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Abstract: Optical microscopy is a valuable tool for in vivo monitoring of biological 
structures and functions because of its non-invasiveness. However, imaging deep into 
biological tissues is challenging due to the scattering and absorption of light. Previous 
research has shown that 1300 nm and 1700 nm are the two best wavelength windows for deep 
brain imaging. Here, we combined long-wavelength illumination of ~1700 nm with 
reflectance confocal microscopy and achieved an imaging depth of ~1.3 mm with ~1-
micrometer spatial resolution in adult mouse brains, which is 3-4 times deeper than that of 
conventional confocal microscopy using visible wavelength. We showed that the method can 
be added to any laser-scanning microscopy with simple and low-cost sources and detectors, 
such as continuous-wave diode lasers and InGaAs photodiodes. The long-wavelength, 
reflectance confocal imaging we demonstrated is label-free, and requires low illumination 
power. Furthermore, the imaging system is simple and low-cost, potentially creating new 
opportunities for biomedical research and clinical applications. 

© 2018 Optical Society of America under the terms of the OSA Open Access Publishing Agreement 

1. Introduction
Noninvasive imaging deep into scattering biological tissues with high spatial resolution is 
important for biomedical research and clinical applications. Optical microscopy is an 
important tool for visualization of cellular structure and function [1,2], medical diagnosis [3], 
optical metrology [4], etc. However, the image quality is degraded when the imaging depth 
becomes largely due to the scattering and absorption of the tissue. Mouse brain is a classic 
example of the scattering biological tissue, and high resolution, deep, non-invasive imaging 
of the mouse brain is still challenging today despite the progress in the last 2 to 3 decades [5]. 

To image deep into a scattering biological tissue with high spatial resolution (i.e., close to 
diffraction-limited optical resolution), one typically needs to separate the contribution of the 
ballistic photons within the focal volume from that of out-of-focus photons everywhere else. 
A variety of techniques have been developed to accomplish this task, including the use of 
confocal pinhole [6], nonlinear excitation [7,8], and coherence gating [9,10]. Previous 
research has shown that multiphoton microscopy (MPM) is advantageous in in vivo deep 
brain imaging because of its spatially-confined excitation volume and long excitation 
wavelength. Imaging mouse brains with 2-photon microscopy (2PM) [11], and 3-photon 
microscopy (3PM) [8,12] at beyond 1-mm depth in vivo were reported by leveraging the 
optimal wavelength windows for deep tissue penetration at 1.3 μm and 1.7 μm, determined by 
the combined effects of the scattering and absorption of brain tissues in vivo [8,13]. By 
moving the imaging window to ~1.7 μm, researchers have also shown that optical coherence 
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tomography (OCT) [14] and optical coherence microscopy (OCM) [15] could achieve an 
imaging depth up to 1.2 mm in mouse brain. On the other hand, either time or coherence 
gating is needed for depth discrimination with optical-coherence-based imaging methods, 
which typically requires a broad-band source and an optical interferometer setup. Compared 
to MPM, OCT, and OCM, confocal microscopy is relatively easier to implement. Particularly, 
reflectance confocal microscopy (RCM), a label-free confocal modality has proven its 
capability in brain imaging in vivo by observing myelinated axons [16] down to ~400 μm 
using illumination at 400-600 nm. RCM has also been widely accepted in the clinical settings 
because it is simple, low-cost, and label-free. Thus, development of deep RCM has promise 
for clinical applications such as monitoring blood flow in patients [17], measuring blood cells 
[18], and detecting early cancers [19,20]. 

In this paper, we demonstrate in vivo long wavelength reflectance confocal microscopy 
(LW-RCM) for mouse brain imaging at more than 1.2-mm depth with illumination 
wavelength at ~1.7 μm, imaging through the entire neocortex and the external capsule, and 
reaching the subcortical region of the mouse brain. Furthermore, we compared the image 
contrast by performing simultaneous reflectance confocal and third-harmonic generation 
(THG) imaging. The long wavelength confocal microscopy demonstrated in this paper is 
simple and robust; and achieves high spatial resolution (~1 μm) at depth comparable to MPM 
and OCT, which is 3 to 4 times deeper than previously reported imaging depth of reflectance 
confocal imaging [16]. The method is label-free and can be easily added to any long 
wavelength 2PM and 3PM by the addition of a confocal detector. More broadly, the 
demonstrated method is promising for biomedical research and clinical applications where 
label-free, high spatial resolution imaging deep within tissue is required. 

