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Raman Spectroscopy and Optical Coherence
Tomography on a Micro-Chip:
Arrayed-Waveguide-Grating-Based Optical
Spectroscopy

Markus Pollnau, N. Ismail, B.I. Akca, K. Wörhoff, and R.M. De Ridder

Abstract We review our recent results on integrating biomedical optical systems
onto a silicon chip.

5.1 Introduction

Miniaturization of optical instruments by integration onto an optical micro-chip will
lead to smaller size and weight, reduction of optical coupling losses, avoidance of
mechanical instabilities and the necessity for alignment, enormous cost reduction,
and the potential for mass fabrication. Currently, individual waveguide components
can be produced at the micrometer scale, such that total device footprints in the
range of a few cm2 can be obtained, but in the future individual device dimensions
will scale down to the nanometer range by exploiting plasmonic waveguides,
thereby allowing for complex optical systems to reach dimensions comparable to
� and probably integrated with – electronic micro-chips.

In this chapter, we review our recent results on integrating optical systems for
biomedical applications onto a silicon chip. Firstly, we investigated light collection
from external samples by individual optical waveguides, showing that integrated
waveguide probes can be more efficient than fiber probes when investigating
thin samples. Then we extended this knowledge to confocal light delivery and
collection by use of arrayed-waveguide gratings, thereby improving the light collec-
tion efficiency by an order of magnitude. Finally, we employed arrayed-waveguide
gratings as integrated spectrometers in Raman spectroscopy and optical coherence
tomography and demonstrated performance parameters that are well comparable to
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those of bulky and costly standard equipment. This achievement represents the first
important step toward fully integrated biomedical optical instruments.

Our devices are fabricated in silicon oxynitride (SiON) technology. SiON is a
promising material for integrated optical applications. Its refractive index can be
chosen between the values of silicon dioxide (1.45) and silicon nitride (2.0), thus
allowing for a flexible channel waveguide design [1]. A small bending radius of the
channel waveguides down to several micrometers can be obtained by employing
the highest refractive index contrast with an appropriate waveguide geometry.
Furthermore, SiON is transparent in a broad wavelength range from 210 nm to
beyond 2,000 nm [2], so that devices can be fabricated for both, the visible and
infrared wavelength ranges by use of the same material system.

5.2 Efficiency of Integrated Waveguide Probes
for the Detection of Backscattered Light

Numerous medical diagnostic methods are based on optical techniques such as
Raman or fluorescence spectroscopy. One of the key challenges for their applicabil-
ity is the realization of an efficient interface between the sample under investigation
and the optical instrument, especially when a compact set-up is envisaged. Fiber-
optic probes represent an excellent solution for in-vivo and in-situ measurements, if
small dimensions and high flexibility of the probe are required [3], and fiber probes
with different geometries have been extensively studied and characterized.

We explored the use of integrated optical waveguide probes as an alternative
to fiber-optic probes. In particular, we compared their collection efficiency with
those of large-core multi-mode and small-core single- and multi-mode fiber probes.
For this purpose, we developed a semi-analytical model for integrated waveguide
probes, under the condition that the sample is a weakly scattering medium [4].
For the case of highly scattering media, we performed Monte-Carlo simulations
to understand quantitatively the collection of backscattered light by integrated
waveguide probes [5].

We designed and fabricated an integrated waveguide probe having the geometry
shown in Fig. 5.1. The probe has one excitation waveguide and eight collector
waveguides with a silicon oxynitride (SiON) core and silicon oxide cladding. The
propagation losses in SiON waveguides are approximately 0.4 dB/cm for the wave-
lengths of 532 and 693 nm used in our measurements [6]. The distance d between
the waveguides is fixed to 11 �m, and each waveguide cross-section is 5 � 0.82 �m.
The refractive indices of core and cladding at a wavelength of 532 nm have been
estimated as 1.5321 (TE polarization) with a birefringence �nTM � TE D 2.1 � 10�3,
and 1.4631 (TE polarization) with a birefringence of 1 � 10�3, respectively. The
channels are equally spaced and all the collector waveguides are positioned on the
same side with respect to the excitation waveguide. In this way it is possible to
measure the backscattered light intensity as a function of lateral distance from the
excitation point.
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Fig. 5.1 Top view of a
multi-waveguide silicon
oxynitride (SiON) integrated
probe for backscattered light
collection. The inset shows an
expanded view of the probe
tip together with the
waveguide cross-section,
where w D 5 �m and
h D 0.82 �m. The separation
between adjacent waveguides
is d D 11 �m (Figure taken
from Ismail et al. [5])

