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ABSTRACT

Ultrasonography1 and photoacoustic2,3 (optoacoustic) tomography recently saw great advances in hardware and algorithms. However, current high-end systems still use a matrix of
piezoelectric sensor elements. New applications require sensors with high sensitivity, broadband detection, small size and scalability to a fine-pitch matrix. This paper demonstrates
an ultrasound sensor in silicon photonic technology with extreme sensitivity owing to an
innovative optomechanical waveguide. This waveguide has a tiny 15 nm air gap between
two movable parts, which we fabricated using new CMOS compatible processing. The
20 µm small sensor has a noise equivalent pressure below 1.3 mPa/√Hz in the measured
3-30 MHz range, dominated by acoustomechanical noise. This is two orders of magnitude
better than piezoelectric elements of identical size4 . The demonstrated sensor matrix with
on-chip photonic multiplexing5–7 offers the prospect of miniaturised catheters with sensor
matrices interrogated via few optical fibres, unlike piezoelectric sensors that typically use an
electrical connection per element.
MAIN

With tomographic ultrasonic1 and photoacoustic2,3 (optoacoustic) imaging, using a matrix of ultrasound sensors, two- or three-dimensional images can be reconstructed without
mechanical movement of the ultrasound sensors. Such matrices or arrays are the standard
in clinical ultrasound1 and in commercial pre-clinical photoacoustics (e.g. in systems from
iThera Medical, Munich, Germany, and from FujiFilm VisualSonics, Toronto, Canada).
These sensor matrices are also used in recent academic advances such as high-framerate8
and super-resolution9 imaging. This tomographic imaging relies on a matrix of many (∼10010,000) small (approximately half the acoustic wavelength) ultrasound sensors1–3 . State-ofthe-art bulk piezoelectric sensors, however, have limitations. First, the detection limit (expressed as noise equivalent pressure, NEP) scales approximately inversely with their size4 .
Especially for high-resolution imaging with small acoustical wavelengths, this imposes an
undesirably high pressure-detection limit resulting in a noisy image. Second, piezoelectric
sensors rely on their mechanical resonance to enhance signal amplitude. They are typically
used in a limited bandwidth around their resonance frequency, because the detection limit is
undesirably high otherwise1 . Third, piezoelectric sensor matrices require an electrical wire
(e.g. coaxial cable) for each of their sensor elements or embarked digitisation electronics10
(ASIC), hampering catheter applications and significantly driving up the cost of high-end
transducers1,2,10 .
As application example of ultrasound sensor matrices, this paper targets the requirements for brain imaging of freely moving mice, with acoustical frequency > 15 MHz and a
wavelength in water < 100 µm (Supplementary Information (SI) section I).
A variety of optical sensors have previously been demonstrated with excellent performance11 ,
such as sensors at optical fibres12–15 , with free-space optics16 , with polymer waveguides17–19 ,
and sub-micron sensors at the end-facet of a photonic chip20 . However, these sensors are not
obviously scalable to a fine-pitch (< 50 µm) two-dimensional matrix. Further, ultrasound
sensors based on bare21,22 or polymer-coated23 silicon waveguides have low sensitivity.
This paper presents an optomechanical ultrasound sensor (OMUS) on a silicon photonic
chip (Fig. 1a). This device overcomes all three aforementioned limitations of piezoelectric
sensors. Extreme sensitivity is achieved with a split-rib photonic waveguide combined with
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an acoustic membrane. This innovative split-rib waveguide, which has the slab- and rib-parts
of the rib-type waveguide separated by a tiny air gap, extends the variety of different silicon
waveguides for sensing24,25 . Owing to this high sensitivity waveguide, the detection limit of
the sensor is dominated by acoustomechanical noise and the noise spectrum is relatively flat
over a large bandwidth, such that the sensor can work away from its acoustomechanical resonance. With the silicon photonic technology, sensor matrices and photonic multiplexers5–7
can be integrated. This enables matrix read-out via a few optical fibres.
We report on two optomechanical ultrasound sensors, with membrane diameters of 20
and 15 µm and acoustomechanical resonances of 26 and 44 MHz in water, respectively.
Also, we demonstrate an array of ten sensors with a fine pitch of only 30 µm, interrogated
through only two optical fibres using on-chip photonic multiplexing. Furthermore, the sensor
is applied in a photoacoustic imaging demonstration.
