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Abstract: A custom made dermatological Jones matrix optical coherence tomography (JM-
OCT) is presented. It uses a passive-polarization-delay component based swept-source JM-OCT
configuration, but is specially designed for in vivo human skin measurement. The center
wavelength of its probe beam is 1310 nm and the A-line rate is 49.6 kHz. The JM-OCT is
capable of simultaneously providing birefringence (local retardation) tomography, degree-of-
polarization-uniformity tomography, complex-correlation-based optical coherence angiography,
and conventional scattering OCT. To evaluate the performance of this JM-OCT, we measured in
vivo human skin at several locations. Using the four kinds of OCT contrasts, the morphological
characteristics and optical properties of different skin types were visualized.
© 2017 Optical Society of America

OCIS codes: (170.4500) Optical coherence tomography; (110.4500) Optical coherence tomography; (110.5405)
Polarimetric imaging; (170.1870) Dermatology.
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1. Introduction

Optical coherence tomography (OCT) is a noninvasive, high resolution, and fast imaging
modality that is capable of visualizing the internal micro-structures of in vivo tissue [1].
Because of these particular advantages, OCT has been applied in several medical fields such as
ophthalmology [2,3], cardiology [4], gastroenterology [5], dentistry [6], and dermatology [7–10].
Among them, dermatology is a suitable field for OCT because skin is easily accessible and
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consists of several sub-millimeter internal structures.
Skin consists of a significant amount of collagen, which is a birefringent material. In

addition, some skin diseases, such as scleroderma, are believed to be associated with collagen
abnormality [11, 12]. Hence, birefringence measurement would be useful for pathological
investigation. Futhermore, some research has found that skin blood flow relates to diabetes and
peripheral vascular disease [13, 14]. This suggests that non-invasive angiography would be able
to provide useful information for diagnosing diabetes and vascular disease.
There are some functional extensions of OCT that have been applied to dermatological

investigations [15–20]. Among them, polarization sensitive OCT (PS-OCT) [16,17,19], OCT
angiography (OCT-A) [15], and its combination [21] are the most promising options. Currently,
most dermatological PS-OCT measures phase retardation to detect the polarization property
of the skin. However, it was recently argued that the phase retardation measurement is not
accurate for biological tissues with non-uniform optic axis orientation along its depth, which
includes skin [22]. Therefore, a depth-localized birefringence measurement is required for
more accurate dermatological investigation. The limitation of cumulative phase retardation
imaging can be overcome by the birefringence measurement based on localized Jones matrix
measurement [23–25]. Although the local Jones matrix measurement suffers from a low signal-
to-noise ratio and inaccurate phase-retardation and birefringence, these problems were recently
resolved by birefringence and phase retardation estimation techniques that include the coherent
averaging of the Jones matrix and/or Jones vector [26–28], eigen-value-based averaging [29],
Jones matrix estimation based on the Cloude-Pottier decomposition [30], Muller analysis [31,32],
a specially designed phase-retardation estimation function [33], and maximum a posteriori
birefringence estimators [25, 34, 35]. These advances enabled the birefringence imaging of in
vivo skin. The uniformity of polarization property of tissue is also useful for dermatological
investigation [36]. It was recently applied to investigate hypertrophic scars [37]. OCT-A has also
been applied to dermatological investigations. This method enables the non-invasive visualization
of the internal vascular structure in vivo [38, 39]
In this paper, we demonstrate our new multifunctional (multi-contrast) Jones matrix optical

coherence tomography (JM-OCT) for dermatological imaging. It enables the simultaneous
investigation of the polarization and flow properties of skin. The JM-OCT simultaneously
provides depth-resolved birefringence (local phase retardation) tomography [25], degree-of-
polarization-uniformity (DOPU) [40, 41], complex-correlation based OCT-A [42], and the
scattering intensity OCT. The system is based on a design that is similar to our previous
passive-polarization-delay based posterior-eye JM-OCT [22, 27], but is specially redesigned
for dermatological investigation. The performance of the system is demonstrated by measuring
different skin tissues in vivo.

