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Abstract Background: The purpose
of the study was to demonstrate the
improved axial resolution and longi-
tudinal stability of dual-beam optical
coherence tomography (OCT) in
comparison to conventional OCT
setups used in commercially avail-
able OCT instruments. Methods: The
conventional OCT technique is
based on an interferometric setup
that is rather sensitive to axial eye
motions. We have developed a spe-
cial dual-beam OCT technique
which eliminates the influence of 
axial eye motions. This is achieved
by using the anterior corneal surface
as the reference surface for the inter-
ferometric ranging. To improve the
signal quality, the different wave-
front curvatures of beams reflected
at cornea and retina are matched by a
diffractive optical element. To im-
prove the axial resolution, a broad-
band synthesized light source with
an effective bandwidth of 50 nm is
used, and the group dispersion of the

ocular media is compensated. Tomo-
graphic images were recorded in the
fovea and the optic nerve head of
healthy volunteers. For comparison
purposes, approximately the same
locations in the same eyes were im-
aged by a commercially available
OCT instrument. Results: Compared
to the standard OCT technique, the
dual-beam OCT images show con-
siderably improved axial resolution.
Especially in tomograms recorded at
the fovea, dual-beam OCT resolves
microstructural details that are not
visible in the standard OCT images.
Furthermore, the axial stability of
dual-beam OCT enables the record-
ing of exact geometrical contours of
fundus layers. Conclusions: Dual-
beam OCT is able to provide struc-
tural information on the ocular fun-
dus that is not obtained with stan-
dard OCT. The long recording times
of our instrument limit the transverse
resolution to 100–150 µm at present.
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Introduction

Optical coherence tomography (OCT) has been devel-
oped since the beginning of the 1990s as a new non-
invasive tool for imaging of the human retina with high
precision and resolution [15, 17, 23]. For an overview of
the technique see refs. [13, 25]. Since a commercial OCT
instrument became available for retinal imaging, numer-
ous investigations of different retinal disorders have
demonstrated the diagnostic potential of this new tech-
nique [5, 9, 24, 27, 29, 30].

The basic technique of OCT is partial (or low) coher-
ence interferometry (PCI), a technique first applied to the
biomedical field for measurement of the axial eye length
[14, 18]. PCI records optical A-scans of the measured ob-
ject, plots of back-reflected intensity as a function of
depth position. The classical interferometric setup of PCI
and OCT has the drawback of being rather sensitive to
longitudinal object motions. This limits the repeatability
and therefore the precision that is obtained in living ob-
jects. Furthermore, it prevents the determination of the ex-
act position and geometric contour of retinal layers with
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respect to a fixed reference point of the eye, e.g., the apex
of the cornea. We have developed a special dual-beam 
interferometric setup which overcomes these problems 
by using the cornea as the reference surface. Several in-
vestigations have demonstrated that this technique can
record A-scans of different ocular structures with micro-
meter precision [8, 10, 19]. However, the poor signal-
to-noise ratio of this method made OCT imaging of weak-
ly reflecting retinal layers difficult. This problem could be
solved by using a diffractive optical technique [26].

The axial resolution of PCI and OCT depends on the
spectral bandwidth of the light used. Increasing the
bandwidth improves the resolution. The light source that
is presently used in most instruments is a superlumines-
cent diode (SLD) emitting in the near infrared, with a
bandwidth ∆λ≅ 20 nm which corresponds to an axial res-
olution of ~15 µm. With a Ti:Al2O3 laser as a light
source, a resolution of ~4 µm was demonstrated in a
shallow object [3]. However, if the ranging or imaging is
to be performed through a rather deep dispersive object,
as in the case of the retina imaged through the transpar-
ent ocular media [12], the dispersion-induced signal
broadening deteriorates the resolution, if a bandwidth of
more than ~25 nm is used [21]. Furthermore, the disper-
sion can cause multiple signal peak splitting, which can
lead to erroneous signal peaks [20]. To overcome these
problems, the dispersion of the ocular media has to be
compensated [2, 21].

To exploit the advantages of dual-beam PCI for OCT
imaging, especially its insensitivity to axial eye motions,
we modified our instrument: (1) We improved the signal-
to-noise ratio by using a diffractive optical element, and
(2) we improved the axial resolution by employing a
broadband synthesized light source in combination with
a compensation of the dispersive effects of the ocular
media. This instrument is an experimental laboratory set-
up designed primarily for investigation and demonstra-

tion of what should be achievable with future OCT sys-
tems. It is the purpose of this paper to present the modi-
fied instrument, to show first OCT tomograms recorded
with the instrument and to compare them with images re-
corded by a commercially available OCT system. Final-
ly, we discuss the present limitations of our setup.