The functional principle of the optomechanical ultrasound sensor is as follows (Fig. 1).
Incident ultrasound waves induce vibration of an acoustically resonant membrane. Our
new split-rib waveguide has one part on this movable membrane and one part on a fixed
substrate, separated by a tiny 15-nm gap (Fig. 1b). As the electric field intensity of the
waveguide mode is high inside this gap, a slight, ultrasound-induced change in gap height
result in a large change in the waveguide’s effective refractive index (Fig. 1c). The waveguide
forms a photonic ring resonator and is accurately interrogated using a laser (Fig. 1d). The
sensitivity of this new OMUS is two orders of magnitude larger than an OMUS based on
elongation of a conventional rectangular silicon waveguide fabricated on top of a movable
membrane26 (SI section III).
The sensors are fabricated in Imec’s 200 mm pilot line using newly engineered processing
that is compatible with fabrication in CMOS (complementary metal-oxide-semiconductor)
foundries (Fig. 2a-d and Methods). The key challenge was to produce a 15 nm gap in the
optomechanical waveguide with the slab-part of the waveguide hovering above the rib-part
on a large suspended membrane. Because this new split-rib waveguide does not rely on inplane alignment between its two parts, it can be fabricated in CMOS-compatible technology
using wafer-to-wafer oxide fusion bonding with only micrometre alignment precision. This
avoids the typical MEMS (microelectromechanical systems) sacrificial release process, known
to be a significant yield detractor, and enables freely choosing from a variety of membrane
materials. The bottom wafer starts as standard silicon-on-insulator (SOI) wafer. A sequence
of processing steps is applied to form both the rib-part of the waveguide as well as a 15 nm
thermally grown SiO2 spacer that precisely defines the height of the waveguide gap (Fig 2b,e).
The top wafer consists of a silicon substrate with a 2-µm thick mechanical silicon-dioxide
layer and a 60-nm thick amorphous silicon (a-Si) layer (Fig. 2a). We developed a PECVD
(plasma-enhanced chemical vapour deposition) process for this SiO2 layer with low tensile
stress, which is important for a mechanically stable membrane. On top of this SiO2 layer, a
60 nm thin optical-quality amorphous Si layer is deposited at a low temperature of 400 ◦ C to
keep the SiO2 tensile. A 5 nm layer of SiO2 is deposited on top of the a-Si layer to facilitate
oxide-to-oxide fusion bonding of the two wafers. A smooth wafer surface, with root mean
square (RMS) roughness below 1 nm, is necessary for void-free and strong bonding. We
applied a combination of chemical-mechanical-polishing (CMP) and stochastic sputtering27
to reduce the roughness of the wafer surface. Employing this, defect-free bonding is achieved
(Fig. 2f-h). As a final step, the silicon substrate of the top wafer is removed in a wet etch
process (Fig. 2d,i).
The sensor performance is characterised in water to mimic the acoustical properties of
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tissue. A 20 MHz piezoelectric transducer is used to fire short ultrasound pulses towards
the sensor (Fig. 3a). The acoustic pressure of these pulses is calibrated using a reference
needle hydrophone.
First, the operating principle is demonstrated by stepping the laser wavelength across
the optical resonance of the ring resonator (Fig. 3b). Low optical intensity is used to avoid
optical temperature-induced nonlinearity of the measured transmission spectrum5 . At each
laser wavelength we record both the average optical transmission and the sensor output
containing the recorded ultrasound pulse. The sensor output is a time-trace of the optical
transmission which is measured by recording the voltage at the output of the photoreceiver.
As expected for dispersive optomechanical coupling28 , the sensor output signal is highest
with the laser at the flank of the optical resonance of the ring resonator.
Second, we show the sensor response as a function of applied acoustic pressure (Fig. 3c).
A linear relation is observed for lower pressures while the most sensitive device with a
diameter of 20 µm shows nonlinear saturation for higher pressures. This nonlinear saturation
is attributed to the optical resonance shifting so far that the fixed laser is no longer in
the linear regime of the resonance flank. Alternative read-out methods12,29 can measure
resonance shift accurately over a large dynamic range.