2. Method

2.1. Jones matrix OCT system

The dermatological JM-OCT system was built from the passive-polarization-delay-based PS-
OCT [22, 27, 28, 43, 44]. The schematic of our JM-OCT is shown in Fig. 1(a). The light source is
a MEMS-based wavelength sweeping laser source (AXA10823-8, Axsun Technologies, MA)
with a center wavelength of 1310 nm, an average output power of 22.6 mW, and a scanning
rate of 49,600 Hz. The light is first divided by a 90:10 broadband coupler (FC1310-70-10-APC,
Thorlabs Inc., NJ) such that 90% goes to the sample arm, and the other 10% goes to the reference
arm.
In the sample arm, the beam goes to a passive polarization delay (PPD) module. The PPD

module used in this system has a configuration that is similar to the one in [22,27], but all the
optical components are miniaturized and encased in a small box (91 mm × 50 mm foot print and
30 mm height). This compact PPD module (DE-G043-13, Optohub Co. Ltd., Saitama, Japan)
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Fig. 1. (a) Configuration of the Jones matrix OCT system. APD: amplified photodetector; C:
coupler; PC1, PC2 and PC3: polarization controllers; LP: linear polarizer; PBS: polarizing
beam splitter; RAP: right angle prism; S: sample; NPBS: non-polarization beam splitter;
BPD: balanced photodetetor; LPF: low pass filter, and HPF: high pass filter. (b) Pictures of
scanning probe for skin.
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was collaboratively developed with Optohub Co. Ltd. and is commercially available. In the PPD
module, the beam is split into two orthogonal independent polarizations states by a broadband
polarizing beam-splitter cube (PBS). A linear polarizer is placed just before the PBS to control
the splitting ratio. The split beams are recombined by another PBS and sent to the fiber output of
the PPD module. Different delays are applied to the two polarizations before recombination. This
mutual delay results in the depth-multiplexing of the two incident polarizations in the resulting
OCT image [22,27]. The output power of the PPD is maximized by a fiber polarization controller
just before the PPD module (PC1), i.e., just before the polarizer. The output from the PPD module
goes to a bulk probe arm through a broadband circulator (CIR-1310-50-APC, Thorlabs). The
back scattered light from the sample passes a polarization controller (PC2) and the circulator,
and is sent to a polarization-diversity-detection module (PD-detector, DE-G036-13, Optohub).

In the probe unit, the beam is first collimated by a fiber-tip collimator (beam diameter = 3.49
mm, type number PAF-X-18-C, Thorlabs), passes a two dimensional galvanometric scanner
(model 6220, Cambridge Technology Inc., MA), and focused by an objective (effective focal
length = 36 mm, working distance = 25.1 mm, type number LSM03, Thorlabs). The 1/e2 beam
diameter at the beam waist is 18 µm and the depth of focus is 389 µm. To reduce the skin surface
reflection causing signal saturation, a tilted glass slip was attached in front of the probe unit
as shown in Fig. 1(b). The space between the glass slip and the sample (skin) is filled by the
ultrasound gel for refractive index matching. The incident power to the sample is around 10.2
mW. The probe unit is identical to that used in Ref. [45].
In addition, 10% of the power from the light source is sent to the reference arm of the

interferometer. In the reference arm, the light is first sent to a fiber Bragg grating (FBG, FBG-
SMF-1266-80-0.2-A-(2)60F/E, L = 1M, reflectivity > 80%, Tatsuta Electric Wire & Cable Co.,
Ltd, Osaka, Japan). The light is reflected sharply at 1266-nm, and the reflected light is detected
by a amplified photo-detector (PDA10CF, Thorlabs). The amplified photo-detector output is sent
to a digitizer (ATS9350, Alazar Technologies Inc., Quebec, Canada) and used as a trigger for
each A-line acquisition. The light passing the FBG goes to the reference arm, and is sent to the
PD-detector through a variable optical delay line (Advanced Fiber Resource Ltd., Hong Kong,
China.).
In the PD-detector, the reference and probe beams are combined by a non-polarization beam

splitter (NPBS) and generate an interference signal. The interference signal is split into two
polarization components by two PBSs, and these polarization components are independently
detected by two balanced photo-detectors. In the reference path of the PD-detector, a polarizer is
located just before the NPBS, which balances the reference powers between the two detection
polarization channels. The total reference power is optimized by a polarization controller just
before the PD-detector (PC3). In contrast to our previous JM-OCTs [22, 27, 44], the PD-detector
in the present system is an encased detection module with a compact size of 156 mm (width) ×
105 mm (depth) × 34 mm (height), which includes not only miniaturized bulk optics but also
two balanced photo-detectors. Because of the encased PD-detector and PPD module, the system
is built using only non-bulk components except for the probe head.
The detected interference signals are sent to the digitizer after passing through a high-pass

filter (1 MHz cutoff frequency, Chebyshev type, HP1CH3, R&K Co., Ltd., Shizuoka,Japan) and a
low-pass filter (62 MHz cutoff frequency, Chebyshev Type, LP62CH3, R&K Co., Ltd., Shizuoka,
Japan) of each channel of the two output . Each spectral interference signal is sampled at 1,152
points and the optical bandwidth to be sampled is 106 nm. The sampling is performed with a
built-in k-clock generated by the light source.