2. Setup and methods 

2.1 Imaging setup 

The images were taken with a home-built laser scanning microscope with a high-numerical 
aperture objective (Olympus XLPLN25XWMP2, 25X, NA 1.05), see Fig. 1(a). The back 
aperture of the objective is overfilled to make full use of the numerical aperture (NA). The 
signal is epi-collected through the objective. A combination of a polarization beam splitter 
(PBS) and a λ/4-waveplate was installed to separate the illumination and back-scattered light, 
which also suppresses the spurious reflection from the various optical components along the 
beam path. For simultaneous imaging with LW-RCM and THG, we used a non-collinear 
optical parametric amplifier pumped by a chirped-pulse amplification system (Monaco, 
Opera-F, Coherent), operating at 1650 nm. A fiber-coupled InGaAs PMT (PMT 1, H10330C-
75, Hamamatsu) and an ultra bialkali PMT (PMT 2, R7600-200, Hamamatsu) were used for 
the detection of the reflectance confocal signal and the THG signal, respectively. For 
demonstration of the simplicity of LW-RCM, we also used continuous-wave (CW) diode 
lasers as the illumination source, operating at 1610 nm with a distributed feedback laser 
(DFB) laser (79800D, ILX Lightwave), 1630 nm (Fabry-Perot Laser Diode, FPL1059P, 
Thorlabs), and 1310 nm (Fabry-Perot Laser Diode, FPL1053P, Thorlabs), and an InGaAs 
photodiode (PDA10CS, Thorlabs) as the detector. The back-scattered light is de-scanned and 
refocused by a 75-mm achromatic lens into the multimode fiber (MMF, 25 μm-diameter core, 
Thorlabs), which also serves as the confocal aperture. The polarizer before the multimode 
fiber was used to further suppress the signal from the spurious reflection from the optical 
components when the extinction ratio of the PBS is not enough. Image acquisition and stage 
control were performed using ScanImage running on MATLAB (MathWorks). The PMT 
current is converted to voltage using a trans-impedance amplifier (C7319, Hamamatsu) with 
the gain set to 105 V/A. The amplifier gain for the PD is ~1.5 × 106 V/A based on the signal 
strength and the bandwidth consideration. Analog-to-digital conversion was performed by a 
data acquisition card (NI PCI-6115, National Instruments). 
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Fig. 1. (a) Schematic illustration of the imaging system. BE: beam expander, PBS: polarizing 
beam splitter, λ/2: half-waveplate, λ/4: quarter-waveplate, MMF: multimode fiber, DM: 
dichroic mirror. The focal length for the scan lens and tube lens is 150 mm and 750 mm, 
respectively. The photocathodes for PMT1 and PMT2 are, respectively, InGaAs and ultra 
bialkali. An InGaAs photodiode (PD) is also used for some of the experiments. Schematic 
illustrations of the imaging sites. Left side: surgery/imaging site for Figs. 1-3 and 5; right side: 
surgery/imaging site of the cerebellum of the mouse brain for Fig. 4. (b) Lateral and axial 
intensity profiles of axons at 400 μm depth (along the yellow line in the image on the left). The 
FWHMs are indicated in the plots. Scale bar: 10 μm. (c) mouse brain image obtained when 
mounted with common coverslip glass window. Scale bar: 30 μm. (d) mouse brain image 
obtained when mounted with quarter-waveplate window. Scale bar: 30 μm. 

2.2 Animal preparation 

All animal procedures were performed with the approval of the Cornell Institutional Animal 
Care and Use Committee (IACUC) and under the guidance of the Cornell Center for Animal 
Resources and Education. 

