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Abstract.  The application of small-angle raster scanning and aver-
aging in the sample arm of the Michelson interferometer in optical 
coherence tomography (OCT) is described. Raster averaging is 
used to increase the signal-to-noise ratio and to reduce the speckle 
noise of the 2D OCT image in diagnostics of surface layers of 
human skin and subcutaneous blood vessels in  vivo. The method 
allows using low-coherence source of low-power radiation and 
increasing the depth of human skin coherent probing up to 
1.5 – 1.8 mm. The reduction of speckle noise in the obtained OCT 
image for the first time allowed visualisation of subcutaneous blood 
vessels at the entire depth of their localisation. 

Keywords: optical coherence tomography, coherence probing depth, 
optical properties of skin, blood vessels. 

1. Introduction

Optical spectroscopy and tomography are based on measur-
ing absorption, scattering and reflection of near-IR radiation 
having the wavelength l = 700 – 1500 nm. The wavelengths in 
the range 800 – 1300 nm are used most often. The optical diag-
nostic using low (smaller than one milliwatt) radiation inten-
sities is considered to be a harmless noninvasive technique of 
biomedical investigation, in contrast to X-ray imaging meth-
ods [1].

Optical  coherence  tomography  (OCT)  appeared  in  late 
eighties  –  early  nineties  of  the  twentieth  century  [2].  In  the 
beginning  of  the  twenty-first  century  it  holds  an  important 
position among the biomedical diagnostic methods [3]. OCT 
makes use of the optical signal, reflected from surfaces with 
different optical densities, and it is to a large extent analogous 
to the ultrasonic (US) diagnostics. 

For  surface  layers of human  skin,  in which  the  reduced 
coefficient of optical radiation scattering is μs’ ~ 1 mm–1, the 
probing  depth  of  standard  OCT  systems  is  1.0 – 1.2  mm, 
which  is  essentially  smaller  than  in US  investigations  [4,  5] 
and in X-ray instruments [6]. Because of strong scattering of 
optical  radiation  in  biotissue,  OCT  systems  are  commonly 
used in the studies of cornea, vitreous humour and retina of 
the eye (in medicine the appropriate instruments are referred 
as retinal tomographs). However, the resolution of OCT sys-
tems  in  similar  studies  is  by  one – two  orders  of magnitude 

higher than that of US systems. For the latter the resolution 
amounts to 100 mm – 1 mm [5].

In  optical  low-coherence  reflectometry  the  principles  of 
scanning  low-coherence  interferometry  are  used  [7,  8].  The 
low coherence of the radiation source is due to its broad spec-
tral band (D l), which yields high longitudinal spatial resolu-
tion in the schemes of scanning interferometers

0.44lnz 2 2 2 2
.p l

l
l

lD D D= .

With cw superluminescent diodes (SLD) having l = 800 – 
1700 nm and the spectral bandwidth D l = 20  – 100 nm the 
localisation  of  the  longitudinal  component  of  the measure-
ment volume  (i.e.,  the  spatial  resolution with  respect  to  the 
probing depth Dz) approaches 5 – 15 mm. Since the radiation 
propagates through biological tissues, the refractive index 
n ≈  1.4  [9]  of  the  latter  should be  taken  into  account. This 
improves  the  spatial  resolution  in  a  biological  object: 
Lax=Dz/n ~ 4 – 11 mm. 

As a rule, the techniques of OCT studies is based on using 
the  scheme  of  a  scanning Michelson  interferometer,  imple-
mented on the basis of single-mode optical fibres (Fig. 1), or 
Linnik microscope [10]. 

Compared to the quasi-elastic scattering, where a narrow-
band radiation source is used (a laser with D l ~ 0.1 – 1 nm), 
in the scheme with a low-coherence source besides the coher-
ent  interference  signal  an  incoherent  parasitic  signal  that 
manifests itself as a phase noise [7, 10] is also recorded. 

