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Abstract: We report a joint system with both confocal Raman spectroscopy (CRS) and optical
coherence tomography (OCT) modules capable of quickly addressing the region of interest in a
tissue for targeted Raman measurements from OCT. By using an electrically tunable lens in the
Raman module, the focus of the module can be adjusted to address any specific depth indicated
in an OCT image in a few milliseconds. We demonstrate the performance of the joint system
in the depth dependent measurements of an ex vivo swine tissue and in vivo human skin. This
system can be useful in measuring samples embedded with small targets, for example, to identify
tumors in skin in vivo and assessment of tumor margins, in which OCT can be used to perform
initial real-time screening with high throughput based on morphological features to identify
suspicious targets then CRS is guided to address the targets in real time and fully characterize
their biochemical fingerprints for confirmation.

© 2021 Optical Society of America under the terms of the OSA Open Access Publishing Agreement

1. Introduction

Raman spectroscopy (RS) is capable of revealing molecular composition with high specificity
while optical coherence tomography (OCT) excels at imaging morphological microstructures
with high spatial resolution. Hence the combination of RS and OCT can be used to obtain the
molecular and morphological information of a given tissue region. The availability of molecular
and morphological information in the same region can be critical in the fields of biology [1,2],
pharmacology [3,4], and medical diagnostics [5–7], in order to evaluate drug distribution in
tissues [8], the severity of burn wounds [9], and the boundary between healthy tissues and tumors
[10,11]. Such a combination has been also demonstrated effective in the measurements of analytes
in tissues [8], the characterization of anatomical structures in oral tissue and atherosclerotic
plaque deposition [12,13] and the discrimination of different stages of bladder cancer [14].

Several sets of instrumentation that integrated RS and OCT have been reported as summarized
in Table 1. The first such development can be traced back to 2008 by Patil et al. [15]. An RS
module with 785-nm excitation source was combined with a time-domain OCT module. The RS
module achieved an axial resolution of 600 µm and a lateral resolution of 75 µm. A pair of galvo
mirrors was used to perform raster scanning in the lateral dimensions (x and y). As RS can only
be performed along the central axis of the objective lens, a target region had to be moved to the
center of the field of view of the objective lens using a translational stage after it was found in
OCT images. In another joint system [16], an OCT model and a confocal Raman module was
combined but without galvo mirrors therefore scanning had to be done by moving the sample
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mounted on an automated x-y translational stage. The focal spot size and detection spot size in the
RS were about 15 and 25 µm, respectively, which should be about the same order of magnitude
as the lateral resolution of the system. There appeared no axial scanning. Different from these
earlier systems with separate detection components, another joint system was developed in which
the RS and the spectral-domain OCT modules shared the same spectrometer to save the cost and
size [17]. In the RS module of this system, the axial and lateral resolutions were 425 µm and 15
µm. As the scanning mirrors and objective lens were arranged in a telecentric manner, RS could
be performed along any A-scan in the OCT image but was not resolved in the axial dimension.
In another dual-modal system, an OCT module with a central excitation wavelength of 1325
nm was combined with a typical RS to achieve an image depth of about 2.5 mm in pork tissues
for the OCT system [18]. The Raman system has axial and lateral resolutions of 1000 µm and
100 µm, respectively. Chen et al. reported a wavelength modulated spatially offset RS module
combined with a spectral domain OCT module. Benefiting from the wavelength modulation
technique, the RS module contained minimal fluorescence background. By optimizing spatial
offset between the excitation spot and collection spot, the RS modal was depth sensitive [19]. RS
and OCT have also been integrated with an optoacoustics (OA) module to compensate for the
limited penetration depth of OCT [20]. In this system, the RS used wide field illumination and
the spot size matched the field of view of the OCT scanning lens. An iris was used to select an
interesting region for Raman measurements. The same system but without the OA module was
used for in vivo clinical melanoma skin cancer screening [21]. In another study, a back scattering
spectroscopy was combined with RS and OCT with a fiber-optic probe as the shared sample
arm to compensate for the slow RS measurements and improve diagnosis accuracy [22]. Patil et
al. demonstrated a probe of 102.4 mm × 128 mm × 204.8 mm for skin cancer characterization
[23] by integrating the previously reported Raman-OCT system [15]. Wang et al. designed a
side-view handheld Raman-OCT optical probe with a size of 13 mm × 8 mm × 120 mm for real
time tissue measurements in oral cavity [24]. Both the probes performed RS along the center
axis of the objective lens with poor depth resolution. Klemes et al. introduced a probe that
combined 632.8 nm confocal RS (CRS) and time-domain OCT systems [25]. In this probe, both
the objectives of the RS and OCT systems were mounted on a rotary stage thus can scan along a
common circular path, and the acquisition of Raman signals from a target depth was enabled by
mechanically adjusting the Raman excitation focus.