Using the semi-analytical model, we compared our integrated waveguide probe
and a similar probe with d D 6 �m with three different fiber probes: a typical
Raman large-core multi-mode dual-fiber probe (core diameter of 200 �m) with
d D 210 �m, a small-core multi-mode dual-fiber probe (core diameter of 5 �m)
with d D 11 �m, and a small-core single-mode dual-fiber probe (core diameter of
3 �m) with d D 11 �m. For all fiber probes a refractive index contrast of 0.01 was
assumed and the distance d between the excitation and collection channels was
chosen such to prevent coupling of the waveguides through the evanescent tails of
their modal fields. In all the simulations the excitation wavelength is 532 nm, while
the wavelength of the collected signal is 693 nm.

Within the semi-analytical model we defined a figure of merit S, which is a
measure of the collection efficiency of the different probes [4]. The results calculated
for the different probes are shown in Fig. 5.2, in which the efficiency of each
probe is displayed as a function of sample thickness. It becomes clear that, in
case of thin samples (thicknesses t smaller than typically 110–150 �m), integrated
waveguide probes provide efficiencies exceeding those of the investigated fiber
probes. This result is relevant for various applications, e.g. Raman spectroscopy
of the skin for determination of water content in the stratum corneum [7], which
requires to detect the signal from regions within 100 �m underneath the sample
surface. Furthermore, integrated probes have higher efficiency with respect to the
investigated small-core fiber probes regardless of the sample thickness. Although it
is not problematic to fabricate micro-fiber arrays with cores of, e.g., 5 �m diameter
and similar distance apart from each other providing higher refractive index contrast
than that investigated in our simulations, the advantages of integrated probes, such
as reproducibility, low cost, and on-chip integration with other components, make
them more suitable for applications that require probing of thin samples.

We carried out fluorescence measurements on a ruby rod [4]. The choice for
ruby was made because the fluorescent signal in the red spectral region is very
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Fig. 5.2 Figure of merit S as a function of sample thickness t for two integrated dual-waveguide
probes with cross-sections 5 � 0.82 �m and distances d D 11 �m and d D 6 �m (black lines),
compared to those (gray lines) of a large-core dual-fiber probe with core diameter of 100 �m and
d D 210 �m, and two small-core dual-fiber probes with d D 11 �m and core diameters of 5 and
3 �m, respectively (Figure taken from Ismail et al. [4])

strong and can easily be detected and distinguished from possible cross-talk of the
excitation light. The measurements were performed using the integrated waveguide
probe introduced in Fig. 5.1. Light from a Nd:YAG/SHG laser source at 532 nm
was coupled into the excitation waveguide. With the ruby rod positioned in contact
with the chip, fluorescence measurements were separately carried out on each of the
eight collector waveguides. A small fraction of the fluorescence generated inside
the ruby was captured by each of the eight collector waveguides. The comparison
between the experimental results and the calculation performed with the semi-
analytical model is shown in Fig. 5.3a. A second measurement was carried out
by fixing d to 11 �m and measuring the power collected by the first collector
waveguide of the probe at different distances of the ruby rod from the probe. The
measurements compared to the simulation results are shown in Fig. 5.12b. In both,
Fig. 5.12b, the comparison between measurements and simulations is achieved by
normalizing each curve to its maximum value. The reasonable agreement between
simulation and experiment validates our analytical model of integrated waveguide
probes [4].