The strength of the electric fields Er
u  = Er cos(kzr + j1) and 

Es
u  = Es cos(kzs + j2)    coming  from the reference and sample 
arms of  the Michelson  interferometer, respectively, produce 
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Figure 1. Scheme of optical coherence tomograph implemented on the 
base of single-mode optical fibres: (FBS1, FBS2) fibre beam splitters 1 
× 2 and 2 × 2; (GS) galvanic scanner; (D1, D2) IR radiation detectors, 
incorporated  in  a  balance  scheme;  a modified  rapid  scanning optical 
delay (RSOD) line is included into the reference arm.
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the  intensity  of  the  recorded  radiation on  the  balance  qua-
dratic photodetector that can be written as

I = á(Er + Es)2ñ = Iin + Er
2 + Es

2 + 2ErEs

  × cos[2p f0t + (j1 –  j2)],

where  Iin  is  the  incoherent  component  of  the  signal  (phase 
noise).  Using  one  detector  in  the  heterodyne  regime  one 
should increase the intensity of the reference radiation Ir = Er

2 
in order to increase the signal-to-noise ratio. In this case, the 
sum  of  intensities  in  the  reference  and  sample  arms  of  the 
interferometer  Ir +  Is  = Er

2  + Es
2  will  increase,  too.  In  the 

regime of  signal detection by means of  two photodetectors, 
incorporated  in  a  balance  scheme,  in  order  to  reduce  the 
phase noise one should decrease the radiation intensity in the 
reference arm [11]. 

The carrier frequency of the scanning interferometer f0, at 
which the filtering and detection of the signal  is performed, 
corresponds to the classical Doppler shift, arising due to the 
mirror in the reference arm moving with the velocity V:

f0 = 2V/l.

With  the  linear  scanning  optical  delay  line  (ODL)  the 
amplification  bandwidth  of  the  signal  filter  D f  is  approxi-
mately  equal  to  the  line  broadening,  proportional  to  the 
bandwidth of the broadband source (D l ~ 20 – 300 nm):

D f = f0 D l/l.

In  the  case  of  using  the  Fourier  rapid  scanning  optical 
delay  (RSOD)  line  [11,  12]  the  transmission  bandwidth  is 
given by the following expression:

¶
¶K
t2l

l aD D
=f ,

where ¶a/¶t is the angular velocity of the scanning mirror in 
the reference arm; a is the instantaneous value of the mirror 
scanning  angle.  The  coefficient  K  depends  on  the  RSOD 
parameters and approximately  equals 4, which corresponds 
to the increase in the transmission bandwidth in the case of 
RSOD by nearly four times as compared with the case of lin-
early scanning mirror [12]. 

The rapidly scanning optical delay line was initially devel-
oped for measuring the shape and duration of ultrashort laser 
pulses, which implies the use of high-power radiation sources. 
In [11, 13] RSOD was first modified so that the power of radi-
ation,  introduced  into  each  arm  of  the  interferometer,  was 
reduced to 0.1 – 0.2 mW. Further reduction of SLD power has 
no sense because in this case the electric noises of the amplifier 
become  comparable  with  speckle  noises  and  noises  of  the 
radiation source.

Increasing  the  group  velocity  in  the  linear  optical  delay 
line causes unavoidable increase in the phase velocity, which 
leads to an increase in the carrier frequency f0. RSOD allows 
separation of the group and phase velocity tuning, i.e., inde-
pendent tuning of the carrier frequency within the limits from 
zero to a few hundred kilohertz, keeping the scanning rapid 
enough.  The  construction  of  RSOD  [11]  used  here  allows 
detuning  from  high-frequency  white  noise  and  shifting  the 
carrier  frequency  into  the  region of a  few  tens of kilohertz. 
The analysis of noises present in the signal spectrum allowed 

determination of the optimal carrier frequency equal to 
25 kHz.

Similar to US diagnostic methods, OCT images are sub-
ject to speckle noise due to the partial coherence of the radia-
tion used. It is observed in the form of spots (speckles) in the 
two-dimensional image, reconstructed by means of computer 
software,  which  in  analogy with US  imaging  is  referred  as 
B-scan. Each B-scan contains numerous (from a few tens to a 
few hundred) A-scans,  i.e.,  individual  interferograms of  the 
scanning interferometer. 

