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Abstract

We demonstrated in vivo cross-sectional imaging of human fingers by non-mechanical scanning optical coherence tomography
(OCT), using a diffracted light as the reference beam and a linear illumination beam at a center wavelength of 1.3 lm for deeper pen-
etration into biological tissues. By applying the three-step phase-shifting method, our system can measure OCT images at 10 frames/s
with a sensitivity of 90 dB for a 2.45 · 4.80 mm (axial · lateral) measurement range using an InGaAs digital camera (320 · 256 pixels).
� 2005 Elsevier B.V. All rights reserved.
1. Introduction

Optical coherence tomography (OCT) is a promising
biomedical application that permits cross-sectional imag-
ing of biological tissues with high spatial resolution
(�10 lm) to depths of a few millimeters [1]. Time domain
(TD) OCT has been used to obtain cross-sectional images
of living biological tissues using a grating-based rapid scan-
ning optical delay line with a repetition rate of up to a few
kilohertz [2]. However, rapid image acquisition is limited
by the necessity for mechanical scanning in two directions
(axial and lateral). Spectral domain (SD) OCT techniques
have been shown to provide 50 times faster OCT imaging
using a one-dimensional line camera and one mechanical
lateral scan [3–5].

Two-dimensional (2D) detection devices such as a CCD
camera have been used to demonstrate full-field OCT
methods that can measure en-face images without bidirec-
tional transverse mechanical scanning [6–14]. Sinusoidal
phase modulations have been applied to full-field OCT
imaging using a photoelastic modulator [6,7] and a PZT
[8]. Since these methods measure four interference images
at 200 frames/s, an OCT image can be obtained at
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50 frames/s. An image acquisition rate of 100 frames/s
has been achieved with a pair of CCD cameras [9]. The sin-
gle-shot imaging technique, which acquires four interfero-
grams simultaneously using only a CCD camera, can
capture rapidly moving samples [10,11]. The temporal res-
olution of this imaging technique depends on the frame
rate of the CCD camera. However, the optical setup
requires the introduction of four phase-stepped images
and is complex. The image size of the resulting tomogram
is one-quarter of the captured image size. The full-field
OCT can provide longitudinal cross-sectional OCT images
from three-dimensional volume data acquired by single
axial scanning. Therefore, a high-speed camera is needed
to image biological tissues in vivo.

Alternative en-face imaging has been demonstrated
using a parallel detection scheme using two-dimensional
smart pixel silicon detector arrays [12–14]. Each pixel in
the detector array has associated electronics to extract the
heterodyne signal generated by the scanning reference mir-
ror. Currently, an array of 58 · 58 pixels has been achieved
and this technique has also been used to demonstrate three-
dimensional OCT imaging at video rate [14].

Two-dimensional detection SD–OCT has been demon-
strated to obtain longitudinal cross-sectional images with-
out axial and lateral scanning [15]. More recently, this
technique has been developed with a line illumination
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Fig. 1. Schematic of grating generated optical coherence tomography.
Dash line is imaging ray.

Y. Watanabe et al. / Optics Communications 261 (2006) 376–380 377
and a two-dimensional CCD camera for three-dimensional
shape measurement [16] and in vivo real-time imaging of
human eye structures [17]. In this case, the number of pixels
in the axial direction is one-half of the captured size. To
obtain OCT images, each A-line has to be mapped and
interpolated from wavelength- to k-space and subsequently
Fourier transformed [18].

In general, the scattering of light inside the biological tis-
sue is the dominant factor limiting the imaging penetration
depth. Since the scattering becomes weaker at longer wave-
lengths, the use of a light source with longer wavelengths
can markedly improve the penetration depth [19,20]. Since
indium gallium arsenide (InGaAs) detectors are highly sen-
sitive at near-infrared wavelengths from 900 to 1700 nm,
well beyond the range of silicon detectors, the OCT system
based on an InGaAs camera is effective for imaging the
deeper regions of biological tissues [21]. However, the
frame rate and the number of pixels of the InGaAs cameras
(typically 30 frames/s for 320 · 256 pixels) are lower than
those of silicon CCD cameras and they are therefore
unsuitable for application in the above-mentioned OCT
techniques.