For all adult mice (C57BL/6J, Male, Age: 12-32 weeks), imaging sessions were 
conducted at least one week after the surgery for tissue inflammation to disappear. The 
craniotomy with conventional glass window was described in [12]. For the mouse surgery 
preparation for imaging through visual cortex, we opened windows of 5 mm in diameter, 
centered at 2 mm lateral, and 2.5 mm caudal from the bregma point over the visual cortex. 
For the mouse preparation in cerebellum, we opened windows of 3 mm in diameter, centered 
at 0 mm lateral and 7 mm caudal from the bregma point. One of the vexing problems for 
RCM is the spurious reflection from the optical components in the beam path. While a PBS 
and λ/4-waveplate combination can largely suppress the spurious reflection from the optics 
before the λ/4-waveplate, we found that the back-reflection from the objective lens severely 
limits our ability to image deep. We used a 5 × 5 mm square-shaped λ/4-waveplate 
(WPQ501, Thorlabs) instead of the normal cover-glass as the cranial window. The λ/4-plate 
cranial window has thickness close to a conventional cover glass (~170 μm), making it 
compatible with most microscope objectives. Since the λ/4-plate is placed after the objective 
lens (Fig. 1(a)), our PBS and λ/4-plate combination largely eliminates the back-reflection 
from the objective lens when illuminated at 1650 nm, see Fig. 1(c,d). Figure 1(c) shows an 
image at white matter area with conventional cranial window and a quarter waveplate before 
the objective. Figure 1(d) is an image at white matter area with quarter-waveplate mouse 
cranial window. The back-reflection from the objective and other optical components are 
removed completely by positioning the quarter-waveplate underneath the objective lens so 
that no background subtraction is needed. 
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2.3 In vivo imaging 

The mouse is placed on a motorized stage (M-285, Sutter Instrument Company) for axial 
scanning. Because the index of refraction of brain tissue [21,22] is larger than that of the 
immersion medium (water or heavy water), the actual imaging depth within the tissue is ~5–
10% larger than the depth measurement indicated (i.e., the raw axial movement of the 
objective) here. Deuterium oxide (i.e., heavy water, D2O) is used as the objective immersion 
medium to reduce the absorption caused by water (H2O) [8] when imaging at 1550 nm, 1610 
nm, and 1650 nm. For the experiment confirming the long wavelength advantage (see Fig. 
4(c)), we used an achromatic quarter waveplate (AQWP10M-1600, Thorlabs, retardance 
performance confirmed by the simulation data from Thorlabs at 1060 nm and 1630 nm and by 
experimental verification at 1060 nm) between the dichroic mirror and the tube lens, and a 
conventional cover glass is used for the cranial window [12]. 

3. Results and discussions 
3.1. Comparison between LW-RCM and THG in vivo imaging 

THG microscopy [23] has the capability for label-free imaging [24]. Imaging blood vessels 
[25] and myelinated axons [26] have been demonstrated previously with THG. For LW-
RCM, the main source of contrast is the linear refractive index mismatch [27]. For THG 
microscopy, the main image contrast is generated from the third-order nonlinear susceptibility 

(3)χ  mismatch or linear refractive index difference [26,28]. When the refractive indices of the 

sample and the surrounding environment are identical at the third-harmonic frequency, 

 
23 (3) (3)

3 o s eP Pω χ χ∝ −  (1) 

where 3P ω  is the THG signal. 0P  is the intensity of the fundamental wave. (3)
sχ  and (3)

eχ  are, 

respectively, the third-order nonlinear susceptibility of the sample and the surrounding 
environment. Equation (1) indicates that the THG signal results from the difference of the 
third-order nonlinear susceptibility of the sample and their environment if the linear refractive 
indices at the third-harmonic frequency are the same. This is different from the mechanism of 
the signal generation in LW-RCM, where the main source of contrast comes from the 
variations of linear refractive index at the fundamental frequency [27]. Therefore, it is not 
surprising that noticeable differences were observed in our comparisons between THG 
microscopy and LW-RCM. 

To compare the images obtained by LW-RCM and THG imaging, we first conducted 
simultaneous imaging using LW-RCM and THG microscopy. We used the same optical path 
for the illumination while the signals were detected through two different optical paths 
separated by a dichroic mirror (Fig. 1(a)). Images of the mouse brain at approximately 100 
μm step from ~100 μm down to more than 800 μm were shown in Fig. 2(a). 
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Fig. 2. Comparison of reflectance confocal and THG images through the mouse visual cortex. 
(a) Reflectance confocal (top, cyan), THG (middle, yellow) and merged reflectance confocal 
and THG images (bottom) at various depths: 140 μm, 235 μm, 360 μm, 450 μm, 641 μm, 774 
μm and 804 μm. Myelinated axons are indicated with white arrows; blood vessels are indicated 
with red arrows. Scale bars are 30 μm. (b) Enlarged images at depth 450 μm and 641 μm from 
(a) are shown, where blood vessels are indicated in red and myelinated axons are indicated in 
white. Scale bars are 30 μm. 