We also investigated excitation and light collection from a scattering medium
by an integrated waveguide probe. Experiments were performed on light collection
from a highly scattering water suspension of latex nanospheres. By use of the
Monte-Carlo model, the propagation of light through the highly scattering medium
was simulated and good agreement with the experimental data was found [5].
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Fig. 5.3 (a) Fluorescence measured by a waveguide probe as a function of the distance d between
excitation and collector waveguides; (b) Fluorescence measured by a dual-waveguide probe with
d D 11 �m as a function of the distance D between the probe and the ruby (Figure taken from
Ismail et al. [4])

5.3 Arrayed-Waveguide Gratings

The most important optical element for performing spectroscopy on a micro-chip is
the integrated spectrometer. We have chosen to employ the arrayed-waveguide grat-
ing (AWG) [8]. Until now AWGs have been used for wavelength (de)multiplexing in
telecommunication, offering high resolution over a small bandwidth [9]. Its working
principle is schematically shown in Fig. 5.4a. Light from an input waveguide
diverges in a first planar free propagation region (FPR) and illuminates the input
facets of an array of channel waveguides. The channel waveguide array has a
defined optical-path-length difference between adjacent channels. For a central
wavelength �c, the phase difference at the output facets of adjacent array waveguides
is an integer multiple of 2 . Since these facets are arranged on a circle, a
cylindrical wavefront is formed at the beginning of a second FPR, which generates
a focal spot at the central output channel. The phase shift caused by the length
differences between arrayed waveguides is linearly dependent on wavelength, hence
the resulting wavelength-dependent phase gradient implies a tilt of the cylindrical
wavefront at the beginning of the second FPR. This causes the focal spot to shift
with wavelength, i.e., different wavelengths are diffracted to different locations at
the end of the FPR, at which either output channels or the pixels of a detector array
can be positioned.
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Fig. 5.4 (a) Schematic layout of an arrayed waveguide grating (AWG). Channel waveguide
geometry for (b) an AWG with its central wavelength at 800 nm and (c) an AWG with its central
wavelength at 1,300 nm (Figure taken from Akca et al. [10])

Compared to conventional spectrometers, the AWG has a small size (�cm2)
and can be integrated in a handheld device. Typical parameters of the individual
waveguides for AWGs fabricated in SiON technology for the spectral ranges of
800 and 1,300 nm are displayed in Fig. 5.4c. A potential disadvantage of an AWG,
the limited free spectral range (FSR) achievable for a given device size, can be
overcome by a technology platform providing larger refractive index contrast, e.g.
silicon photonics, or by accepting spectrally folded, yet non-overlapping peaks, as
demonstrated in an example presented later in this chapter.

We described an improved AWG layout which applies identical bends across the
entire array. In this way systematic phase errors arising from different bends that are
inherent to conventional AWG designs are completely eliminated. In addition, for
high-order AWGs our design resulted in more than 50% reduction of the occupied
area on the wafer. A low-order device fabricated according to this geometry was
experimentally characterized [11].

5.4 Confocal Light Delivery and Collection
Using Arrayed-Waveguide Gratings

We invented a compact integrated optical device that combines the functions of light
focusing, collection, and wavelength selection [12]. It makes use of two AWGs in
a confocal arrangement. In its simplest design, displayed in Fig. 5.5, both AWGs
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Fig. 5.5 Schematic of the confocal arrangement of two AWGs (with central wavelength œc and
order m) which allows efficient illumination of, and signal collection from, a small focal volume
below the sample surface (Figure taken from Ismail et al. [12])

have order m D 0, such that they form two lenses, the first one focusing a single
excitation beam into the focal spot at a desired depth inside the sample and the
second one collecting the light backscattered from this focal spot into a central
output channel. In this arrangement the device behaves like a confocal microscope
in one lateral direction. Enhanced functionality can be achieved without increasing
device complexity by use of an AWG design exploiting the phase relation between
the individual channels, thereby adding wavelength selectivity. As a result, the
focusing AWG can have more than one input channel, allowing one to focus several
excitation wavelengths into the same focal spot. Likewise, the collecting AWG can
resolve different wavelengths emitted from the focal spot, thereby enabling spectral
analysis of the backscattered light, if designed with the required wavelength spacing
and FSR. In the particular case in which all excitation and signal wavelengths fall
into the FSR of a single AWG, the same AWG can be used for both excitation and
collection.