The aim of the present paper is to increase the coherence 
probing depth in OCT by using small-angle raster scanning in 
the sample arm followed by averaging over groups of adja-
cent A-scans.

2. Materials and methods

In  the experiment  (Fig. 1)  the radiation from the SLD (l = 
1298 nm, D l = 52nm) arrives at the fibre beam splitter FBS1 
and  then at  the  second  fibre beam splitter FBS2. From  the 
latter half of the radiation is directed into the reference arm of 
the  interferometer,  while  the  second  half  enters  the  sample 
arm and is focused onto the sample by means of a system of 
lenses. The radiation reflected from both arms of the interfer-
ometer is mixed on balance quadratic photodetectors D1 and 
D2. After  the  balance  scheme  the  electric  signal  passes  the 
controllable bandpass  filter and  then  the  spectrum analyser 
and analogue-to-digital converter (ADC). After the ADC the 
digital signal is recorded and processed by the computer. To 
obtain a 2D image the scanning in the sample arm by means 
of the second galvanic scanner is used.

Traditionally in OCT systems the parallel scanning of the 
sample stage was used, when the stage with the studied object 
was moved stepwise in the direction, perpendicular to that of 
the radiation propagation in the sample arm (Fig. 2). 

In the studies of biomedical objects in vivo in the sample 
arm they often use the angle scanning of the mirror, placed in 
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Figure 2. Scheme of parallel scanning of the object stage in the sample 
arm of optical coherence tomograph.
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front  of  the  focusing  lens,  or  scanning  of  the  lens  itself 
(Fig. 3), which yields an increase in the signal-to-noise ratio 
by 1.5 – 2 times [14, 15]. Such a geometry is used to focus the 
radiation and to obtain the minimal transverse spatial resolu-
tion  of  5 – 20  mm  [15].  Low-coherence  radiation  may  be 
focused  into  a  spot of  smaller  size,  than  the  radiation with 
high coherence. Experiments have shown that such focusing 
does  not  allow  the  coherence  probing  depth  higher  than 
1.0 – 1.2 mm in surface layers of human skin [11, 14].

In the present paper we use the scheme of remote raster 
scanning (Fig. 4). The distance from the scanning mirror and 
lens system with a small numerical aperture NA to the object 
amounts  to 8 – 12 cm, which  is 4 – 10  times greater  than  the 
appropriate distance in standard schemes (Figs 2 and 3).

In our scheme the transverse resolution is determined by 
the diameter of the waist of the focused beam w = 1.22l/(2NA) 
and increases up to 50 – 100 mm. This leads to a decrease in the 
spatial resolution by 3 – 5 times, but for imaging layered struc-
tures (nails, nail bed, subcutaneous structures) this resolution 
is quite enough. Moreover, choosing the numerical aperture 
of the focusing optics to be small makes it possible to avoid 
detection of photons, multiply scattered at large angles, and 
to select the reflected component alone, which contains infor-
mation about the structure of the biological object. The axial 
resolution Lax remains to be determined by the source coher-
ence length and keeps unchanged (5 – 10 mm).

The choice of the SLD wavelength was determined by the 
fact that the maximal depth of penetration of radiation into a 
biological  tissue  is achieved at l ~ 1.3 mm [9]. Moreover, a 
pulse  shorter  than  10  fs  corresponds  to  a  coherent  wave 
packet  as  long  as  3 mm.  In  a  biological  tissue  such  a  short 
pulse causes an increase in dispersion of the optical radiation, 
which  decreases  the  coherence  probing  depth.  When  the 
numerical  aperture  is  decreased,  the  confocal  parameter  is 
simultaneously  increased  up  to  the  value,  corresponding  to 
the coherence probing depth of 2 – 3 mm. In this case the max-
imal signal-to noise ratio is achieved.