Methods

The principle of measuring intraocular distances by dual-beam
PCI has been described in previous papers in detail [2, 8, 18].
Therefore, only a brief summary, including the improvements to
previous instruments, will be presented here.

Figure 1 shows a sketch of our instrument. A broadband light
source, consisting of two spectrally displaced SLDs, emits a light
beam of high spatial coherence but short coherence length which
illuminates an external Michelson interferometer. The interferom-
eter splits the beam into two coaxial components which have a
phase difference corresponding to twice the interferometer arm
length difference d (the virtual image of mirror 1 is indicated in
the other interferometer arm by a dashed outline, i.e., the distance:
beam splitter BS – mirror 1 equals the distance BS – dashed mir-
ror outline). This dual-beam illuminates the eye, where each sub-
component is reflected at the various intraocular interfaces. The
reflected beams are superimposed on a photodetector. During the
measurement, one of the mirrors of the Michelson interferometer
is moved while the photodetector records the signal intensity as a
function of the mirror position. If the arm length difference of the
Michelson interferometer equals (within an uncertainty equal to
the coherence length lc) one of the intraocular distances to be mea-
sured, interferometric modulation will occur at the photodetector.
The envelope of this signal is recorded as a function of the inter-
ferometer arm length difference d with a personal computer. The
signal curves recorded in this way are called PCI scans, or optical
A-scans, and contain characteristic signal peaks. From the posi-
tions of these peaks on the arm length difference axis, the respec-
tive optical intraocular distances (IODs) can be determined: opti-
cal IOD=d±lc. For practical purposes (intensity of light reflection)
we measure all optical IODs with respect to the anterior corneal
surface as the reference surface. To convert an optical IOD into
the appropriate geometrical distance, it must be divided by the
group refractive index ng of the respective medium [12, 18].
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Fig. 1 Sketch of dual-beam
OCT instrument (SLD superlu-
minescent diode, BS beam
splitter, DOE diffractive optical
element)



The major advantage of this dual-beam technique is that it is
completely insensitive to axial eye motions, since the reference
surface (the cornea) is part of the object, i.e. reference and sam-
pled layers (retina) move simultaneously. Furthermore, the use of
the cornea as the reference surface allows one to measure the ex-
act shape of the contours of the retinal layers with respect to the
cornea.

The major drawback of our previous dual-beam partial coher-
ence interferometer was the poor signal-to-noise ratio due to the
wave-front mismatch of the two interfering beams reflected at the
anterior corneal surface and the retina. Since the probing beam is
collimated, the light reflected at the retina will be collimated by
the optical elements of the human eye (in the case of emmetropic
subjects), while the beam reflected at the cornea is divergent. This
causes an unfavorable intensity ratio of retinal and corneal beam
on the detector and rather narrow interference fringes in the detec-
tor plane. Therefore, we had to use a detector with an aperture of
only 50 µm diameter in order to ensure that only a single fringe is
imaged on the detector surface (which is necessary to obtain a rea-
sonable electric signal from the oscillating interference pattern). In
this case, however, the total light power collected by the detector
is rather low, causing a poor signal-to-noise ratio. To overcome
this drawback we implemented a special diffractive optical ele-
ment for wave-front matching (see Fig. 1) [2, 26]. This sort of
Fresnel’s zone lens is located in front of the eye and focuses 40%
of the incident light beam on the vertex of the cornea (focal
length: 70 mm). The other collimated parallel part of the beam
(60%) passes through uninfluenced. This part of the beam will be
focused onto the retina (in case of emmetropic subjects) by the op-
tical elements of the human eye. The beams remitted from the an-
terior corneal surface and the retina will thereby both be converted
into parallel beams when passing again through the diffractive op-
tical element on their way back to the detection unit. Since the in-
terference now takes place between two collimated parallel beams,
there will be only one (very wide) interference fringe whose light
power oscillation will be much stronger than that of the narrow
fringes obtained previously. In this way, the signal-to-noise ratio
for retinal in vivo signals was improved by about 20–25 dB [2].

