
Optical coherence tomography (OCT) was first

applied in the late 1980s and the 1990s [1] and is now

widely used in medical practice. It is similar to ultrasonic

diagnosis, being based on detection of optical signal

reflected from biological tissue of interest. The probing

depth is of OCT is 1�2 mm, which is less than that of the

ultrasonic scanning [2, 3] and X�ray probing [4]. Because

of strong scattering in biological tissues, OCT is com�

monly used to test the cornea, vitreous body, and retina of

the eye. The resolution of OCT is 10�100 times higher

than that of ultrasonic scanning (0.1�1 mm) [2].

Scanning OCT is based on the principles of low�

coherence interferometry using a Michelson interferom�

eter [1]. The low coherence of femtosecond laser or a

superluminescent LED provides broad spectral band Δλ,

thereby providing high spatial resolution Δz over the scan�

ning depth [1, 5]:

The LED with λ = 800�1700 nm and Δλ = 20�100 nm

localizes radiation at Δz ~ 5,000�15,000 nm [1, 5]. This

coherence corresponds to laser pulse time 15�50 fsec

(10–15 sec). OCT can visualize scattering biological tissues

(derma, epidermis) at probing depth 1�1.2 mm.

The low scattering of eye tissues allows broad use of

ophthalmological OCT devices, and the annual world

market is hundreds of millions of units. Optical coher�

ence tomographs for testing the retina are commonly

called retinotomographs. There are virtually no OCT sys�

tems for testing skin and subcutaneous blood vessels. 

The goal of this work was to develop experimental

methods for visualization of blood vessels using optical

coherence tomography in vivo. The method based on

low�coherence reflectometry and OCT provide probing

depth of 1.5�1.8 mm in biological tissues with reduced

scattering coefficient 0.5�1.5 mm–1.

Spatial Resolution of Coherence Probing

Optical coherence tomographic methods are based

on a single�mode LED�waveguide scanning Michelson

interferometer [1, 5]. The passband Δf can be increased

fourfold if a rapid�scanning optical delay (RSOD) OCT is

used. The carrier frequency f0 is also changed [6]:

where Δx is axis shift of the scanning mirror; λ is LED

radiation wavelength; dα/dt is angular velocity of mirror

scanning.

The RSOD frequency is a few kHz, which provides

OCT imaging rate of 10�100 images/sec. The carrier fre�

quency band decreases resolution and depth of coherent

probing. Filtration does not increase the image contrast at

high scanning rate. Decreasing the carrier frequency to

25 kHz eliminates low�frequency 1/f noise at high fre�
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New methods of optical coherence tomography (OCT) have been developed. OCT is a modern technique for non�

invasive in vivo examination of upper layers of human skin and subcutaneous blood vessels using non�ionizing

radiation. The instruments described in this work use a low�power (0.2�0.4 mW) superluminescent diode.

Several wavelengths can be applied simultaneously. Raster scanning and raster averaging in the interferometer

sample arm increase the signal�to�noise ratio by 4�10 dB.
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quency. The carrier frequency falls into the region of min�

imal white noise.

The RSOD focal spot size decreases the intensity of

the LED radiation source [6, 7]. This decreases the sig�

nal/noise (S/N) ratio by 5�8 dB. Raster scanning and

averaging causes an additional 4�10 dB decrease in the

S/N ratio [7, 8]. This increases the depth of coherent

probing of human skin to 1.5�1.7 mm. Therefore 1�mm

blood vessels can be visualized.

The maximal probing depth is observed at wave�

length ~1300 nm. The dispersion of femtosecond radia�

tion in biological tissues (3 μm) decreases probing depth.

The OCT image of a human finger in vivo obtained at the

wavelength 800�1500 nm is shown in Fig. 1. This OCT

image at wavelength λ = 1500 nm [7] was obtained for the

first time (Fig. 1b).

An LED with λ ≈ 1300 nm was used for visualization

of subcutaneous blood vessels. Infrared radiation with λ ≈
1300 nm is characterized by maximum penetration depth.

Materials and Methods 

The LED (λ = 1298 nm, Δλ = 52 nm) radiation was

applied to beam splitter FS1 (50 × 50 %) and beam split�

ter FS2 (50 × 50 %).

The second beam splitter of the interferometer is

focused using a system of lenses. Reflected radiation is

mixed in diodes D1 and D2. The resulting electric signal

is filtered in a band�pass filter and applied to an analog�

to�digital converter (ADC). The digital signal is

processed in a computer.

The delay line was adapted to the laser pulses. The

RSOD with radiation intensity ~ 10–4 W was described in

[7, 8]. The decrease in LED intensity balances optical

and electrical noise. This balance does not increase the

S/N ratio. New models of the delay line are adapted to

two values of λ (1300 and 1500 nm). The two λ values

monitor Hb oxygenation/deoxygenation. Differential

oxygenation/deoxygenation monitoring is very important

in practical medicine. Tuning of the RSOD increases

image contrast by 10�15%, thereby providing a two�scan

differential test. Other wavelength values can also be used.

A 2�D image (Fig. 2) is obtained using the gal�

vanoscanner (GS). In contrast to the object table scan�

ning, the raster scanning GS allows remote scanning.