In the described experiment the lengths of both reference 
and sample arms of the scanning interferometer vary continu-
ously by means of galvanic scanners rather than stepwise as in 
the scheme presented in Fig. 2. It was empirically found that 
processing  the  interferograms by means  of  the  fast Fourier 
transform with the shift of the Hanning window by 20 % – 30 % 
yields  the  same  contrast  of  the  image,  as  processing  of  the 
signal with continuous shift. A more detailed description of 
the experimental setup, the algorithm of signal processing and 
image construction is presented in [11, 13]. 

3. Results and discussion

As a trial object we used the surface of the onion bulb (Allium 
cepa). The main object of study was the skin of a human fin-
ger  in vivo  with  subcutaneous  blood  vessels  visible  to  the 
naked eye.

Figure  5  shows  substantial  difference  in  contrast  of  the 
OCT  images  of  the  onion  bulb  (Allium  cepa)  surface  pro-
duced by averaging over five adjacent A-scans in each vertical 
line of the image.

For biomedical objects we managed to obtain images of 
human subcutaneous blood vessels having the diameter 0.2 –  
1 mm [11, 13]. Figure 6 shows a subcutaneous blood vessel 
with the diameter ~1 mm, located at the depth of 1 – 1.8 mm, 
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ЛинзаLens

Figure 3. Scheme of angle scanning of the probing radiation in te sam-
ple arm of optical coherence tomograph [14]. 
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Figure 4. Scheme of small-angle raster scanning of probing radiation in 
the sample arm of the optical coherence tomograph [10].

a b

Figure 5. OCT images of the surface of the onion bulb (Allium cepa) 
before (a) and after  (b) averaging. The arrows point at  the structures 
that are clearly seen after the averaging. The image size is 1.8 ´ 1.8 mm.
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before averaging, after averaging over each three and each ten 
adjacent A-scans. The images in Figs 6a – c are obtained using 
the file, containing 180 original vertical A-scans. Because of 
the small number of scans, after averaging over each ten adja-
cent scans we get a B-scan with a very low resolution, with 18 
vertical  lines only (Fig. 6c). As a result,  the structure of the 
vessel becomes blurred; the image is destroyed and cannot be 
used for biomedical diagnostics.

The images in Figs 6d – f are produced from the file that 
contains  five  times  as much,  i.e.,  900 original A-scans. The 
arrows point at the structural images of the vessel that appear 
in Figs 6e and f; a substantial  improvement of contrast and 
reduction of  speckle noise  is  seen. A  further  increase  in  the 
number of A-scans, over which the averaging  is performed, 
worsens the image making pixels too large, like in Fig. 6c with 
the file having 180 vertical lines.

The signal-to-noise ratio was calculated in a standard way 
[15], namely, the ratio of the mean value of maximal intensity 
áI ñ of the reflected radiation to the standard deviation s of the 
signal from a uniform region of the object was taken:

S/N = áI ñ/s.

The region of uniformity was assessed by the ergodicity of the 
random process; namely, the lower, homogeneous part of the 

image  was  chosen,  where  the  average  values  over  time  (of 
individual A-scans) and over realisations (of different A-scans 
at  similar moments  of  time)  coincided. Note,  that  this  for-
mula was chosen also because it is inverse to the other impor-
tant quantitative characteristic, the speckle contrast

C = s/áI ñ.

The dependence of the signal-to-noise ratio on the num-
ber of adjacent A-scans involved in the averaging procedure is 
shown in Fig. 7a. The use of the logarithmic scale (Fig. 7b) 
makes it obvious that up to 60 A-scans in the averaged sample 
this dependence does not exhibit asymptotic saturation, and 
the experimental points rigorously lie on the straight line. The 
scanning of the lens in the sample arm studied in [15] (Fig. 3) 
shows that after averaging over 5 – 7 scans the dependence is 
asymptotically saturated and approaches a horizontal straight 
line  (see  Fig.  4  in  [15]).  In  the  experiment  described  in  the 
present paper no such asymptotic saturation was observed. 