The axial resolution of PCI and OCT is approximately equal to
the coherence length lc of the light source used, which is inversely
proportional to the source spectral bandwidth ∆λ. The usual light
source employed in PCI and OCT is an SLD which typically emits
at a center wavelength λ0=830 nm with a bandwidth ∆λ≅ 25 nm.
This corresponds to a (round trip) coherence length lc≅ 12 µm [32].
To improve the axial resolution, we used a synthesized light
source generated by superimposing two SLDs (EG&G C86142E,
EG&G Optoelectronics, Canada) with different center wave-
lengths (λ01=830 nm, ∆λ1=26 nm, λ02=855 nm, ∆λ2=25 nm). Due
to a beat effect [7, 28, 34] these two combined light sources have
an effective spectral width of ∆λeff=50 nm. The coherence length
of this synthesized light source is lc ≅ 8 µm [2], corresponding to an
axial resolution of ≅ 6 µm after division by the mean group refrac-
tive index 1.354 of the ocular media [12].

If one of the beams in a PCI system travels through a disper-
sive medium while the other travels through air, the coherence en-
velope of the optical A-scan broadens and the resolution decreas-
es. This effect increases with increasing source bandwidth, in-
creasing object length, and increasing group dispersion of the ob-
ject media. Assuming a mean axial eye length of 24 mm, the sig-
nal width, after passing through the eye media twice ,to the retina
and back, is ~16.2 µm in case of a single SLD with ∆λ=26 nm and
~21 µm in case of the combination source with ∆λeff=50 nm [21].
This means that the resolution in the case of larger source band-
width is not improved, but degraded. In order to obtain the opti-
mum resolution possible with the broadband light source, the
group dispersion of the ocular media has to be compensated. This
can be achieved by placing a dispersive element in the longer arm
of the external Michelson interferometer (see Fig. 1). This element
has to fulfill the condition Lce·GDce=Lob·GDob, where L is the geo-

metric length, GD the group dispersion (defined as derivative of
the group index with respect to the wavelength), and the indices ce
and ob refer to the compensating element and the object, respec-
tively. As a dispersion-compensating element, we used a plane
parallel plate of BK7 optical glass with Lce=12 mm and
GDce=–3.3·10–5/nm at a wavelength of λ=840 nm [33]. This ele-
ment compensates the group dispersion of an eye with axial length
of Lob=24 mm and mean GD≅ –1.83·10–5/nm (in the wavelength
range 815–855 nm [12]) to within a few percent.

For tomographic recordings a separate fixation light was in-
stalled in front of the eye under investigation which encloses an
adjustable vertical and horizontal angle with the measuring beam
and is collimated in order to make the subject look towards infini-
ty. This allows the rotation of the eye to be measured in order to
adjust a defined arbitrary angle between vision axis and measuring
direction. Once the eye looks at the fixation target, it is aligned
with the measuring beam so that the two image points of the ante-
rior corneal surface and the retina are centered and become confo-
cal on the detector. For observation purposes the detection plane is
imaged on a CCD camera where the confocal alignment can be
monitored.

To obtain OCT images several averaged optical A-scans are re-
corded at equidistant angles to the vision axis. Each averaged A-
scan is the mean of up to eight single A-scans recorded along the
same direction (for further improvement of the signal-to-noise ra-
tio). The angle increment was 0.5° corresponding to length incre-
ments of ~150 µm on the retina. The intensity values of the aver-
aged optical A-scans are converted into pixel colors (logarithmic
scale) and mounted to form a two-dimensional false color image.
The pixels between the individual scanning directions are obtained
by linear interpolation. For the interpretation of the OCT images
recorded in this way, one has to bear in mind that the ordinate
shows optical distances (OD) to the cornea. OD is defined as 
∑ Li ng,i, where Li is the geometrical length of the i-th individual
optical element that has a group index ng,i. In the eye, the individ-
ual optical elements over which the sum has to be taken are the
cornea, aqueous, lens, vitreous, and the several retinal layers. For
a perfect conversion of optical to geometrical distance (GD), each
individual OD would have to be divided by the respective group
index [12] and the resulting geometrical lengths would have to be
summed. Since the lengths of the individual elements were not
measured in the present work, one can use, to a good approxima-
tion, a mean group index ng,m=1.354 [12] to convert the optical to
the geometrical distance: GD=OD/ng,m.

Informed consent was obtained from all subjects in this study
after the nature and possible consequences of the study had been
explained. The study was approved by the ethics committee of Vi-
enna University School of Medicine.