All the images share some similarities in the blood vessels that are orientated 
perpendicular to the optical axis. For the vessels that are oriented parallel to the optical axis, 
they appear as bright, circular-shaped features in the THG microscopy, shown in images at 
140 μm and 235 μm; while they appear as dark void in the LW-RCM images. Within the 
external capsule, from ~774 μm to 804 μm, the images are well-correlated: the stripe patterns 
of the white matter are the same. This indicates that LW-RCM of the white matter may 
provide comparable spatial information as THG microscopy for myelinated axons. Though 
LW-RCM revealed less capillaries (Fig. 2), it appears to be more sensitive to detect sparsely 
distributed myelinated axons, e.g., at 640 μm depth, a region above the white matter. In Fig. 
3, we also observed similar differences in imaging the myelinated axons in the cerebellum. 
Cerebellum is an important brain region to study. It contains more neurons than the total from 
the rest of the brain but takes up only 10% of the total brain volume [29]. The cerebellum 
plays an important role for motor planning and execution, and may even be involved in higher 
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cognitive functions. However, cerebellum is a brain region with dense myelinated fibers, and 
is challenging for optical imaging because of the strong scattering. Imaging cerebellum 
structure, especially axon fibers, may help us understand cerebellum organizations and 
connections with other brain regions. We performed simultaneous in vivo THG and LW-
RCM imaging at different depths (mouse: LriglcreER/Rosa 26Ai14, 32-36 weeks). Note that 
the LW-RCM image at 800 μm depth is quite different from the THG image. The LW-RCM 
image shows more up-down oriented fibers, while the THG image shows more left-right 
oriented fibers. 

 

Fig. 3. Comparison of LM-RCM (top, cyan) and THG images (middle, yellow) at different 
depths in mouse cerebellum: 50 μm, 150 μm, 300 μm, 450 μm, 600 μm and 800 μm. 
Myelinated axons are indicated with white arrows. Scale bar: 30 μm. 

Since water absorption dominates at wavelength greater than ~1200 nm in the mouse 
brain in vivo. For example, the absorption coefficients of oxygenated blood and deoxygenated 
blood are approximately the same in the long wavelength regions [30,31]. The absorption 
difference between the oxygenated blood and deoxygenated blood does not contribute 
significantly to the image contrast. Instead, refractive index mismatch gives rise to stronger 
contrast [27], for example, fat and water refractive index difference mainly results in features 
with high lipids concentration such as myelinated axons. For THG imaging, the image 
contrast mainly comes from the difference in the third-order nonlinear susceptibility ( χ (3)) 

between the two sides of the focal plane of the excitation beam. For in vivo brain imaging, 
blood vessels and myelinated axons are the main features that produces significant THG 
signal [32]. While the images obtained by LW-RCM and THG microscopy have a lot of 
similarities, they are not identical due to the different contrast mechanisms discussed before. 
Therefore, simultaneous THG and LW-RCM might reveal extra information regarding the 
tissue properties. The white-matter tracts (i.e., the densely packed, myelinated axons) are the 
structural connective scaffolding of the brain [33]. They were shown to play an important role 
in modulating neural circuits and brain function [33], such as in the Multiple Sclerosis disease 
[34]. Our results show that we can image myelinated axons with high spatial resolution in 
vivo in the white matter region of the mouse brain with simple LW-RCM. 

Even for deep white matter imaging, relatively low optical power is required, at 
approximately tens of microwatts under the objective lens when using a PMT as the detector 
(frame rate 0.23 Hz). This power level is orders of magnitude lower than what is required for 
THG microscopy, which typically requires energetic femtosecond pulses with average power 
of tens of milliwatts in order to acquire images at the same depth. 

3.2 Deep mouse brain imaging with LW-RCM 

To explore the maximum imaging depth in vivo, we also acquired 3D imaging stack within 
the mouse brain. Image sections at various depths are shown in Fig. 4(a), (See also 
Visualization 1). We were able to image at the maximum imaging depth of ~1.3 mm, through 
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the entire neocortex and the external capsule, reaching the subcortical region of the mouse 
brain. 