At the same time, for the file containing 180 lines the aver-
aging over each 10 – 15 adjacent A-scans leads to strong blur-
ring of the image. This means that taking the angle between 
the successive A-scans to be 10 – 15 times smaller and increas-
ing the rate of data acquisition up to a few thousand lines per 
second, e.g., using the spectral OCT, it is possible to increase 
the coherence probing depth up to 2 – 2.5 mm. Such a result 
follows from the fact that the coherent back-reflected signal is 
‘lost’ in the diffusely scattered signal only when the transport 
length l * = (μs’ )–1  becomes equal to 2 – 2.5 mm in a scattering 
medium with  optical  properties,  similar  to  those  of  human 
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Figure 6. OCT images of skin and blood vessel of human finger in vivo 
before averaging (a, d) and after averaging over three (b, e) and ten 
(c, f) adjacent A-scans. The left images (a – c) have 180 original vertical 
A-scans and  the  right  images  (d – f ) have 900 A-scans,  i.e.,  five  times 
greater number of scans. Arrows point at the location, where the struc-
tural image of blood is seen with contrast only after averaging. The im-
age size is 2 ´ 2 mm.
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Figure 7. Dependences of  signal-to-noise  ratio S/N on  the number of 
scans in the groups, over which the averaging is carried out, for small-
angle raster scanning (see Fig. 4). The points are experimental data; the 
solid lines show the logarithmic approximation. 
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skin [16]. Such coherence probing depth may be considered as 
the limit one, below which the intensity of the back-reflected 
coherent  signal  becomes  equal  to  that  of  the  backscattered 
diffuse signal.

Note that linear scanning of the object stage (see Fig. 2) 
followed  by  averaging  yields  an  irregular  behaviour  of  the 
signal-to-noise  ratio  in  the  experiments  performed  (Fig.  8). 
The explanation of this irregular character of the dependence 
will be a subject of future studies. 

The processing of individual vertical lines has shown [11] 
that  the  axial  resolution  Lax  gradually  worsens  and  varies 
from the theoretical value of 10 mm to 30 – 50 mm. This is due 
to  the  recording  of  backscattered  radiation, which  remains 
coherent to the radiation in the reference arm of the interfer-
ometer.  Deeper  layers  of  skin  can  be  imaged  by  recording 
only photons scattered several times. This is an intermediate 
regime  between  the  reflection  and  diffuse  scattering  signals 
[11, 16]. Here we mean the regime of detecting the photons, 
scattered  a  few  times  and  still  keeping  coherence  with  the 
radiation in the reference arm of the interferometer. 

4. Conclusions

In the present work in the reference arm of the OCT system 
we used the improved scanning optical delay line based on a 
diffraction grating that allowed shifting the carrier frequency 
f0 into the low-frequency region with minimal noises ( f0 = 
25 kHz). In the sample arm we used the remote small-angle 
raster  scanning.  The  use  of  such  scanning with  subsequent 

averaging shows that with the number up to 60 of averaged 
scans, corresponding to different angles, no asymptotic satu-
ration of  the dependence of  the  signal-to-noise  ratio on  the 
number of averaged scans is observed. 

Averaging over 5 – 10 A-scans allows elimination of speck-
les and provides maximal contrast of the image. In this case it 
appears  possible  to  detect  the  photons  in  the  intermediate 
regime  between  the  back  reflection  and  multiple  diffusion 
scattering [16].

In the future we plan to compare the obtained experimen-
tal data with the results of Monte Carlo simulation of OCT 
images  [17]  and  to  explain  the  irregular  character  of  the 
dependence  of  the  signal-to-noise  ratio  on  the  number  of 
averaged scans in the described experiment with linear scan-
ning of the object stage. For the raster scanning it is necessary 
to find the optimal angle between the adjacent A-scans.
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Figure 8. Dependences of  signal-to-noise  ratio S/N on  the number of 
scans in the groups, over which the averaging is carried out, for linear 
scanning (see Fig. 2). The points are experimental data; the solid lines 
show the logarithmic approximation. Asymptotic saturation occurs af-
ter reaching the number of 5 – 7 scans in the averaged samples.