Tomographic recordings were performed in healthy, volunteer
subjects who were emmetropic or moderately myopic (up to –2
diopters). Recordings were taken from the fovea and the optic
nerve head. OCT recordings consisted of optical A-scans 3 mm
deep. Each single A-scan takes approximately 0.4 s. Performing
eight single scans for one averaged A-scan for each measurement
direction, the maximum time of continuous illumination of one
point on the retina is about 4–5 s. During this time the eye is illu-
minated with a (spatially) coherent light power of approximately
200 µW or an intensity of 520 µW/cm2 (averaged over a 7 mm ap-
erture). This is permitted for 25 min for a wavelength of λ=830 nm
in the case of “intra-beam-viewing” [1]. Since only 60% of the in-
cident light power is focused at the retina (the rest is focused at the
cornea), the safety limit is met.

For comparison purposes, we recorded approximately the same
areas of the same eyes with a commercial OCT instrument (Hum-
phrey Instruments, San Leandro, Calif.). This instrument is based
on a classical interferometric setup, i.e., it is sensitive to axial eye
motions. One hundred optical A-scans are recorded in 1 s with this
instrument; no averaging of A-scans is performed. The instrument
uses a single SLD as a light source; no dispersion compensation is

387



used. Therefore, an axial resolution of ~16 µm, or ~12 µm after di-
vision by the group index of the ocular media, can be expected.

Results

To demonstrate the improvement of axial resolution as-
sociated with the increased source bandwidth and disper-
sion compensation, we recorded two OCT tomograms of
the same area of the same human eye in vivo with our
dual-beam OCT instrument (see Fig. 2). A horizontal
section through the fovea centralis, from 5° temporal to
5° nasal, is shown. This corresponds to a transverse scan
width of ~3 mm on the retina. Figure 2a was recorded
with a single SLD (∆λ=26 nm) switched on and with the
dispersion-compensating element removed. Several mi-
crostructural layers can be observed in this figure, the in-
ner limiting membrane (ILM), the foveal depression, the
nearly transparent retina, and highly reflective layers at
the posterior side of the retina. The uppermost layer is
probably the ILM separating the retinal structures from
the vitreous. Approximately 390 µm behind the ILM,
three different layers can be observed which, however,
partly overlap (the color coding on a logarithmic scale
tends to reduce the visibility of closely spaced details).
In Fig. 2b the synthesized light source with ∆λeff=50 nm
is used, i.e., both SLDs are switched on, and the disper-
sion-compensating element is used. Improved axial reso-
lution can be seen. The three layers posterior to the reti-
na are much better separated and observed as three nar-
row bands. From individual A-scans a resolution im-
provement by a factor of ~1.7 was demonstrated [2].

The slight axial shift of the retinal layers between the
tomograms of Fig. 2a and Fig. 2b is caused by imperfect
recalibration of the instrument after insertion of the dis-
persion-compensating element (this element increases
the optical path length in the corresponding interferome-
ter arm; this was accounted for by calculation, not by an
exact mechanical recalibration, which, of course, would
be possible). The somewhat weaker signal intensity be-
tween the ILM and the triple layer is probably caused by
the somewhat poorer signal-to-noise ratio due to imper-
fect overlapping of the two beams of the synthesized
light source.

Figure 3 shows retinal tomograms recorded by dual-
beam OCT (Fig. 3a, b) and by the Humphrey OCT (Fig.
3c, d) in the same eye. The images on the left (a, c) show
horizontal cross sections of the fovea, those on the right
(b, d) show horizontal sections through the optic nerve
head. The dual-beam OCT images were recorded with
the synthesized light source and with dispersion compen-
sation. Especially in the case of the foveal tomograms
(Fig. 3a, c) the improved axial resolution of the dual-
beam OCT can be observed. The triple layer at the poste-
rior side of the retina is visible in most parts of the im-
age. This fine structure is not resolved by the Humphrey

OCT. Even the separation of the first two layers at the
posterior side of the retina is not visible in this image
(since the individual A-scans recorded by the Humphrey
instrument are not accessible, quantitative comparison of
the resolution is not possible). The optic nerve head
tomograms look rather similar in overall shape, with
somewhat better separation of horizontal layers in the
case of the dual-beam OCT image (Fig. 3c). It should be
mentioned that the horizontal resolution of the Hum-
phrey OCT is better: the Humphrey tomograms contain
100 A-scans, the dual-beam tomograms contain only 21
(Fig. 3a) and 25 (Fig. 3c) A-scans. However, since there
are no fine details in horizontal direction in these imag-
es, this advantage is not visible in Fig. 3.