The focusing and collecting AWG are arranged in such a way that the output
grating line – the interconnection line between the arrayed waveguides and the
FPR – of the focusing AWG lies on the same circle and, hence, is concentric with
the input grating line of the collecting AWG (Fig. 5.1). In this way the output FPR
of the focusing AWG and the input FPR of the collecting AWG merge together,
forming a single sample-side FPR. Ideally, its length is chosen such that when
in contact with a sample the focal spot is located at the desired depth d below
the sample surface (for a given sample refractive index nS) in order to allow for
maximum collection efficiency in the direction perpendicular to the device plane.

In our investigations, we focused on demonstrating that our approach improves
the collection efficiency of signal light by more than an order of magnitude
compared to standard light collection using a single-mode waveguide. Two similar
AWGs were compared. The “reference” AWG is of a conventional design, having
a single monomodal input channel for light collection and an AWG for spectral
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Fig. 5.6 Input sections of (a)
a “reference” (standard)
AWG and (b) a “collector”
AWG (the proposed device),
both positioned at a distance
d from a source S (Figure
taken from Ismail et al. [12])

analysis with an input FPR of length lFPR, see Fig. 5.6a. In contrast, the “collector”
AWG is of the proposed design; see Fig. 5.6b. Its input FPR is shortened to a length
lSFPR D lFPR – d0, where d0 depends on the distance d of the input facet to the source
(if nS is equal to the effective index of the sample-side FPR, then d0 D d).

As a source of signal light at point S we used light at a wavelength of 1284.6 nm
emitted from either a standard 9-�m fiber with an angular aperture of ’ D 9.2ı
or an ultra-high-numerical-aperture fiber with ’ D 29ı, with air (refractive index
nd D 1) between source and device. Subsequently, index-matching liquid was placed
between each fiber and the chip to reduce the angular aperture to ’ D 5.7ı and
19.6ı, respectively. The fiber output end was positioned at variable distance d
from the chip. Firstly, we performed measurements with the reference AWG for
all four ’ at varying distance d. Secondly, measurements were performed on the
repeatedly diced collector AWG at four distances d D 50, 100, 150, and 200 �m.
The collector AWG was measured only with index-matching liquid (’ D 5.7ı and
19.6ı) to average out the roughness of the diced facet. The measured output power
of reference and collector AWG is shown in Fig. 5.7b, respectively, as a function
of d. Furthermore, the collection efficiency of both devices was calculated as a
function of d. Experiments and calculations show that, as d increases, all curves
exhibit a monotonous decay which is steeper for the reference compared to the
collector AWG, because light collection by the former is limited in both, horizontal
and vertical directions by the cross-section of the input channel, while for the latter
this limitation occurs only in the vertical direction. This difference results in higher
collection efficiency of the collector AWG compared to the reference AWG. Finally,
also multi-wavelength imaging was demonstrated utilizing this device [12].
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Fig. 5.7 Comparison of measured (symbols) and calculated (lines) power collected by (a) the
reference AWG and (b) the collector AWG, normalized to the power collected by the reference
AWG at d D 0 and ’ D 19.6ı, versus source-to-input facet distance d for different values of the
source angular aperture ’ (Figure taken from Ismail et al. [12])

5.5 Integrated Raman Spectroscopy
with an Arrayed-Waveguide Grating

In numerous applications, Raman spectroscopy is utilized to monitor unique
(“fingerprint”) Raman scattering in order to identify specific molecules or structures.
We aimed at developing a low-cost, compact, hand-held apparatus for polarized
Raman spectroscopy, specifically for the detection of dental caries at an early state
[13]. A critical function of such a system is spectral separation of the Raman-
scattered signals. In our case, the core element of such a device is an AWG.

We chose an excitation wavelength of œ0 D 830 nm and designed the wavelength-
selective AWG to have a central wavelength of �c D 901 nm and a FSR of �22 nm
between 890 and 912 nm, with a resolution of 0.2 nm. The center-to-center spacing
between the 271 arrayed waveguides at the FPR interface was 6 �m, and so was
the spacing between the output channels of the AWG. From these parameters it
is possible to calculate the dispersion angle of the AWG from well established
equations [9], and determine the length R of the FPR (see inset to Fig. 5.8),
which results in approximately 4 mm. The AWG layout was drawn by imposing a
minimum bending radius of 1,700 �m to guarantee bending losses below 0.1 dB/cm
when taking into account fabrication tolerances.