The above survey of the past multi-modal RS/OCT systems suggests the following disadvantages.
First, most joint systems have poor axial resolutions. In one exception [25], the sample arm was
not shared between CRS and OCT so the switching from OCT imaging to Raman measurements
(guided by OCT images) is performed by a rotary stage, which is not optimal in the measurements
of dynamic samples and/or in vivo measurements. Second, axial scanning (if any) in the RS
modules of these systems is achieved by moving the sample or the objective lens mounted on
a translational stage, which can induce challenges in the stability and reproducibility of RS
measurements.

To overcome these disadvantages, we developed a dual-modal system that integrated CRS
and OCT with a shared arm, which was capable of rapidly addressing an arbitrary position for
confocal Raman measurements in a tissue guided by OCT imaging. With the use of an electrically
tunable lens (ETL), we were able to move the laser focus of the CRS module to an arbitrary
location suggested by OCT imaging without any mechanical movement, which greatly sped up
mode switching. The CRS module achieved a probing volume of about 1 mm (x) × 1 mm (y)
× 0.87 mm (z), a spatial resolution of about 5 µm (x) × 5 µm (y) × 10 µm (z), and a spectral
resolution of about 7 cm−1. The coregistration error in target location between the CRS and OCT
modules was 11.53 µm (x) × 13.86 µm (y) × 17.85 µm (z). The performance of the system was
demonstrated in the measurements of an swine tissue ex vivo and human skin in vivo. Our system
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Table 1. Survey of joint Raman-OCT systems.

Ref. Specifications
(Raman)

Specifications (OCT) Remarks

Patil, C.A.,
et al. [15]

Lateral res.: 75 µm
Axial res.: 600 µm
Laser: 785 nm

Lateral res.: 21 µm
Axial res.: 25 µm
Source: 1310 ± 30
nm

• This is the first reported joint RS and OCT
system to our knowledge.

• Sample arm was shared by Raman and OCT.
• Lateral scanning was achieved by galvo mirrors.

No axial scanning for RS.

Evans,
J.W., et al.
[16]

Lateral res.: 15 µm
Axial res.: NMa

Laser: 632.8 nm

Lateral res.: 18 µm
Axial res.: 4.5 µm
Source: 855 ± 35 nm

• Sample arm was shared by Raman and OCT.
• Lateral scanning was achieved by moving the

sample mounted on a translational stage. No
axial scanning for RS.

Patil, C.A.,
et al. [17]

Lateral res.: 15 µm
Axial res.: 425 µm
Laser: 785 nm

Lateral res.: 18 µm
Axial res.: 11 µm
Source: 855 ± 20 nm

• RS and OCT shared the spectrometer to save
cost and size and the sample arm.

• Lateral scanning was achieved by galvo mirrors.
No axial scanning for RS.

Egodage,
K.D., et al.
[18]

Lateral res.: 100 µm
Axial res.: 1000 µm
Laser: 785 nm

Lateral res.: 13 µm
Axial res.: 10 µm
Source: 1325 ± 100
nm

• Lateral scanning was achieved by galvo mirrors.
No axial scanning for RS.

• A probe head was developed to house the
sample arm shared by both RS and OCT.

Chen, M.,
et al. [19]

Lateral res.: NM
Axial res.: NM
Laser: 785 nm

Lateral res.: NM
Axial res.: NM
Source: 850 ± 15 nm

• A wavelength modulated spatially offset RS
module was combined with a spectral domain
OCT.