Figure 4 shows retinal tomograms recorded in the
same fovea by dual-beam OCT (Fig. 4a; synthesized
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Fig. 2a, b Retinal tomograms recorded by dual-beam OCT in a
human eye in vivo, demonstrating different axial resolutions. A
horizontal section of the fundus across the fovea from 5° nasal to
5° temporal is shown, corresponding to a width of approximately
3 mm on the retina. The vertical scale indicates the optical dis-
tance to the anterior corneal surface (to convert it to a geometrical
distance, the OD has to be divided by the mean group index
ng,m=1.354). a Single SLD with ∆λ=26 nm without dispersion
compensation. b Synthesized light source of two spectrally dis-
placed SLDs with ∆λeff=50 nm and with dispersion compensation



light source, dispersion compensation) and by the Hum-
phrey OCT (Fig. 4b). Again, the improved axial resolu-
tion of the dual-beam OCT is observed. Another feature
observed in these images is a different geometrical shape
of the retina. In the dual-beam OCT image, the retina is
inclined from right to left: at 5° temporal, the uppermost
of the three layers at the posterior side of the retina is lo-
cated ≅ 30.94 mm optical distance behind the anterior
corneal surface; at 5° nasal this distance increases to
≅ 31.10 mm. (The noncontinuous appearance of the lay-
ers posterior to the retina is caused by the algorithm in-
terpolating the data points between adjacent A-scans re-
corded at inclined surfaces.) In a measurement on the
next day, these distances were reproducible to within a
few micrometers. This result indicates that the dual-
beam OCT system is capable of determining the overall
geometric shape of the retinal curvature: the optic axis of
the eye intersects the retina approximately half-way be-
tween the fovea and the optic nerve head; therefore, the
distance between cornea and retina should be somewhat
larger at the nasal side of the fovea.

The Humphrey OCT image, on the other hand, shows
a different shape of the retinal layers: a slight inclination
from left to right, with a somewhat wavy appearance su-
perimposed on this slope. This different overall shape of
the retina is probably caused by slight object motions
during the recording of the Humphrey OCT image which
prevent the determination of the exact position of the ret-
inal layers with respect to the cornea.

Discussion

We have demonstrated that dual-beam OCT is capable of
providing useful information on the microstructure of the
human ocular fundus. Compared to previous OCT imag-
es recorded with this technique [9, 15], the signal-to-
noise ratio is considerably improved by the wave front
matching accomplished with the diffractive optical ele-
ment. Compared to other wave front matching tech-
niques [4, 31], the diffractive optical element is light-
weight, cheap, easier to align, and does not restrict the
aperture of the retinal beam, which would increase the
beam focus diameter on the retina and therefore might
degrade the transverse resolution. From the viewpoint of
the signal-to-noise ratio, the dual-beam OCT images are
now comparable to those of the Humphrey OCT instru-
ment; however, it should be mentioned that we used sig-
nal averaging only with the dual-beam technique.
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Fig. 3a–d Retinal tomograms recorded by dual-beam OCT
(broadband light source and dispersion compensation, optical dis-
tance on ordinate) and by the Humphrey OCT in the same human
eye in vivo. a Fovea recorded by dual-beam OCT. b Optic nerve
head recorded by dual-beam OCT. c Fovea recorded by Humphrey
OCT. d Optic nerve head recorded by Humphrey OCT



The axial resolution of OCT depends on the source
bandwidth and on the dispersion of the object. If only
one SLD with ∆λ≅ 25 nm is used and the dispersion of
the ocular media is not compensated for, an axial resolu-
tion of ~12 µm geometrical distance can be expected in
the retina. This corresponds to the case of Fig. 2a and to
the images recorded with the Humphrey OCT. Systems
with higher resolution using broadband Ti:Al2O3 sources
have so far been used only for ranging and imaging with-
in tissues with a total thickness of a few hundred mi-
crometers [3, 6]. In this case, the dispersive effect of the
thin tissue has a negligible effect on the signal width and
hence on the resolution. However, if measurements are
performed through the relatively thick ocular media to
the retina, dispersion becomes important. It has to be
compensated for, if a light source with greater bandwidth
than that of a single SLD is used. Otherwise, the signal
width would increase and hence the resolution be de-
graded [21]. Furthermore, erroneous signals caused by
dispersion-induced signal peak splitting can occur [20].