The setup used in the Raman experiments is shown in Fig. 5.1. Light from a
linearly polarized, tunable Ti:Sapphire laser at 830 nm is sent through a polarization
beam splitter (PBS) oriented parallel to the laser polarization. A half-wave plate is
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Fig. 5.8 Setup used for the polarized Raman experiments. Inset: schematic of arrayed waveguide
grating (AWG) (Figure taken from Ismail et al. [14])

positioned after the PBS, initially with one of its optical axes parallel to the laser
polarization, so that the polarization is not rotated. The laser light exiting the œ/2
plate, after passing through a laser-line filter, is reflected from a dichroic mirror
and focused onto the sample with a microscope objective. The light backscattered
from the sample is then collected by the same optics. The Rayleigh-scattered
component is again reflected (rejected) by the dichroic mirror, which transmits the
Raman-scattered wavelengths. An edge filter and an additional red-glass filter are
used to further suppress residual reflected and Rayleigh-scattered light at the laser
wavelength, that entering the AWG would be imaged at a higher order on the lateral
output channels. At this point the light passes through another PBS with the same
orientation as the first PBS, and is focused onto the input channel of the integrated
AWG spectrometer by a microscope objective. The output channels of the AWG
are imaged onto an electron-multiplying charge-coupled device (EMCCD) through
a camera lens. In order to perform the measurements for perpendicular polarization,
we rotate the œ/2 plate by �45ı, so that the polarization of the excitation laser is
rotated by 90ı. In both, parallel and cross-polarization measurements light entering
the AWG is always horizontally polarized (TE polarization with respect to the input
waveguide).

We performed Raman measurements on cyclohexane [14]. The inset of Fig. 5.9
displays the unpolarized Raman spectrum of cyclohexane in the fingerprint region
(400–1,600 cm�1), as measured using a bulk Raman spectrometer (based on a
Model 2,500 High Performance Raman Module, River Diagnostics B.V.). With the
excitation wavelength of 830 nm, the Raman signals of cyclohexane occur in the
wavelength range between 859 and 957 nm. Since this wavelength range exceeds
almost fivefold the FSR of 22 nm (at the central wavelength �c) of our AWG,
the different parts of the Raman spectrum fall into five different diffraction orders
(m D 39, 40, 41, 42, and 43) of the AWG, as indicated in the inset.
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Fig. 5.9 Normalized Raman spectra of cyclohexane for parallel (triangles) and cross (dots)
polarization, measured with the AWG spectrometer; normalized sum of the two spectra (crosses).
Unpolarized Raman spectrum (solid line) measured with a conventional spectrometer, folded into
diffraction order m D 41 of the AWG. Inset: original unfolded spectrum, extending over diffraction
orders m D 39, 40, 41, 42, and 43 of the AWG. The individual Raman peaks in both, folded and
unfolded spectrum, are assigned by letters (a–g). An additional peak at 1,050 cm�1 is attributed to
the laser line imaged at a higher order (m D 45) (Figure taken from Ismail et al. [14])

The same Raman spectrum, with the different diffraction orders folded into
the diffraction order mAWG D 41, for which the AWG was designed, is calculated
with the AWG grating equation [15] and shown as a red line in Fig. 5.9. The
individual peaks in the original and folded spectrum are assigned by letters (a–g).
Using our AWG spectrometer, polarized Raman signals were measured. Figure 5.9
shows the signals measured for parallel (triangles) and cross (dots) polarization,
normalized to the intensity of peak b for parallel polarization. Comparison of the
normalized sum of these two signals (green crosses) with the unpolarized spectrum
(red line) of cyclohexane, as measured using the bulk spectrometer and folded into
the diffraction order of the AWG, shows very good qualitative agreement: first of all,
we observe the presence of strongly polarized Raman bands at the locations of peaks
b and d, in agreement with the results found in the literature [16]. Furthermore,
all the peaks of cyclohexane in the fingerprint region can be clearly distinguished.
This test result demonstrates that a measurement with an AWG spectrometer can
unambiguously identify the Raman fingerprint of a measurand, even if its Raman
spectrum exceeds the FSR of the AWG, thus allowing us to design and apply an
AWG with high spectral resolution. Furthermore, polarized Raman spectra were
measured of extracted human teeth containing localized initial carious lesions [14].
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5.6 Integrated Optical Coherence Tomography
with an Arrayed-Waveguide Grating