In this paper, we describe the application of grating-
generated coherence microscopy [22] to an InGaAs digital
camera system for in vivo OCT imaging. By use of this
method, we can measure the axial interference image of a
sample without axial and lateral mechanical scans. In
Ref. [22], imaged glass plates were used to demonstrate
the principle and it has not been previously possible to
demonstrate the experimental sensitivity and imaging of a
biological sample. The OCT images were calculated using
five interference images that were recorded with a random
phase shift. The residual fringes still present in the calcu-
lated images result in a decreased sensitivity. We applied
a three-step phase-shifting method to improve the experi-
mental sensitivity with the minimum number of frames.
In vivo OCT images can be displayed at 10 frames/s with
a sensitivity of 90 dB.

2. Experimental setup

A schematic of our imaging system is shown in Fig. 1.
The collimated output of a superluminescent diode (Qpho-
tonics, L.L.C, SLD QSDM-1300-9, center wavelength: k0 =
1310 nm, �3 dB spectral width: Dk = 30 nm) was divided
at a non-polarizing beam splitter into signal and reference
beams. The diffraction grating was installed in the Littrow
configuration such that the mth order diffracted light prop-
agates backward along the incoming path at the reference
beam. The Littrow angle h is determined by

2 sin h ¼ mk=p; m ¼ 0; 1; 2 . . . ; ð1Þ
where k/p is the wavelength-to-period ratio. We used a
blazed diffraction grating of 12.7 · 12.7 mm size, 1.67 lm
period, h = 23.14� first-order Littrow angle, and 85% dif-
fraction efficiency for 1310 nm. The path difference gener-
ated by the diffraction grating is given by
DL ¼ d tan h; ð2Þ
where d is the beam diameter. A cylindrical lens (f =
100 mm) was inserted in the signal arm to illuminate the
sample with a linear light beam. The sample and diffraction
grating are imaged onto an InGaAs digital camera (Indigo
Systems, Alpha-NIR, 320 · 256 pixels, 12-bit resolution,
30 frames/s) by an achromatic lens (f = 100 mm). The ob-
served interference image I(x, z) is described as:

Iðx; zÞ ¼ I s þ I r þ 2ðI rI i½Rsðx; zÞ � jcðzÞj�Þ1=2 cosð/s � /rÞ;
ð3Þ

where Is, Ir, and Ii are the intensities of the sample beam,
reference beam, and incident beam, respectively; Rs is the
distribution of the sample reflectance; c(z) is the amplitude
of the modulation, which is determined by the degree of
coherence of the light source; /s and /r are the respective
phases of the sample and reference beams; and denotes
the sign of convolution operator lacks. The diffraction grat-
ing was placed on a PZT to shift the phase difference be-
tween the signal and reference beams. We acquired three
interference images at one-third wavelength intervals corre-
sponding to reference phase differences of 0, 2/3p, and 4/3p
and then calculated an image as follows:

S ¼ ð2I2=3p � I0 � I4=3pÞ2 þ 3ðI0 � I4=3pÞ2
h i.

9

¼ 4ðI rI i½Rsðx; zÞ � jcðzÞj�Þ. ð4Þ

This image relates to the distribution of the sample reflec-
tive intensity and corresponds to standard OCT images.
The calculated OCT images can be displayed at 10 frames/s
using homemade software.

3. Theoretical sensitivity

We estimated the theoretical sensitivity of our imaging
system using the noise model in Ref. [7]. Although the
number of acquired frames differed from our acquisition,
both methods were based on the phase-shifting method.



Fig. 2. (a) OCT image of a test target. (b) Microscope image of a test
target with the area of 2.8 mm · 2.1 mm. The arrow shows the measured
position. (c) Line profile from point A to point B.
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Therefore, this model can be applied to our system. Shot
noise that obeys a Poisson distribution is assumed to dom-
inate over any other noise. The variance of the number of
detected photons is equal to the number of detected pho-
tons itself. When n is the number of photoelectrons stored
by each pixel of the camera, the properties of noise m are
described as follows:

hmi ¼ 0 hm2i ¼ n; ð5Þ
where the angle brackets denote a time average. When the
interference fringe is zero, the noise of the calculated image
can be obtained as:

Snoise ¼ an; ð6Þ
where a is a numerical factor. The three-step phase-shifting
method used is a = 4/3. If the camera is operated near its
maximum full-well charge storage capacity nmax, we obtain
the following relationship:

ð1þ CÞðRr þ Rs þ 2RincÞI i ¼ nmax; ð7Þ
where Rr and Rs are the reflectivities of the reference mirror
and sample, respectively; and Rinc is the proportion of inco-
herent light. Here, the fringe contrast C can be expressed
as:

C ¼ 2
ffiffiffiffiffiffiffiffiffi
RrRs

p

Rr þ Rs þ 2Rinc

. ð8Þ

Since noise can be found in the case of zero fringe of inter-
ference, the number of photoelectrons in the captured im-
age is expressed as:

ðRr þ Rs þ 2RincÞI i ¼ n. ð9Þ
Therefore, the signal S and the noise Snoise are rewritten as:

S ¼ ð2
ffiffiffiffiffiffiffiffiffi
RrRs

p
I iÞ2 ¼

C
1þ C

nmax

� �2

; ð10Þ

Snoise ¼
anmax

1þ C
. ð11Þ

The SNR can be obtained as follows:

SNR ¼ S
Snoise

¼ 1

a
C2

1þ C
nmax. ð12Þ

Assuming that a SNR of 2 is the limit of sensitivity, the
minimum detectable reflectivity Rmin is approximated by

Rmin ¼
a
2

ðRr þ 2RincÞ2

Rrnmax

. ð13Þ
4. Experimental results

To estimate spatial resolution, we measured a test target
(USAF1951), as shown in Fig. 2(a), from which we con-
firmed that the lateral measurement range was 4.80 mm.
Fig. 2(b) shows a microscope image of a test target with
an area of 2.8 · 2.1 mm as a reference. The arrow is the
measured line. Fig. 2(c) shows the line profile from point
A to point B in Fig. 2(a). We were able to resolve the group
4-sixth pattern (28.5 lines/mm) of the test target, which cor-
responded to a test bar of about 35 lm. Since the focal
length of the lens used was long, the influence of the defo-
cus was small. The spatial resolution was degraded by mul-
tiple scattering deep in the biological tissues. We measured
the peak displacement by moving the test target axially and
found that the axial measurement range was DL =
2.45 mm, which corresponded to 7.66 lm/pixel (2.45 mm
divided by the 320 pixels of the camera). As expected, a
beam diameter of d = 5.7 mm was derived from Eq. (2),
and the theoretical beam waist of the linear illumination
was estimated at 4kf/(pd) � 29 lm. However, the experi-
mental value was approximately 58 lm as measured by a
beam profiler (Coherent, Beam Master) because of aberra-
tions in the cylindrical lens.

Next, we measured the sensitivity of our OCT system by
inserting a plane mirror with an attenuation of �60 dB in



Fig. 4. In vivo OCT images of a healthy human finger. (a) Nail region; (b)
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the sample arm, as shown in Fig. 3(a). The reference beam
power was adjusted until the pixel values were close to the
saturation level of the camera. The experimental sensitivity
of our system was approximately 90 dB. We also estimated
the theoretical sensitivity of our imaging system using Eq.
(13). Our camera had a full-well capacity of nmax �
18,000,000. The reference reflectivity was decided by a neu-
tral-density filter and the diffraction efficiency in the refer-
ence arm. We measured a reference reflectivity Rr = 0.01
when the measured reflectivity of a plane mirror was
Rr = 1. Since the sample was a plane mirror, incoherent
light was negligible in this measurement. Therefore, these
values gave a predicted sensitivity of 10 log(Rmin) �
�91 dB, which was close to the experimental value. The
axial profile was rescaled to a linear scale, as shown in
Fig. 3(b). The fitted Gaussian curve is also shown in
Fig. 3(b). The axial resolution was 26.2 lm in air, which
was close to the theoretical value of 24.8 lm.