• Lateral scanning was achieved by galvo mirrors.
Depth sensitivity was achieved by varying the
spatial offset of the excitation fiber relative to
the detection fiber.

• Sample arm was shared by Raman and OCT.

Varkentin,
A., et al.
[20],
Mazurenka,
M., et al.
[21]

Lateral res.: NM
Axial res.: NM
Laser: 532 nm, 7 ns,
20 Hz

Lateral res.: 13 µm
Axial res.: 5.5 µm
Source: 1310 nm

• A probe head housed the sample arm shared by
RS and OCT [21]. The Optoacoustics (OA)
module had a separate probe [20].

• Lateral scanning was achieved by galvo mirrors.
No axial scanning for RS.

• The Raman excitation spot matched the field of
view of the OCT lens and an iris was used to
select the region to be measured so the lateral
resolution was expected to be poor.

Zakharov,
V.P., et al.
[22]

Lateral res.: NM
Axial res.: NM
Laser: 785 nm

Lateral res.: NM
Axial res.: 3.5 µm
Source: 840 ± 50 nm

• Backscattering spectroscopy, RS and OCT were
integrated with a fiber probe as the shared
sample arm.

• No scanning included.

Patil, C.A.,
et al. [23]

Lateral res.: 44 µm
Axial res.: 530 µm
Laser: 785 nm

Lateral res.: 25 µm
Axial res.: 14 µm
Source: 1310 ± 30
nm

• The join system of RS and OCT in Ref. [15] was
integrated with a probe for clinical applications.

Wang, J.,
et al. [24]

Lateral res.: 360 µm
Axial res.: 300 µm
Laser: 785 nm

Lateral res.: 12 µm
Axial res.: 12 µm
Source: 1325 ± 62.5
nm

• A sideview handheld RS-OCT probe was built.
• The sample arms of RS and OCT were separate.

Klemes, J.,
et al. [25]

Lateral res.: NM
Axial res.: 27.7 µm
Laser: 632.8 nm

Lateral res.: 3.6 µm
Axial res.: 4.3 µm
Source: 880 ±31.65
nm

• Separate CRS and OCT were put together each
with a different sample arm.

• Two sample arms were mounted on one rotary
stage to measure the same region in the lateral
dimensions.

• A linear stage was used for the axial adjustment
of CRS focus.

aNM: Not mentioned.
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can be useful in the early detection of skin cancers, investigation of trans-follicular drug delivery,
and the evaluation of cosmeceutical chemicals.

2. Instrument description

2.1. System setup

The schematic of the joint CRS-OCT setup is illustrated in Fig. 1 and a photo of the setup
(primarily the Raman module and the shared sample arm) is shown in Fig. 2. The excitation
light source in the Raman module was a 532-nm single-mode fiber-coupled laser (LCX-532S-
300-CSB-PPF, Oxxius, Lannion, France). The excitation beam was collimated by a collimator
(F220APC-532, Thorlabs, Newton, MA, USA) and then reflected by a dichroic mirror DM1
(Di03-R532-t1-25× 36, Semrock, Rochester, NY, USA) and two mirrors towards ETL (EL-10-
30-TC, Optotune, Dietikon, Switzerland). The focal length of ETL could be varied from 120 mm
to 50 mm when the applied current was changed from 0 mA to 300 mA. The ETL is conjugate to
the back focal plane of the objective lens (M Plan Apo NIR 20X, Mitutoyo Inc., Japan) through a
4f system composed of L2 and L1 (AC254-100-A-ML, Thorlabs, Newton, MA, USA), which
enables any change in the light divergence immediately after the ETL due to its focal length
varying to be relayed to the back aperture of the objective lens. As the ETL has a focal length of
120 mm even without current applied, L3 (LC1582-A, Thorlabs, Newton, MA, USA) with a focal
length of –75 mm was added so that the Raman focal spot’s location could be tuned to the OCT
beam’s focus when a certain current was applied. A pair of Galvo mirror (abbr. GM1, GM2,
GVS012, Thorlabs, Newton, MA, USA) was used before the objective lens for lateral scanning.