The OCT signals are generated from the Fourier transform of the intereference signals. Fixed
pattern noise was removed by complex median subtraction method [46]. Because two incident
polarizations are multiplexed by the PPD and two detection polarizations are independently
detected by the PD-detector, this process provides a set of four complex OCT images. This set of
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OCT images forms a Jones matrix tomography, which is mathematically similar to the round trip
Jones matrix of the sample. The Jones matrix tomography formation is identical to the process
described in our previous publications [22, 27], but with the following exceptions. In the present
system, we apply intensity correlation based sub-pixel depth-shift correction among four images,
which was not used in the previous JM-OCT. For this sub-pixel shift, each intensity image of
four polarization channels are enlarged along the depth with fast Fourier transform (FFT) based
interpolation algorithm with 7-times of zero-padding. 1-D image correlations along the depth are
computed among the four images. This correlation provides depth-shifts of each A-line. The shift
between images is then defined as the median of the set of depth-shifts. In contrast, the numerical
phase stabilization that is used in the previous system is not applied here because the phase has
been stabilized by the k-clock.

The sensitivities of the four polarization channels were measured to be 105, 105, 104, and 104
dB. The depth imaging range is around 2.5 mm in air, which corresponds to 1.8 mm in tissue
assuming a refractive index of 1.38. The axial resolution was measured to be 19.4 µm in air (14.1
µm in tissue), and the depth pixel separation was 8.7 µm in air (6.3 µm in tissue).

2.2. In vivo measurement protocol

To assess the utility of the JM-OCT for dermatological investigation, five healthy volunteers (4
males and 1 female) were measured. All the subjects are East Asian, and their ages ranged from
30 to 40 years old. For each subject, skin at three locations including finger pad, inner-forearm
and outer-forearm were measured. Since the JM-OCT findings are consistent among the subjects,
a representative case is discussed for each locations in Section 3.
The scan is a raster scan with 512 A-lines × 128 B-scans × 4 repeats of the B-scan. The

imaging range is 6.0 × 6.0 mm in lateral and 1.8 mm in depth. For this configuration, the voxel
size is 11.7 µm × 46.9 µm (lateral) × 6.3 µm (depth, in tissue). The acquisition time for a volume
is 6.7 s.
All protocols were approved by the Institutional Review Board of the University of Tsukuba.

Written informed consent was obtained prior to measurement.

2.3. Multi-contrast image formation

2.3.1. Scattering OCT, birefringence, DOPU tomographies, and OCT-A

Four contrasts, the scattering OCT, birefringence, DOPU, and OCT-A, were computed from the
Jones matrix tomographies as follows.
A sensitivity-enhanced scattering OCT was obtained by a coherent composition of the four

repeated Jones matrix tomographies as described in Section 3.8 of [27].
The depth-resolved birefringence (local retardation) tomography was obtained by local Jones

matrix analysis [24] combined with a maximum a posteriori birefringence estimator [25].
For easy observation, a pseudo-color birefringence tomography is created by combining the
scattering intensity, birefringence, and reliability of the birefringence estimation. In this image,
the birefringence is expressed by color hue if it is reliable, otherwise the pixel is a shade of gray.
The birefringence computation protocol is detailed in Section 4 of [22], and the pseudo-color
image formation is described in Section 3.4 of [25].

The DOPU image was obtained using the DOPU computation algorithm with Makita’s noise
correction [41].
To compute OCT-A signal, we first corrected detection jitter of spectral signal as described

in the next section (Section 2.3.2). The jitter-corrected signal was then processed by a complex
correlation based OCT-A method, which is detailed in Section 4.2 of [42].
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Fig. 2. Schematic diagram of the phase shift caused by the random shift of the spectral
sampling signal. N is sampling number and ζ is indexed depth position. The 0-th sampling
point corresponds to the zero depth of the non-delayed polarization channel, while N/4-th
sampling point corresponds to that of delayed polarization channel. The upper and lower
red lines indicate a phase error caused by jitter of +1 and -1 clock shifts, respectively. For
the +1 clock shift, the delayed signal is phase shifted by +π/2 in respect to the non-delayed
channel. For the -1 clock shift, the corresponding phase shift is −π/2.