We have recently demonstrated a signal width of 5
µm (geometrical distance) in an optical A-scan of a hu-
man retina in vivo by employing a broadband SLD
(∆λ~60 nm) with dispersion compensation [21]. Since
the output power of this SLD was lower and the spatial
coherence of the source was worse than that of usual
SLDs [22], the signal-to-noise ratio was rather poor in
that case. Therefore, we preferred to use a synthesized
light source with λeff≅ 50 nm generated by superimposing
two spectrally displaced SLDs in this work. With this
light source and dispersion compensation, an axial reso-
lution of ~6 µm geometrical distance in the retina is ex-
pected. This corresponds to Fig. 2b. The improved axial
resolution, compared to Fig. 2a, is clearly observed.

Compared to the Humphrey OCT, the axial resolution
of dual-beam OCT is considerably improved (see Figs.
3, 4). The triplicate band structure observed at the poste-
rior side of the retina in foveal tomograms is not visible
in the Humphrey OCT images (see Figs. 2, 3). This is
not only due to the larger source bandwidth and disper-
sion compensation of the dual-beam OCT system. Even
the dual-beam OCT images recorded with the single
SLD without dispersion compensation show better axial
resolution than the Humphrey tomograms (compare 
Fig. 2a with Figs. 3c, 4b) although light source and dis-
persion effects should be equal in this case. The reason
for the poorer axial resolution of the Humphrey OCT
might be its sensitivity to slight axial ocular motions dur-
ing the measurement, which might “smear out” fine de-
tails.

The insensitivity to axial eye motions is another main
advantage of our OCT system. The dual-beam OCT im-
ages in this work were recorded with an experimental
laboratory set-up where each scanning angle had to be
adjusted manually. Furthermore, at each scanning angle
several A-scans were recorded for signal averaging.
Therefore the total scanning time was several minutes.
Within this long measurement time, several eye blinks
occur. The subject can even take a break, sit back, and
rest between the recordings of the individual A-scans
making up a tomogram. In spite of this long measuring
time and its associated eye movements, the individual 
A-scans were mounted to the OCT images without any
additional digital image processing required to correlate
the longitudinal positions of the A-scans. This clearly
demonstrates the exceptional axial stability of the dual-
beam OCT technique, which might be helpful in cases
where digital postprocessing of the images could lead to
loss of fine image details.

This insensitivity to axial eye motions enables the ex-
act location of retinal layers with respect to the anterior
corneal surface. As a first step, we have demonstrated
that our technique is capable of determining the inclina-
tion of the retinal layers (Fig. 4). This method can be
used to determine the geometrical contour of the eyeball
in the imaged area with very high precision. This might
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Fig. 4a, b Retinal tomograms recorded by dual-beam OCT
(broadband light source and dispersion compensation, optical dis-
tance on ordinate) and by the Humphrey OCT in the same human
eye in vivo. a Fovea recorded by dual-beam OCT; the inclination
of the retinal layers indicates the true geometrical contour of the
eyeball. b Fovea recorded by Humphrey OCT; slight axial eye
motions during the recording distort the true geometrical contour
of the eyeball



be useful in studies related to ocular growth and devel-
opment of myopia, where the exact dimensions of the
eye ball have to be determined [11]. This is not possible
with the Humphrey OCT system.

A drawback of our instrument is the poorer transverse
resolution and the long measurement time. Since the
measurement takes several minutes, the transverse reso-
lution is limited by microsaccades to an angular resolu-
tion of ~1/3° [16]. This corresponds to a transverse dis-
tance of ~100 µm on the retina. The Humphrey OCT, on
the other hand, records 100 A-scans in 1 s. A typical
Humphrey tomogram consists of 100 A-scans over a
transverse distance of ~3 mm on the retina. This corre-
sponds to a transverse sampling distance of ~30 µm and
is equal to the resolution obtained in the corresponding
OCT images (the physical limit of the transverse resolu-

tion is determined by the beam focus diameter on the ret-
ina, which is ~10 µm). However, the slow speed and,
therefore, the poor transverse resolution of our instru-
ment is not a fundamental problem of the dual-beam
technique but merely a question of the simple scanning
method we used in our laboratory work. By implement-
ing an x-y scanner, the speed of our system could be im-
proved to match that of the Humphrey OCT instrument.
In this way, the same transverse resolution should be ob-
tained. However, to achieve this task, some problems
with the alignment of the transverse scanning dual-beam
remain to be solved.

Acknowledgement Supported by grant P9781-MED from the
Austrian Fonds zur Förderung der wissenschaftlichen Forschung.
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