Fig. 1. Schematic of the experimental setup. DM1, DM2: Dichroic Mirror; ETL:
Electrically Tunable Lens; L1, L2, L3, L4, L5, L6, L7, L8: Lens; GM1, GM2: Galvo Mirror;
LP: Long Pass Filter; SLD: Super Luminescent Diode; EMCCD: Electron Multiplying
Charge Coupled Device Camera; IMAQ: Image Acquisition System; Port 1 is for Raman
excitation, Port 2 is for Raman collection, and Port3 is for OCT sampling arm.
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Fig. 2. Photo of the setup (primarily the Raman module and the shared sample arm).

The Raman light generated out of the sample was collected by the same objective lens and
travelled backwards. After DM1, a long pass filter (abbr. LP, LP03-532RU-25, Semrock,
Rochester, NY, USA) was used to remove laser light and an achromatic lens L4 (AC254-100-A-
ML, Thorlabs, Newton, MA, USA) with a focal length of 100 mm was used to couple the Raman
light into a fiber with a core diameter of 50 µm. The fiber also acted as a confocal pinhole, whose
image size on the sample plane was about 4 µm, small enough to reject most out-of-focus light.
The other end of the fiber was connected to a spectrometer equipped with a spectrograph (f/3.88,
IsoPlane 160, Princeton Instrument, Trenton, NJ, USA) and an electron-multiplying charge
coupled device (EMCCD) camera (ProEM:512B, Princeton Instrument, Trenton, NJ, USA).

The OCT imaging system used in this study has been previously reported except for the sample
and reference arm optics [26]. In the sample arm, the light is collimated by an achromatic lens L5
(f= 4 mm) before passing through the dichroic and galvo mirrors. The reference arm is equipped
with the same optics as the sample arm to balance the dispersion. The RS and the OCT modules
shared the sample arm, which included GM1, GM2 and the objective lens. The light beams
involved in two modules were combined using a dichroic mirror DM2 with an edge wavelength
of 647.1 nm (Di03-R635-t1-25× 36, Semrock, Rochester, NY, USA), which reflected the laser
light (532 nm) and the Raman light (up to 647.1 nm) and passed light beams used in the OCT
(wavelength range from 658.8 nm to 1200 nm).

2.2. Fabrication of phantoms

The sample used to characterize the scanning range of the CRS was a polystyrene plate, which
was a fragment of a commercial cell culture dish (CLS430165, Corning, Tewksbury MA, USA).
We fabricated the phantom for characterizing spatial resolutions of the CRS by dripping several
microliter suspension of Nile red beads (F8819, FluoSphero, Waltham, USA) on a glass slide. To
ensure that the beads were monodispersed, the stock suspension was diluted to achieve a volume
concentration of 0.05 µL/mL. We dropped diluted bead suspension on a glass slide then dried
it. The diameter of the beads was roughly 1 µm. To co-register the CRS and OCT systems, we
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used another type of Nile red beads with a diameter of 15 µm (FP-15056-2, Sphero, Chicago, IL,
USA). The characterization of co-registration errors was performed on a layer of the beads on a
glass slide, which was not similar to a tissue in scattering properties. This is only to serve as
a reference for tissue measurements. The spatial resolution of the Raman module deteriorates
significantly in a highly scattering medium just like other optical systems. As shown in Figs. 5(d)
and 6(d), the maximum depth from which decent Raman spectra can be detected in the skin is
around 300 micrometers.

Fig. 3. (a) Intensity curve for estimating the field of view of the CRS module. The inset
shows the spectrum of polystyrene. (b) Intensity curve for estimating the nominal sensing
depth of the CRS module. The inset shows the relation between the current of the ETL and
the focal position in the axial dimension. (c) The spatial resolutions of the RS module. The
inset shows the spectrum of Nile red fluorescence beads.

Fig. 4. (a) OCT image of a bead. (b) Location coregistration between the RS and OCT
modules.