This decreases ordinary and speckle noise. The speckle

noise is observed at various angles.

Decreasing the numerical aperture (NA) and in�

creasing the confocal parameter to 1�3 mm increase the

spot diameter to 0.03�0.08 mm [8]:

ω = 1.22λ/2NA.

The decrease in NA avoids parasitic effect of scat�

tered photons and provides detection of positive informa�

tion alone.

The signal interferograms contain 100�200 vertical

lines. Each line is processed using fast Fourier transform.

The fast Fourier transform window transition takes a few

minutes. The transform limited to 20�30% provides the

same image contrast as continuous Fourier transform.

With a Pentium 4 processor at clock frequency 2.4 GHz,

this operation takes 2�5 sec. Special software decreases

this time to 1 sec [10]. Real�time processing provides

visual feedback for testing of living subjects.

Results and Discussion 

Subcutaneous blood vessels (~0.2�1 mm) were visu�

alized at the depth ~1�1.7 mm (Fig. 3).

a b

Fig. 1. Optical correlation tomographic image of a human finger in

vivo (cross�section of skin and papillary lines); OCT was obtained

at λ = 840 nm: a) OCT at λ = 1482 nm; b) image size 2 × 2 mm2.

Fig. 2. Optical diagram of an OCT based on a single�mode LED:

SLD – super luminescence LED; FS1, FS2 – 1 × 2 and 2 × 2

beam splitters with delay line; GS – galvanoscanner; D1, D2 – IR

detectors.
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The human finger blood vessel shown in Fig. 4 is locat�

ed at the depth 1�1.7 mm before (Fig. 4a) and after optical

bleaching (Fig. 4b). The human finger blood vessel in Fig.

4a was obtained at scanning rate 80 Hz and detection time

~2.2 sec (detection of odd or even lines) or ~1.1 sec (detec�

tion of odd and even lines). An increase in the scanning rate

to several kHz provides imaging rate 10�30 frame/min.

The image (Fig. 4b) was subjected to raster averaging

over four lines for a single pixel. The scanning rate was

fourfold decreased, which increased the detection time,

decreased speckle noise [8, 9], and increased S/N ratio.

After demodulation and digital filtration, the increase was

10 dB.

Exercise training of the patient’s hand changed

blood signal amplitude (Fig. 5, bold arrow). The Doppler

frequency signal provides information about blood flow

rate. Color OCT is similar to color ultrasonic scanning

with color encoding.

Processing of vertical lines demonstrated that axial res�

olution (Δz) decreased from 10,000 to 30,000�50,000 nm.

This resulted in detection of back�scattered coherent radi�

ation. This detection mode is intermediate between coher�

ent and diffusion tomography [11]. The coherent probing

depth is 1.7�1.8 mm.

A 5�7�min optical bleaching increases image con�

trast. After that, the image contrast decreases. The coher�

ent probing depth increases. Subcutaneous signals are

detected from the depth ~1.6�1.8 mm, but spatial resolu�

tion is decreased 4�6�fold. The lens aperture in conven�

tional OCT provides resolution Lax ≈ 3,000�10,000 nm.

This is valid at depth ~0.6�0.9 mm, which is 2�3�fold

greater than for confocal microscopy. For ~1�4�sec imag�

ing, the image quality deteriorates due to tremor. At the

depth 0.5�0.6 mm, tremor is not observed and the image

amplitude variation is 10,000�20,000 nm. This variation

is due to the dependence of resolution on depth.

Deeper subcutaneous layers can be visualized using a

quasi�diffusion coherent detection mode. A 3�5�fold

decrease in the resolution provides a transition to an

intermediate detection mode (between coherent and dif�

fusion tomography). This is the mode of weakly scattered

photons coherent with the reference arm of the interfer�

ometer.

Conclusion

A scanning optical delay line (ODL) based on a dif�

fraction grating was used in this work. The size of the ODL

was decreased to 10 × 3 × 5 cm3. This ODL can be used in

combination with a 0.4�mW LED. The optical circulator

eliminates the effect of back�scattered radiation on the

2 × 2.5 mm               2 × 2.5 mm

Fig. 3. Optical coherence tomographic image of human finger

skin and blood vessels near the tee�joint in vivo. LED wavelength

λ = 1298 nm. Image size 2 × 2.5 mm2.

a b

Fig. 4. Optical coherence tomographic image of human finger

skin and blood vessels before (a) and after optical bleaching (b).

Blood vessel diameter was ~1 mm. Image size 2 × 2 mm2.

Fig. 5. Optical coherence tomographic image of human finger

skin and blood vessel. Thin arrows indicate upper and lower blood

vessel walls. The fascia is indicated by the vertical arrow. Blood

signal is indicated by the bold arrow. Image size 2 × 2 mm2.
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LED and provides a two�fold decrease in the radiation

source power. Raster averaging over a single pixel increas�

es S/N ratio by 4�10 dB. This S/N ratio provides for

detection in transition from back�scattering to multiple

scattering modes. The radiation source coherence can be

adapted to spatial resolution in deep skin layers.
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