Optical coherence tomography (OCT) [17] is a non-invasive optical technique for
high-resolution cross-sectional imaging of biological tissue, with many applications
in clinical medicine. The measurement principle of OCT is based on low-coherence
interferometry (LCI) in which interference patterns due to the superposition of a
multitude of waves with a large spread in wavelengths are studied. These distinctive
patterns enable one to determine the location at which light is reflected back and
to measure the depth profile of the scattering amplitude. By performing multiple
LCI measurements at different lateral coordinates on a sample, a three-dimensional
cross-sectional image of the scattering amplitude can be constructed.

Current state-of-the-art OCT systems operate in the Fourier-domain [18], using
either a broad-band light source and a spectrometer, known as spectral-domain
OCT (SD-OCT), or a rapidly tunable laser, known as swept-source OCT (SS-OCT),
because they offer a significant sensitivity advantage over time-domain OCT. SD-
OCT systems can utilize simple broadband sources, however they suffer from
severe signal roll-off in depth and require complicated detection optics, i.e., linescan
cameras and spectrometers. Current commercial SD-OCT systems typically achieve
�5 �m axial resolution with �25–27 kHz axial scan rates over an imaging range
of �2.0–2.6 mm. OCT systems contain a multitude of fiber and free-space optical
components which make these instruments costly and bulky. The size and cost of
an OCT system can be decreased significantly by the use of integrated optics. In
addition, integrated optics can enhance the performance of OCT by, for example,
parallelization [19, 20] of OCT devices on a chip.

A key component of an SD-OCT system is the high-resolution spectrometer. We
employ the same type of AWG that we successfully used in Raman spectroscopy
(Sect. 5.5). We investigated AWG spectrometers with high resolution and large FSR
for the spectral ranges near 800 and 1,300 nm in interferometric depth ranging and
OCT imaging, thereby demonstrating the first important step toward miniaturization
of an SD-OCT system.

The essential parameters that determine the imaging quality of FD-OCT systems
are center wavelength, axial resolution, maximum imaging depth, signal-to-noise
ratio (SNR), and sensitivity roll-off in depth. The shorter center wavelength of
800 nm is used for imaging ophthalmic structures to avoid the water absorption
losses dominant in this application, whereas for dermal imaging 1,300 nm is
used to avoid the dominant scattering losses. The axial resolution of an SD-OCT
system is determined by the effective bandwidth of the detected light, which
depends on the bandwidth of the light source and the FSR of the spectrometer.
Matching the FSR of the AWG with the bandwidth of the light source is the most
economical configuration. The maximum imaging depth in SD-OCT is determined
by the spectral sampling interval. The imaging range of SD-OCT is limited by
the signal roll-off, which is the attenuation of the OCT signal due to washout of
the interference fringe visibility with increasing depth. The roll-off in depth of
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Fig. 5.10 (a) Optical measurement set-up of the SD-OCT system with free-space Michelson
interferometer and integrated AWG spectrometer; (b) signal processing steps for SD-OCT (Figure
taken from Akca et al. [10])

the SD-OCT signal is determined by the spectral content of the spectrometer and
the camera pixel size. Finally, for maximum SNR, the spectrometer loss should be
minimized in the design stage. Typical SNR values for high-quality OCT imaging
are on the order of 100 dB. For more details, see [10].