2.3.2. Spectral jitter correction for OCT angiography

OCT-A images were obtained using a complex correlation-based OCT-A method, in which the
noise-corrected complex correlation among the four repeated frames is computed. The details
of this method are described elsewhere [42], but we additionally applied a jitter correction as
follows.

The jitter is a random ±1-sampling-point spectral shift generated by a small mutual fluctuation
between the k-clock and the A-trigger. It results in strong artifacts in OCT-A because the
jitter generates a large difference between the two temporal phase changes of the two incident
polarization images as schematically depicted in Fig. 2. Here, the two incident polarizations are
denoted as non-delayed and delayed channels.
As the first step of the numerical jitter correction, we computed

ρd,nd
h,v
(t, ζ ; τ) ≡ Γd,nd

h,v
(t + τ, ζ)Γ∗d,nd

h,v
(t, ζ), (1)

where ζ is the depth-pixel index, t is time, and τ is a time-lag between repeated scans. Further,
Γ
d,nd
h,v
(t, ζ) is a complex OCT A-line at time t and at indexed depth ζ . Subscripts h and v represent

the two polarization detection channels (horizontal and vertical) and superscripts d and nd
represent the two incident polarizations (delay and non-delay). Superscript ∗ denotes the complex
conjugate.

For each A-scan, we find five depth-points (ζ1, · · · , ζ5) with the highest time correlation using
the method described in Section 3.1.1 of Ref. [42]. The temporal phase difference between

                                                                                Vol. 8, No. 3 | 1 Mar 2017 | BIOMEDICAL OPTICS EXPRESS 1297 



Γ
d,nd
h,v
(t + τ, ζ) and Γd,nd

h,v
(t, ζ) is then defined from the summation of ρd,nd

h,v
over the five points

and the horizontal and vertical channels as

∆φd,nd(t; τ) ≡ Arg


5∑
i=1

∑
j=h,v

ρd,ndj (t, ζi; τ)
 . (2)

Here, note that the spectral sampling jitter among A-lines is the −1, 0 or +1 sampling point.
In addition, the delay between non-delay and delay channels was configured to be quarter of
the sampling points (N). Hence, the phase difference between the delay and non-delay signals,
∆ϕ(t; τ) ≡ ∆φd(t; τ) − ∆φnd(t; τ), takes only three possible values as −π/2 for the −1-sampling-
point shift, 0 for the 0-sampling-point shift, and π/2 for +1-sampling-point shift. Hence, the
amount of jitter m (in sampling points) is estimated as

m(t; τ) ≡

−1 if ∆ϕ(t; τ) ' −π/2
0 if ∆ϕ(t; τ) ' 0
+1 if ∆ϕ(t; τ) ' +π/2

. (3)

Finally, the jitter corrected complex OCT signals are defined as

Γ̂
nd
h,v(t + τ, ζ) ≡ Γ

nd
h,v(t + τ, ζ) exp

{
−i

2π
N

mζ
}

(4)

Γ̂
d
h,v(t + τ, ζ) ≡ Γ

d
h,v(t + τ, ζ) exp

{
−i

2π
N

mζ − i
π

2
m
}
, (5)

where the first terms in the exponential in Eqs. (4) and (5) are for phase slope correction, and
the second term in Eq. (5) is to correct a phase offset caused by the jitter. The OCT-A was
finally computed by means of a complex correlation based OCT-A method [42] from these
jitter-corrected OCT signals.
Figure 3 demonstrates the performance of the jitter correction. Without jitter correction,

vertical low correlation (white) line artifacts are evident in the cross-sectional image [Fig. 3(a)]
and several low correlation (white) salt-and-pepper artifacts appeared in the en face image [Fig.
3(b)]. These artifacts were removed by the jitter correction as shown in Figs. 3(c) and 3(d). The
residual horizontal white artifacts in Fig. 3(d) are due to sample motion.