Finally, we obtained OCT images of a healthy human
finger in vivo. Total illumination power used was about
350 lW, which corresponded to an optical power of
1.37 lW per lateral pixel (350 lW divided by the 256 pixels
of the camera). When the samples move during acquisition,
the contrast in the interference fringe is greatly reduced and
the resultant OCT image is degraded. Therefore, the expo-
sure time of the camera was set to 1 ms to avoid blurring
and averaging of the interference fringes. These images
Fig. 3. (a) Sensitivity with an attenuation of �60 dB in the sample arm.
(b) Measured axial profile and Gaussian curve fitting.

fingertip.
have been resized to the measurement range and presented
on a logarithmic scale. Fig. 4(a) shows the OCT image of a
human nail region. The thickness of the nail plate was
about 470 lm, assuming the refractive index of a nail to be
1.5. The nail root was visible beneath the skin. Fig. 4(b)
shows an OCT image of a human fingertip. We can distin-
guish between the epidermis and dermis, and sweat gland
ducts appear as a spiral structure in the horny layer.
5. Discussion and conclusion

We have demonstrated in vivo OCT images using a grat-
ing-generated OCT at a 1.3 lm wavelength without a
mechanical scan. This system can measure OCT images
at 10 frames/s with an imaging area of 2.45 · 4.80 mm
(axial · lateral) using an InGaAs digital camera (320 ·
256 pixels). Since the diffraction grating is only used for
the reflected reference beam, a low diffraction efficiency
type such as a holographic type grating can be used. In
contrast, SD–OCT requires a high efficiency diffraction
grating because both signal and reference beams are dif-
fracted by a diffraction grating. Although the frame rate
of our system was lower than that of InGaAs SD–OCT
[5], the frame rate could be improved to 125 frames/s by
using a faster commercially available InGaAs digital cam-
era (Indigo Systems; maximum rate: 345 frames/s).
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We have considered improving the axial resolution using
a broad spectral light source. In the current system, since
one pixel of axial direction corresponds to about 7.7 lm,
ultrahigh resolution (1–3 lm) OCT cannot be applied
directly. If the measurement size of one pixel corresponds
to 1 lm, the maximum measurement range is 320 lm.
Therefore, an ultrahigh resolution OCT could be accom-
plished by narrowing the axial measurement range. Fur-
thermore, our phase-shifting method is by optical path
change that depends on wavelength. When the additional
phase shift of an interferogram is /0 at center wavelength
k0, the resultant phase shift / at another wavelength k is
given by

/ ¼ /0k=k0. ð14Þ

Since the phase-shift error, which corresponds to the ratio
of / to /0, is about 1% from 1295 to 1325 nm, it would be
negligible in the case of the superluminescent diode we used
(30 nm-spectral width at center wavelength of 1310 nm).
The phase-shift method of ultrahigh resolution OCT is
suitable for the achromatic phase shifter based on geomet-
rical phase [23–25].

The 90 dB sensitivity of our system was higher than that
of the full-field OCT based on a silicon-CCD camera
(82 dB with 1 s acquisition time) [7]. This difference arises
because the InGaAs camera has a greater maximum full-
well charge storage capacity than a silicon-CCD (typical
nmax � 2,000,000). In general, scattering decreases at longer
wavelengths, so OCT image penetration increases. Ander-
son and Parrish [26] estimated the penetration depth of var-
ious wavelengths for which radiation is attenuated to 1/e of
the incident radiation density for fair Caucasian skin
in vitro. According to Ref. [26], comparing 1.3 lm to
800 nm, the penetration is roughly doubled. Therefore,
the InGaAs camera-based OCT can image with more than
twice the penetration into biological tissues compared to a
silicon-CCD-based OCT at around 800 nm. Compared to
Fourier domain OCT, such as InGaAs SD–OCT [5] and
swept source OCT [27], although the sensitivity of our sys-
tem is 15–20 dB lower, it has the advantages of a simple
optical configuration and simple signal processing. There-
fore, it would be suitable for monitoring OCT images of
biological tissues in real time.

In conclusion, we demonstrated a grating-generated
OCT with an InGaAs digital camera at 1.3 lm wavelength
for deeper penetration into biological tissues. Our system
can measure in vivo OCT images (2.45 mm axial · 4.80 mm
lateral) at 10 frames/s with a sensitivity of 90 dB. This
method does not require a mechanical scan and the OCT
image can be obtained by a simple calculation. Therefore,
this method would be effective for simple real-time OCT
imaging.
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