2.3. Characterization of system specifications

To measure the field of view of the CRS module, the laser focus was laterally scanned across the
polystyrene plate and the Raman spectra were recorded once every 0.1 mm. The polynomial fitting
technique was used to remove fluorescence background from raw Raman spectra throughout
the paper. The detail of removing background from the raw spectra using the polynomial
fitting technique was described in Refs. [27,28].The peak intensity of polystyrene at 1000 cm−1

extracted from the Raman spectra with background removed was plotted as a function of x and y
displacement as shown in Fig. 3(a). It is observed that the intensity curves can be approximated
as Gaussian functions of x and y. The full width at half maximum (FWHM) of each curve is
estimated, which is treated as the field of view in the corresponding dimension. In this manner,
the field of view was determined to be about 1 mm in both x and y dimensions. The nominal
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Fig. 5. (a) Photo of a diagonally cut swine tissue. (b) OCT image of the pork tissue. (c)
Reference Raman spectra of skin layer, fatty tissue, and difference between skin and fat
spectra in the pork tissue. (d) Depth dependent Raman spectra of the pork tissue measured
along the red line in (c) with the guidance of the OCT image and the difference between the
spectra at depths from 60 µm to 300 µm and that at a depth of 0 µm.

sensing depth range was determined by checking the intensity measured at 1000 cm−1 when the
polystyrene plate was axially scanned. The intensity varied only slightly at different focuses,
and the maximum sensing depth was found to be 870 µm as shown in Fig. 3(b), which was
limited by the scanning range of the ETL. The inset of Fig. 3(b) shows the relation between the
current of the ETL and the focal position in axial direction, which was measured by varying the
current and then quantifying the depth change when moving the polystyrene sample axially on a
translating stage to catch the laser focus and achieve the maximum Raman peak intensity. The
spatial resolutions of the CRS module were measured by scanning the laser focus laterally and
axially over a Nile red fluorescence bead with a diameter of 1 µm. The spectral intensity at 550
nm as shown in the inset of Fig. 3(c) was chosen to calculate the FWHM. The lateral and axial
resolutions were found to be 3 µm and 10 µm, respectively, at the center of the field of view as
shown in Fig. 3(c). In the entire sensing volume, the lateral resolution and axial resolution were
3.8 µm± 0.4 µm and 13.5 µm± 2.6 µm, respectively. The spectral resolution of the CRS module
was estimated by measuring the spectrum of the single-mode Raman excitation laser that has a
known line width of smaller than 1 MHz, which was found to be about 7 cm−1.

For the OCT module, the axial resolution of OCT was measured to be 2.3 µm [29], and the
FWHM transverse resolution is estimated to be 7.35 µm. The depth of focus, which is also known
as confocal parameter, is estimated to be 300 µm. The scanning field of view of the OCT system
was 1 mm by 1 mm. The sensitivity of the OCT imaging was measured to be 101.2 dB. The
depth at which the 3-dB roll-off of OCT sensitivity occurs is 0.9 mm in air.
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Fig. 6. (a) OCT image of in vivo human finger skin. SC: stratum corneum; EP: Epidermis;
DEJ: Dermis epidermis junction; DE: Dermis. (b) Spectra of the in vivo human finger skin.
(c) OCT image of in vivo human fingernail. (d) Spectra of the in vivo human fingernail.

2.4. Co-registration

We characterized the co-registration error of the two modules using Nile red fluorescence beads
of 15 µm. These beads were large enough to be easily distinguished from air bubbles and
impurities in an OCT image during co-registration. The co-registration error was qualified as
the difference between the target location determined in the OCT image and the location of
the laser focus of the Raman module that was programmed to match the target location. In
an OCT image of the phantom shown in Fig. 4(a), a single bead was selected according to its
shape and size as demarcated by the red circle. Then the excitation/detection focus of the Raman
module was directed to the bead to measure the spectrum. In the measurement of spectrum, we
used a translational stage to scan the bead laterally around the excitation/detection focus of the
Raman module and tuned the applied current of the ETL finely to find the location that yields the
maximum spectral intensity, which was considered as the true location of the bead. We repeated
the above process at 43 positions in different regions across the entire field of view and depth
range. The focuses of the two modules at these positions were shown in Fig. 4(b). The root mean
square error (RMSE) of position co-registration was 11.53 µm in the x-axis, 13.86 µm in the
y-axis, and 17.85 µm in the z-axis. As the co-registration error in the x-axis and the y-axis was
close to the resolution limit of the translational stage, which is 10 µm, the actual errors may be
smaller. The relatively larger co-registration error in the z-axis may be attributed to the focal
shift of the ETL due to temperature fluctuation. The characterization of co-registration errors
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was performed on a layer of microbeads on a glass slide, which was not similar to the situation in
tissues. This is only to serve as a reference for tissue measurements. The spatial resolution of the
Raman module deteriorates significantly in a highly scattering medium just like other optical
systems. As shown in Figs. 5 and 6, the maximum depth from which decent Raman spectra can
be detected in the skin is around 300 µm. Table 2 summarizes the key parameters of the joint
system.