 

Fig. 4. (a) In vivo reflectance confocal images at various depths through the mouse visual 
cortex. Scale bar 30 μm. (b) Semi-logarithmic plot of reflectance confocal signal (normalized 
to the signal at the surface and to the optical power) as a function of imaging depth. (c) Images 
at 770 μm obtained by CW lasers at 1630 nm (left) and 1060 nm (right). Scale bar 30 μm. 

The semi-logarithmic plot of the reflectance signal of the mouse brain as a function of the 
imaging depth is shown in Fig. 4(b). The bump in signal level at 700 to 850 μm indicates the 
region for the external capsule (EC) of the brain. Since the greatest source of contrast in 
reflectance confocal images is the difference of refractive index [27], the large difference of 
refractive index between the white matter and cortex/surrounding tissue causes the increased 
signal level at the white matter region. We can estimate the white matter thickness to be ~150 
μm. We also observed another fiber tracts layer from 1.2 mm to 1.3 mm below the brain 
surface (alveus of hippocampus). At the depth of 1-1.2 mm, few myelinated axons were 
observed (Visualization 1); however, we can still observe myelinated axons within 100 μm 
below the white matter (See Visualization 1). With the λ/4-waveplate cranial window, we can 
largely eliminate the back-reflection from the objective at 1650 nm, which helped us greatly 
in pushing the penetration depth (See Fig. 1(c, d)). 

To confirm the advantage of the LW-RCM for deep imaging, wavelengths at 1060 nm 
(QFBGLD-1060-40, QPHOTONICS, LLC.) and 1630 nm were used to image the same white 
matter in vivo (Fig. 4(c)). Note that for this experiment, an achromatic quarter waveplate was 
installed before the objective and a conventional glass cranial window was used. As there will 
be residual spurious reflection from the optics, we performed background subtraction with 
and without mouse. Although we used 20 times more average power at 1060 nm (~2 mW) 
than that at 1630 nm (100 μW), it is not possible to observe the structural details of the white 
matter at 770 μm depth with 1060 nm illumination. This direct comparison unequivocally 
demonstrated the advantage of the LW-RCM for deep brain penetration. 
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confocal imaging at the long wavelength windows. As the power requirement of mouse brain 
white matter imaging is low in LW-RCM, we also demonstrate the fast imaging capability in 
Fig. 5(b) with resonant scanners (RESSCAN-GEN, Sutter Instrument). we achieved a frame 
rate of 30 Hz with 512 × 512 pixels per frame and imaged the white matter of the mouse brain 
in vivo using the PMT and CW laser with ~24 mW under the objective. While the power level 
is much higher than that needed at the lower frame rate (e.g., Fig. 2), it is still comparable to 
or lower than that used in most multiphoton microscopy. 

4. Conclusions 
In conclusion, we demonstrated that long-wavelength reflectance confocal microscopy (LW-
RCM) is a simple, robust, and low-cost technique for label-free, high-resolution in vivo 
imaging of the mouse brain down to ~1.3 mm depth. We compared the LW-RCM with THG 
imaging and found that the two imaging methods have some similarities, but not identical. 
Simultaneous THG and RCM might reveal extra information regarding the tissue properties. 
We confirmed the advantage of LW-RCM by comparing images acquired at different 
wavelengths. We showed the simplicity of this method by using a photodiode as the detector 
or CW diode lasers as the illumination source. Furthermore, LW-RCM requires CW 
illumination at low power when imaging with a PMT. Comparing to other label-free methods 
such as THG, OCM, coherent anti-Stokes Raman scattering (CARS) microscopy, our method 
does not require expensive laser sources and/or complicated optical setup. Although the focus 
of this paper is the mouse brain, the long wavelength window investigated is likely to be 
beneficial for deep imaging of other tissue types. For example, it was demonstrated that long 
wavelength excitation significantly improves the penetration depth of THG imaging of skin 
and human tissue [41,42]. The LW-RCM demonstrated in this paper can potentially be 
translated to other tissue types beyond the brain, for example, skin imaging [40,43,44], cancer 
diagnosis [45], and dynamic functional imaging, such as blood flow imaging [17]. LW-RCM 
has the promise to create new opportunities where high-resolution, label-free, deep imaging 
of tissue structure and function is required. 
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