3. Results

3.1. Multi-contrast imaging of the outer-forearm

Examples of multi-contrast imaging of the skin of the outer-forearm are shown in Fig. 4. The
cross-sectional images and en face images of each contrast were extracted from volumetric
OCT data. The straight sloped lines above the surface of the skin that can be observed in the
cross-sectional images [Figs 4(a)-(d)] are from the glass slip. The space between the glass
slip and the skin surface was filled with ultrasound gel for refractive index matching. Small
hyper-scattering spots in the gel [Fig. 4(a)] are the cross-sections of hairs.
Figure 4(a) is a cross-sectional scattering OCT. The epidermis appears as a relatively low

scattering region just beneath the skin surface. The higher scattering region beneath the epidermis
is dermis. Figure 4(b) is a complex-correlation OCT-A. The white (low time correlation) spots
with tailed artifacts are blood vessels in the dermis. Figure 4(c) is the cross-sectional DOPU
image. The epidermis and superficial part of the dermis (papillary dermis) appeared with high
uniformity (red), while the uniformity decreases (yellow to green) in the deeper dermis. Figure
4(d) shows the birefringence property of the skin. The epidermis regions have low birefringence
(blue), while the dermis regions have relatively high birefringence (green). It should be noted that
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Fig. 3. Examples of OCT-A images of nail bed skin without (left) and with (right) motion
correction. (a) and (b) are cross-sections, (c) and (d) are en face images.

regions with very low OCT signal, such as air and deep tissue regions, show not very low but only
moderately low DOPU values. It is because the DOPU we used is not the original DOPU [40]
but M-DOPU, which is DOPU with signal-to-noise ratio correction [41].

The en face slices [Figs. 4(e)-(h)] were extracted at the dermal level; 0.58-mm (in tissue) below
the skin surface. The depth position of the slices is indicated by dashed lines in Figs. 4(a)-(d).
Note that the texture pattern that appears in the scattering OCT [Fig. 4(e)] is not correlated with
that in the DOPU [Fig. 4(g)]. Future histological correlative study is necessary for understanding
these structures. The en face OCT-A [Fig. 4(f)] shows large plexus dermal vessels.

3.2. Multi-contrast imaging of finger pad

Figure 5 shows multi-contrast tomographies of the finger pad. In the backscattering OCT intensity
image [Fig. 5(a)], the stratum corneum appears as the top most thick moderately scattering layer.
The helical structures in the stratum corneum are sweat glands. In Fig. 5(c), the sweat glands
appear with high polarization uniformity (red). The superficial part of the stratum corneum shows
high polarization uniformity (red), while the lower part exhibits low polarization uniformity
(yellow to green). In Fig. 5(b), the superficial stratum corneum exhibits low birefringence (blue
to light blue). Since the superficial stratum corneum with distinctive DOPU and birefringence
appearance is significantly thicker than the optical resolution and DOPU kernel, this superficial
layer would not be an artifact. It would highlight inhomogeneity of stratum corneum as it can
be seen in histology (i.e., Chapter 9 of [47]). The tissue beneath the stratum corneum is deeper
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Fig. 4. Multi-contrast images of outer-forearm skin. Cross-sections of (a) scattering OCT, (b)
OCT-A, (c) DOPU, and (d) birefringence. En face slices of (e) scattering OCT, (f) OCT-A,
(g) DOPU, and (h) birefringence. The depth position of the en face slices are indicated by
dashed lines in (a)-(d).
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Fig. 5. Multi-contrast images of finger pad. Cross-sectional (a) intensity, (b) birefringence
tomography, (c) DOPU tomography, and (d) OCT-A. (e)-(g) are en face slices at the depth
indicated by yellow arrowheads in the cross-sectional images. (h)-(j) are en face slices at
the depth of blue arrowheads. (e) and (h): scattering intensity, (f) ang (i): birefringence, (g)
and (j): DOPU. (k)-(m) are slab projections of OCT-A. The depth positions of the slabs are
indicated in (b) and (d).
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part of epidermis and then dermis, although these layers are not clearly distinguishable in a
conventional OCT contrast image [Fig. 5(a)]. This region has weak to moderate birefringence
(light blue to green) [Fig. 5(b)] and low polarization uniformity [Fig. 5(c)]. In the OCT-A cross
section [Fig. 5(d)], some white spots appeare in the dermal region. Because the spots appeared
with tailed artifacts, they are blood vessels. There is a diffuse white appearance in the deep
(reticular) dermal region. It would indicate flows in capillaries.