A schematic of the SD-OCT system with integrated AWG spectrometer is shown
in Fig. 5.10a. The measurement technique for the 800 and 1,300 nm spectral
ranges is similar, except for the different specifications of the light source and the
linescan camera. The free-space Michelson interferometer (MI) is illuminated with
a superluminescent diode emitting a Gaussian-like spectrum. Light from the source
is directed to the reference and sample arms by a 50:50 beam splitter. The reference
mirror is kept stationary, while the sample mirror is moved during the experiments.
Light returning from the two arms is focused by an objective lens into a single-
mode fiber and directed to the AWG spectrometer. The output power of the MI
is measured to be 0.1 and 0.9 mW for the 800 and 1,300 nm spectral ranges,
respectively. In the AWG spectrometer, the optical spectrum is dispersed by the
arrayed waveguides and imaged by a camera lens with high numerical aperture onto
the camera. The acquired spectra are processed by subtracting the reference-arm
spectrum and resampling to k-space, as indicated in Fig. 5.10b. The reflectivity
depth profile is obtained by performing a Fourier transformation of the digitized
camera output. The measured spectra have an absolute wavelength scale defined by
the center wavelength and FSR value of the AWG.

The spectrum shown in Fig. 5.11a is the spectrum from the reference arm
at 1,300 nm. The optical bandwidth of the spectrum is measured as 39 nm.
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Fig. 5.11 Measured data for
an 1,300-nm AWG:
(a) Reference spectrum of the
AWG spectrometer on the
linescan camera. The inset
shows the interference
spectrum measured at
200 �m depth after
background subtraction.
(b) OCT signal as a function
of depth for a mirror reflector
and fit of the roll-off (dashed
line). The maximum depth
range is 1 mm. (c) OCT axial
resolution (solid circles) in
comparison with the
theoretical axial resolution
(dashed line) (Figure taken
from Akca et al. [10])
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Fig. 5.12 OCT image of a three-layered scattering phantom measured with the AWG as spec-
trometer in SD-OCT. The dashed line indicates the maximum imaging depth (Figure taken from
Nguyen et al. [22])

This value corresponds to an axial resolution of 19 �m. The inset shows the
measured interference spectrum after background subtraction, measured at a depth
of 200 �m. The modulation on the spectrum due to interference can be clearly
observed. The OCT signals measured for different depths, i.e. for different path
length differences between sample and reference arm of the MI, are shown in
Fig. 5.11b. The depth scale corresponded one-to-one with the physical distance
of the sample arm position change. We achieved imaging up to the maximum
depth range of 1 mm. The measured signal-to-noise ratio (SNR) was 75 dB at
100 �m depth, which includes 10 dB fiber-to-chip coupling loss, 7 dB free-space
interferometer loss, and 5 dB chip-to-camera coupling losses. By reducing losses
and increasing the output power of the light source, the sensitivity of the SD-OCT
system using an AWG spectrometer can be improved to the level of state-of-the-art
OCT systems. The FWHM values of the point spread functions at various depths are
plotted in Fig. 5.11c. An experimental axial resolution of 20 �m at 100 �m depth
was obtained. A decrease in resolution was found at larger depths.

As a demonstration of OCT cross-sectional imaging using the AWG spectrom-
eter, an image of a three-layered scattering phantom was obtained when using part
of a fiber-based OCT set-up [21] with the AWG as spectrometer, see Fig. 5.12 [22].
As expected, all three scattering layers are observed up to the maximum single-
pass optical path length of 1 mm (725 �m depth for the average refractive index of
1.38 of the phantom). The current imaging resolution and depth are sufficient for
biological imaging but can be improved by increasing the FSR and the number of
output channels.

Finally, the effect of discrete output channels and polarization dependency of an
AWG spectrometer was investigated [23]. By removing the output waveguides of
the AWG, the depth range was enhanced from 1 to 3.3 mm. In addition, the effect of
polarization dependency of the AWG on sensitivity roll-off was investigated and, for
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partial polarization, a beat effect was observed in the depth ranging measurements,
which leads to signal fading at specific depths. By controlling the polarization
state of the light carefully, the signal fading could be eliminated. A polarization-
independent AWG was investigated, which eliminated without the use of extra
components for polarization control.

5.7 Conclusions

Exploiting the spectral properties of AWGs, we have demonstrated confocal
light delivery and collection as well as Raman spectroscopy and SD-OCT with
the spectrometer integrated on a silicon chip. Integration of additional optical
components onto the same micro-chip will enable low-cost mass fabrication of
integrated optical instruments for various applications. Considerable size reduction
of the optical structures, e.g. by exploiting plasmonic structures, could provide
sufficient compatibility in lithography and processing for the combination of optical
with electronic functions, e.g. signal processing, on the same chip.
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