Table 2. Summary of the system parameters.

RS OCT

Field of view 1 mm 1 mm

Effective imaging deptha 0.87 mm 1 mm

Lateral resolution 3 µm 7.35 µm

Axial resolution 10 µm 2.3 µm

Spectral resolution 7 cm−1 Not applicable

Coregistration RMSE in x, y, and z 11.53 µm, 13.86 µm, 17.85 µm

aEffective imaging depth refers to the imaging depth in an optically transparent sample for the CRS
module and the penetration depth for the OCT.

2.5. Experimental parameters in tissue measurements

The laser power delivered onto samples in all Raman measurements was about 10 mW, which was
far below the maximum permissible exposure (MPE) calculated according to American national
standard for safe use of lasers (ANSI Z136.1). This study was approved by the Institutional
Review Board (IRB) of Nanyang Technological University. The Raman signals from a depth of
200 µm and smaller were collected with an exposure time of 30 s and one time accumulation
while the Raman signals below a depth of 200 µm were collected with 1-minute exposure time
and one time accumulation. The light power on the sample from OCT was around 5 mW. OCT
data was acquired at an A-line rate of 20 kHz. With 1024 A-line per frame, the OCT frame rate
was 20 frames per second. Since OCT measures the optical path-length in vacuum, we have to
reply on the knowledge of the refractive index in order to estimate the physical depth. In this
study, we assume that the refractive index of both swine tissue and human skin is 1.38 according
to the range of refractive index reported previously [1,2]. This approximation may introduce OCT
measurement errors as the refractive index may vary with layer types and physiological states.

3. Results

3.1. Ex vivo skin tissue measurements

The performance of the dual-modal system was evaluated on a swine pork tissue sample taken
from a piece of pork belly meat bought on a supermarket. We intended to include the boundary
between skin layer and fatty tissue as the target measurement location. Since the thickness of
porcine epidermis and dermis (∼1.9 mm) [30] is larger than the penetration depth of 532 nm
laser in tissues (smaller than 1 mm) [31], we cut the pork tissue diagonally across so that the
boundary between the skin layer and fatty tissue was within the penetration depth of 532 nm
laser as shown in Fig. 5(a). The full thickness of the skin could be observed on the right side of
the sample while fatty tissue could be observed on the left side. Figure 5(b) was the OCT image
of the tissue sample. Adipose cells were visible in the fatty tissue and the red line indicated the
region where the Raman spectra were measured. From the OCT image, it was known that the
target boundary was about 100 µm below the surface. We first obtained the reference skin layer
and fatty tissue spectra by shifting the laser focus to the nearby superficial skin and fatty tissue as
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shown in Fig. 5(c). The spectra matched well with those reported in literature [32–34], such as
the peaks of skin layer at 1040 cm−1 (assigned to collagen), 1267 cm−1 (assigned to Amide III),
1455 cm−1 (assigned to CH2), 1658 cm−1 (assigned to Amide I) and the peaks of fatty tissue at
1077 cm−1 (assigned to C-C stretch in lipids), 1302 cm−1 (assigned to CH2 twisting in lipids),
1442.8 cm−1 (assigned to CH2 bending), 1655 cm−1 (assigned to C=C stretch), 1742.8 cm−1