The high birefringence appearance at the glass surface [Fig. 5(b)] would be an artifact caused
by the birefringence computation method. In our method, the birefringence is computed by using
two pixels separated for 6 pixels in depth. On the other hand, the glass surface signal has a
depth width of around 2.2 pixels, which is defined by the depth resolution. Since, the signal
width is significantly narrower than the pixel separation for the birefringence computation, the
birefringence obtained at the glass surface cannot be accurate.
Bonesi et al. also investigated DOPU distribution of human fingertip (Fig. 6 of [36]. Since

Bonesi et al. uses conventional DOPU [40] and we have used DOPU with Makita’s noise
correction [41], the absolute DOPU values are different. However, the overall tendency of DOPU
values are consistent. For example, the superficial part of stratum corneum has very high DOPU
and the middle layer of stratum corneum has low DOPU. In both images, the lower epidermal
and dermal regions show vertical stripe patterns of DOPU as the ridge regions show higher
DOPU than groove regions. Pircher et al. investigated the phase retardation and optic axis
orientation appearances of finger pad [48]. Although this study did not use DOPU, the overall
polarization-uniformity property of the finger pad are consistent with the present study. Namely,
the phase retardation and the axis orientation at the middle part of stratum corneum showed
random pattern as in Figs. 2 and 4 of [48], while our result showed low DOPU at this region.
Pircher et al. also performed quantitative analysis of cumulative phase retardation at the stratum
corneum. It was recently found that the cumulative phase retardation is not consistent with local
phase retardation (birefringence) if the axis orientation is not constant (see Section 6.1 of [22]).
Hence, it is hard to compare their phase retardation values and our birefringence values. In order to
link the findings obtained by phase-retardation-based and birefringence-based PS-OCTs, it would
be important to investigate the relationship among cumulative phase retardation, birefringence,
and histology.
The en face images in Figs. 5(e)-(g) are at the 0.20 mm below the surface (stratum corneum,

indicated by a pair of yellow arrowheads in the cross-sectional images) and Figs. 5(h)–(j) are
0.57 mm below the surface (around the superficial dermis, blue arrow heads). In the scattering
OCT at the stratum corneum [Fig. 5(e)], the finger print appears with relatively bright bands
(ridges) and dark bands (grooves). The bright spots aligned along the ridges are sweat ducts.
In the DOPU image [Fig. 5(g)], the ridges appear with moderate uniformity (yellow) and the
grooves appear with low uniformity (green). The sweat ducts appear as high-uniformity (red)
spots in the ridges. In the scattering image of the deeper region [Fig. 5(h)], the bright bands
(ridges) in the superficial layer appears as dark bands and the bright bands (grooves) appear as
dark. This structure is known as the internal fingerprint [10]. The internal fingerprint is visible
also in the DOPU image [Fig. 5(j)]. Unlike the superficial layer [Fig. 5(g)], the ridges appeard
with high uniformity (red) and the grooves appear with low uniformity (yellow to green).

Figures 5(k)-(m) show the slab-average projection of OCT-A at the depths of 31 to 314 µm
(stratum corneum, slab-1), 314 to 565 µm (deep epidermis to papillary dermis, slab-2), and 565
to 816 µm (deep dermis, slab-3), respectively. The depth locations of the slabs are indicated in
Figs. 5(b) and 5(d). In the slab-2 [Fig. 5(l)], the vasculature forms the fingerprint pattern. This
vasculature would be papillary capillaries, which are known to be aligned along the finger print
ridges [49, 50]. Because slab-1 includes the deep epidermis and papillary dermis to some extent,
some papillary capillaries are visible as shown in Fig. 5(k). The deepest slab (slab-3) [Fig. 5(m)]
shows not only the fingerprint pattern but also the dermal vessel network.

                                                                                Vol. 8, No. 3 | 1 Mar 2017 | BIOMEDICAL OPTICS EXPRESS 1302 



-5dB 55dB

(a) (b)

(d)(c)

0 1

0 1 0 0.006

1 mm

Fig. 6. Cross-sectional multi-contrast images of inner-forearm skin. (a) Scattering OCT, (b)
OCT-A, (c) DOPU, and (d) birefringence tomography.

