions, the microglia are in the ‘resting’ state, while their ramified 
processes continuously extend to and retract from surrounding neural tissues [41]. For 
monitoring the transient morphology of microglia, we used the Cx3cr1GFP/GFP transgenic 
mice, and mounted optical windows above the S1 cortex after the craniotomies. We 
performed IMPACT measurements at 400 µm depth under the dura, and applied the 
compensation phase pattern to correct both the system and the sample induced aberrations 
(full correction), as shown in Fig. 2(a). The wavefront contains slight defocusing, which can 
shift the imaging volume in the axial direction. To avoid the defocusing introduced artifacts 
in the signal comparisons, shown in Figs. 2(b) and 2(c), we compare the maximum intensity 
projections of the volume (at depth 405-413 µm under the dura, see Visualization 1) with full 
correction and system correction, respectively. We also compare the intensities [Fig. 2(d)] 
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along the dashed line in Fig. 2(c). As reported before, with the help of IMPACT, the signal 
was much improved while the background fluorescence kept the same level [24–26]. 
Maintaining the full correction pattern on the DM, we then employed OPLUL for volumetric 
imaging. We imaged the dynamics in a volume of 98 × 49 × 40 µm3 at the depth of 380-420 
µm under the dura at 7 Hz, during which we switched the compensation wavefront patterns 
between full correction and system correction to show the effectiveness of our methods 
(Visualization 2). The fast volumetric imaging also enabled us to capture rare events. In 
addition to microglia, some leukocytes circulating in the vasculature of the Cx3cr1GFP/GFP 
mice also express GFP [16]. In Figs. 2(e)-2(g), we show the snapshot of one GFP-expressing 
cell (likely a monocyte, or NK cell) patrolling through the imaging volume. 

(2) Volumetric imaging of the dynamics of mitochondrial network in lymphocytes of 
mouse lymph node 

Mitochondria form dynamical networks during cellular metabolism, whose subcellular 
distribution and morphology can change continually [42]. The imaging of mitochondrial 
dynamics is essential to reveal its crucial roles in physiology and pathology. We collected 
mito-Dendra2 expressing lymphocytes from the spleen of the PhAMexcised transgenic mice, 
and transferred ~100 µL of the diluted cellular solution into the circulation system of the 
wild-type mice via tail-vein injections. After ~2 hours, we surgically exposed the popliteal 
lymph node of the wild-type mice, and imaged the dynamics of the mitochondrial networks in 
the lymphocytes. In Fig. 3(a), we show the phase pattern for full correction, measured at 347 
µm depth under the surface. The volume view (17.6 × 17.6 × 18 µm3) with this full correction 
is shown in Fig. 3(b), and the same volume imaged with system correction is shown in Fig. 
3(c). In Figs. 3(d)-3(f), we extract one plane from the volume and show the signal 
improvement quantitatively. We performed volumetric imaging of the dynamical 
mitochondrial networks (at depth 340-364 µm, 3.5 Hz). It is worth noting that the 
mitochondrial dynamics can be recorded even when there was substantial respiration induced 
motion (Visualization 3). Several snapshots of the mitochondria network in a lymphocyte cell 
are shown in Figs. 3(g)-3(i), which was undergoing continuous change. 

4. Discussion and conclusions 

As shown in these in vivo imaging applications, IMPACT worked well for compensating 
wavefront distortions in live animals. Compared with other adaptive optics methods, it 
features high-speed operation and high-order wavefront correction [17]. High-speed operation 
allows awake animal and cellular dynamics imaging, where the objectives-of-interest are 
under constant motion. High-order wavefront correction (up to 492 spatial modes in current 
implementations) allows us to image through highly scattering tissue. However, due to the 
heterogeneity of biological tissue, the effective compensation volume became smaller at 
greater imaging depth [17]. Novel development to achieve simultaneous large volume 
correction is needed. Additionally, the OPLUL induced dynamical aberrations (mainly 
spherical aberrations) [16], which requires fast dynamic compensation at ~450 kHz. We have 
proposed to cancel the dynamical aberrations with another UL [16], which however is quite 
complex. Nevertheless, by combining IMPACT and the OPLUL based volumetric imaging, 
we can record the dynamics within the compensation volume in 3D with improved signal 
strength and signal-to-background-ratio, which provides a solution for volumetric imaging of 
biological dynamics at large depth. 
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Fig. 3. Volumetric imaging of the dynamics of mitochondrial network in lymphocytes of 
mouse lymph node. (a) The phase pattern for full correction of both system and tissue induced 
wavefront distortions. (b, c) The volume views of mitochondria in lymphocytes, with full 
correction and system correction respectively. The volume is 17.6 × 17.6 × 18 µm3, at the 
depth of 340-364 µm under the surface. Laser power: 55 mW at 935 nm. (d, e) The images 
acquired at 348 µm depth, with full correction and system correction respectively. Scale bar: 5 
µm. (f) The signal intensity along the dashed line labeled in (e). (g-i) The transient 
morphologies of the mitochondria in lymphocytes (Visualization 3). Volume size: 12 × 9 × 18 
µm3. Laser power: 90 mW at 935 nm. 

We expect that the deep tissue volumetric imaging demonstrated here can also be 
implemented by combining OPLUL with other configurations of wavefront correction, such 
as the single conjugated adaptive optics [40, 43–46] which has shown extended compensation 
field of view. Moreover, IMPACT and OPLUL are both compatible with fluorophores of 
longer excitation and emission wavelengths in two-photon and three-photon excitation [47], 
which can further improve the imaging depth. 

In summary, we combine two wavefront engineering techniques for volumetric imaging 
of biological dynamics in deep tissue, using OPLUL for fast axial scanning and IMPACT for 
wavefront compensation. We applied this system to in vivo volumetric imaging of microglia 
in mouse brain cortex and mitochondrial network in mouse popliteal lymph node. 
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