(assigned to C=O ester in lipids). The differences in spectral features between the fatty tissue
and skin layer were obvious. Peaks at 1077 cm−1 and 1302 cm−1 in the fatty tissue were stronger
than those in the skin layer and the peak at 1442.8 cm−1 band was the strongest in the fatty tissue
while comparable to that at 1658 cm−1 in the skin layer. Also shown in Fig. 5(c) is the difference
spectrum obtained by subtracting the skin spectrum from the fat spectrum, it had both a valley
and a peak in the band of 1250-1302 cm−1, a peak at 1445 cm−1, and a peak at 1655 cm−1. Then
we used the OCT image to guide Raman acquisition from the indicated region. The measured
spectra and the difference spectra obtained by subtracting the spectrum at a depth of 0 µm from
the spectra at depths of 60 µm to 300 µm are shown in Fig. 5(d). The features of spectra at a depth
of 60 µm or above were similar to the skin layer reference spectrum in Fig. 5(c). For example,
peaks at 1077 cm−1 and 1302 cm−1 were obscure. Moreover, peak intensities at 1442.8 cm−1

and 1658 cm−1 are comparable. In contrast, the features of spectra measured at depths from 120
µm to 300 µm are similar to the fatty tissue reference spectrum in Fig. 5(c). For example, the
peaks at 1077 cm−1 and 1302 cm−1 gradually become more obvious with an increasing depth
and the peak intensity at 1442.8 cm−1 is significantly higher than that at 1655 cm−1. The features
of the difference spectrum in Fig. 5(c) were also shown in the difference spectra for depths of 120
µm to 300 µm in Fig. 5(d). The qualitative agreement in spectral features between the measured
Raman spectra and measurement depths from OCT images demonstrate the good coregistration
between the CRS and OCT modules in the joint system.

3.2. In vivo human skin measurements

Finally, the performance of the dual-modal system was demonstrated in the in vivo measurements
of the skin and nail in a finger of a volunteer. The OCT image of the skin region is shown in
Fig. 6(a). The boundary between stratum corneum (SC) and epidermis (EP) was around 120 µm
below the surface. Below the EP was the dermo-epidermal junction (DEJ) and dermis (DE). The
Raman spectra are shown in Fig. 6(b). For a depth of 120 µm or above, which corresponds to SC,
the features of Raman spectra looked very similar to each other, which included carotenoid peaks
at 1008 cm−1 (assigned to the rocking motion of the methyl group), 1160 cm−1 and 1520 cm−1

(assigned to C=C bonds) [35], lipid peaks at 1419 cm−1 (assigned to CH3 deformation) [36] and
1445 cm−1 (assigned to CH2, CH3 bending) [37], and protein peaks at 1647 cm−1 (assigned to
C=O stretching Amide I) [36]. For the depths greater than 120 µm, additional peaks at 1302
cm−1 (assigned to C-H modes) [38], 1607 cm−1 (assigned to tyrosine) [39], 1680 cm−1 (assigned
to Amide I) [39] progressively stand out as the depth increases. Moreover, the peak intensity
ratio between 1647 cm−1 and 1445 cm−1 decreased compared to that in SC. The collagen peak at
937 cm−1 (assigned to C-C stretching of protein backbone) [38] at a depth of 300 µm suggested
that it was in DE. The OCT image and Raman spectra of the fingernail are shown in Figs. 6(c)
and 6(d), respectively. No obvious boundary was observed in the OCT image as expected. The
features of the Raman spectra were mainly associated to keratin, such as peaks at 940 cm−1

(assigned to skeletal C-C stretch) [40], 1260 cm−1 (assigned to Amide III) [41], 1318 cm−1 and
1341 cm−1 (assigned to C-H bend) [40], and 1650 cm−1 (assigned to Amide I) [40]. Consistent
with the trend in images, the spectral features of the fingernail changed little with depth.