3.3. Multi-contrast imaging of the inner-forearm

The inner-forearm was measured as an example of thin skin. Figure 6 shows multi-contrast
cross-sections of the forearm. In the scattering image [Fig. 6], the stratum corneum is appeared
as the topmost thin hyper-scattering layer, which is significantly thinner than that of finger pad.
The epidermis appears as relatively low scattering layer beneath the stratum corneum. It appears
with high polarization uniformity (red) as shown in Fig. 6(c), while the dermis shows both low
and high uniformity regions. The birefringence image [Fig. 6(d)] visualizes low birefringence
(blue) in the epidermis, and moderately high birefringence (green) in the dermis. OCT-A [Fig.
6(c)] shows blood flow in the dermis. It should be noted that the very small high birefringence
spots in Fig. 6(d) would be artifacts caused by birefringence measurement and/or estimation
algorithm. One possible cause is that the current birefringence estimator [25] does not take the
speckle effect into account. Although it was not evident as in Fig. 6(c), the same artifacts can
also be seen in the birefringence images in Figs. 4 and 5.

We split the JM-OCT volume into three slabs based on its birefringence appearance as shown
in Fig. 7, and OCT-A average projections were created for each slab [Figs. 7(b)–(d)]. The slabs
show the low birefringence region (superficial slab), a mixture of low and high birefringence
region (intermediate slab), and high birefringence region (deepest slab). The depths of each
slab were 31 to 75 µm (superficial), 75 to 282 µm (intermediate), and 282 to 659 µm (deepest),
respectively from the skin surface. The first superficial slab (low birefringence) had a thickness of
around 75 µm, which is close to the epidermal thickness of the inner-forearm [51]. In the en face
OCT-A of the first slab [Figs. 7(b)], vertical capillaries appear as white spots. The intermediate
slab mainly consists of papillary dermis and its OCT-A shows fine vascular plexus [Figs. 7(c)].
The deepest slab also shows vascular plexus [Figs. 7(d)], but the vessels are thicker and the plexus
is more macroscopic. See Visualization 1 of Fig. 7 for cut-away volumetric visualization.
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Fig. 7. (b)-(d) Slab projections of OCT-A of the inner-forearm skin tissue. The depth
positions of the slabs are indicated in a cross-sectional birefringence tomography (a). See
Visualization 1 for cut-away volumetric visualization.

4. Discussion and conclusion

Almost all previous PS-OCT studies used phase retardation imaging to investigate collagen-related
skin alteration and optical properties, such as age-related alteration and photo-aging [19], and
some mechanical skin properties [52]. Because birefringence imaging enables a more accurate
and quantitative evaluation of tissue property than the phase retardation images [22], it will
enable further investigation of skin properties, alteration, and pathologies.
There are still some limitations in the current JM-OCT. First, the imaging range is not

always large enough. The depth measurement range of the current system is 2.5 mm in air (1.8
mm in tissue). This is sufficient for most tissue types, but it is not enough for tissue with a
markedly uneven surface. In the current measurement protocol, we use a glass slip primarily to
avoid skin surface reflection, but it also flattened the skin. Although this moderates the above
limitation, it could potentially occlude the blood circulation, and hence, disturbs the OCT-A
measurement. Hence, a JM-OCT with longer depth range is preferable. The measurement range
is primarily limited by the k-clock frequency, and also by the coherence length of the wavelength
sweeping light source. The former limitation can be resolved by using a high-frequency k-clock
generator [28], and the latter can be resolved by using light sources with a more longer coherence
length, such as akinetic light source [53] or VCSEL light source [54].
Another limitation is the relatively low lateral resolution in the out-of-focus region. This

limitation will become more severe if we extend the depth measurement range as discussed above.
Some possible solutions are numerical refocusing [55–58] or an extended focus technique [59–61].
The interpretation of birefringence values at low DOPU regions is an open issue. In this

particular study, the birefringence is estimated by using a spatial kernel. So, the polarization
property of the tissue is not uniform within the kernel and the estimated birefringence cannot
be accurate. In other words, the estimated birefringence is not reliable if DOPU is low. This
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limitation should be considered for the interpretation of JM-OCT images.
In summary, we demonstrated dermatological multi-contrast OCT imaging using JM-OCT.

Utilizing scattering, polarization, and flow contrasts, internal skin structures that were not visible
by standard OCT could be visualized. Although there are still some limitations in this method, it
also has several advantages including its non-invasiveness and three-dimensional measurement
capability. It is expected that future studies will provide more evidences of its clinical utility.
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