4. Discussion

The axial tuning strategy using an ETL in the dual-modal system outperforms the conventional
mechanical tuning strategy that involves a translational stage [15–19] in both speed and resolution.
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By varying the current applied to the ETL, the laser focus of the Raman module can be moved to an
arbitrary location within the probing depth in about 5 milliseconds according to the specifications
provided by the manufacturer of the ETL. This strategy can achieve a quite good tuning precision
in the focal depth because the current applied to the ETL can be tuned finely. As a result, the axial
resolution of our system is around 10 µm, which is better than any RS module previously achieved
in similar dual-modal systems [15–25]. As no mechanical movement is required, this axial tuning
strategy also ensures the stability and reproducibility of RS measurements. A laser wavelength
of 532 nm can excite the spontaneous Raman signals of most biomolecules in human skin thus
can be used to study various skin conditions including skin cancer [42]. In particular, carotenoid
peaks obtained in our experiment are much stronger than those excited using near infrared light
due to the fact that the laser wavelength of 532 nm falls in the resonance band of carotenoids
[43]. In case that resonance enhancement dominates the Raman spectrum such that the general
label-free characterization of the skin becomes difficult, one could consider changing the laser
to a different visible wavelength to reduce resonance enhancement and highlight spontaneous
Raman peaks without significantly modifying the entire setup.

To confirm that the cover glass and gel contributes insignificantly to the spectra in Fig. 6(b),
we measured the Raman spectra of human skin, gel and coverslip separately under the same
condition (result not shown). It can be seen that the spectral intensity of the skin is much greater
than that of the gel and cover glass. This contrast would be more dramatic in actual measurements
given that only the skin would be on focus while the gel and cover glass would be out of focus.
Thus the influence of the gel and cover glass can be neglected.

The axial co-registration error of our system could be further reduced by mounting the ETL
with a heat-conducting metal clamp and utilizing its built-in temperature sensor to stabilize the
temperature. Another way that could potentially reduce the co-registration error is to use smaller
beads for calibration, which may be able to minimize the uncertainty in Raman measurements.
Here, beads with a size of 15 µm were used in this study to make a tradeoff between the CRS and
OCT modules.

One considerable issue of the current system is that the weak Raman signal from a deep region
inside a scattering tissue leads to a relatively long acquisition time. It takes 1 minute to acquire a
Raman spectrum from a depth of greater than 200 µm in human skin. While this is inevitable
in a highly scattering medium, the relatively low numerical aperture (NA) of the joint system
further deteriorates this issue. As the objective lens is shared by the CRS and OCT, changing to
an objective lens with a greater effective NA can increase the Raman signal but at the cost of the
reduced effective imaging depth of the OCT module. In this case, the lens after the objective lens
in the OCT module, i.e. L5 in Fig. 1, can be adjusted to alleviate this problem.

As illustrated in Fig. 2, the entire Raman module was installed on a breadboard with an overall
size of 45 cm × 30 cm × 15 cm. The OCT module was fully enclosed in a box of a size of
55 cm x 55 cm x 30 cm. The original sample arm of the OCT module, which was an optical
fiber, was coupled to the shared sampling optical path including the galvo mirrors and objective
lens mounted on the Raman module. This compact and portable system is therefore flexible
enough to adjust the orientation of the system’s probe head, which makes it suitable for taking in
vivo measurements from the skin. Given the capability of addressing an arbitrary voxel for skin
measurements in real time and offering both morphological map and biochemical information at
the same time, the dual-modal system has a great potential for diverse skin applications ranging
from the early detection of skin cancer to biopharmaceutical investigations. For example, the
system can be used to measure drug distribution in different skin parts during trans-follicular
drug delivery. Another related field is cosmeceutical applications in which the distribution and
outcome of cosmetic products when applied topically on the skin can be quantified with such a
dual-modal system.
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5. Conclusion

We developed a joint CRS and OCT system that was capable of rapidly addressing an arbitrary
location for confocal Raman measurements in a large tissue volume guided by OCT imaging.
By using an ETL, the laser focus of the CRS module was able to shift to an arbitrary location
suggested by OCT imaging without any mechanical movement. The coregistration error in target
location between the CRS and OCT modules was 11.53 µm (x) × 13.86 µm × 17.85 µm (z). The
system had a probing volume of 1 mm (x) × 1 mm (y) × 0.87 mm (z) and a spatial resolution set
of 5 µm (x) × 5 µm (y) × 10 µm (z), and a spectral resolution of around 7 cm−1. We demonstrated
the performance of the system in the measurements of an ex vivo pork sample and in vivo human
skin and fingernail. Our system can be useful in the early detection of skin cancer, investigation
of trans-follicular drug delivery, and the evaluation of cosmeceutical products.
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