Third, we characterise the sensor sensitivity and detection limit (noise equivalent pressure,
NEP). A broadband ultrasound pulse is generated by pre-compensating the electrical excitation for the response of the ultrasound source (SI section IV). The sensors are characterised
in the bandwidth 3 – 30 MHz, with the upper limit set by the hydrophone calibration. The
first arrival of the ultrasound pulse is time-windowed, thereby excluding subsequent arrivals
via acoustic reflections at the bottom-surface of the silicon substrate of the chip (Fig. 3d
and SI section VII.B). Using the Fourier transform of the received pulse (and its calibration,
see Methods), the sensor sensitivity S(f ) in mV/Pa is computed (Fig. 3e, left axis). The
ripple in sensitivity around 9 MHz is attributed to hydrophone calibration (SI section V).
The sensitivity expressed in shift of the resonance wavelength of the photonic ring resonator
per applied pressure is 35 fm/Pa, for the 20 µm diameter sensor at its acoustical resonance
frequency of 26 MHz (SI section VI). The noise amplitude spectral density of the sensor,
NV (f ) in µV/√Hz, is calculated from a recorded time-trace without applied ultrasound and
without signal averaging (Fig. 3e, right axis). The fundamental membrane resonances of
the two sensors with diameters of 20 and 15 µm are visible at 26 and 44 MHz, respectively,
which agrees well with modelling (SI section VII.A). The noise equivalent pressure (NEP)
spectral density of the sensor NPa (f ) = NV (f )/S(f ) is below 1.3 and 2.3 mPa/√Hz for the
sensors with diameters of 20 and 15 µm, respectively (Fig. 3f). Using modelled sensitivity
and measured noise, we estimate that the two sensors have this low NEP up to frequencies
of 40 MHz and 76 MHz, respectively (SI section VII.D). The measured NEP is two orders of
magnitude lower than the NEP of piezoelectric sensors of the same size (see Methods). Furthermore, the flat NEP spectrum is achieved over a large bandwidth, which implies that the
sensor can work away from its acoustomechanical resonance. The root-mean-square (RMS)
NEP for the measured 3 – 30 MHz bandwidth is 5.5 and 9.1 Pa for the two sensors diameters, respectively. For comparison, the NEP of the needle hydrophone (Precision Acoustics,
Dorchester, UK) is 768 Pa, despite a 10 times larger diameter of 0.2 mm.
Unlike most piezoelectric ultrasound sensors, where electrical noise dominates, our 20 µm
diameter OMUS is dominated by acoustomechanical noise (SI section VIII). The electrooptical noise sources in our system are laser amplitude noise, laser frequency noise and photoreceiver amplitude noise. The electrooptic amplitude noise is measured by setting the laser
4

wavelength away from the resonance of the photonic resonator and measuring the noise spectral density of the OMUS. At the acoustical resonance frequency, the sensor noise (including
acoustomechanical noise) is measured to be 19 dB larger than the electrooptic amplitude
noise. The laser frequency noise, estimated from the linewidth of the laser, is 31 dB smaller
than the electrooptic amplitude noise. Moreover, the measured sensor noise spectrum is
completely different with the membrane in water or in air because of the different acoustical
environment.
The sensors have good omnidirectionality; the difference in sensor response is below
25% for the ultrasound angle of incidence measured up to 60 degrees (SI section IX). To
demonstrate reproducibility, we characterised four sensor chips taken from different locations
on the wafer and they all display a NEP spectrum below the aforementioned values of 1.3
and 2.3 mPa/√Hz for the sensors with diameters of 20 and 15 µm, respectively (SI section
X).
We demonstrate a 1-D array of ten optomechanical ultrasound sensors, interrogated
through two optical fibres using photonic wavelength-division multiplexing (WDM). These
sensors with a membrane diameter of 20 µm are positioned with a fine pitch of only 30 µm.
The sensors have photonic ring resonators with slightly different radii such that their resonances are, in design, evenly distributed over their free-spectral-range of ∼17 nm. All
ten photonic resonators are coupled to the same bus waveguide (Fig. 4, inset). Over one
free-spectral-range, the transmission spectrum shows ten dips, each dip corresponding to
the photonic ring resonator of one of the ultrasound sensors (Fig. 4a). The resonance wavelengths of the ten ring resonators (Fig. 4b, dots), which are affected by variability in the
fabrication process, are quite evenly distributed over the free-spectral-range (Fig. 4b, curve)
with wavelength variability below ±0.4 nm (Fig. 4c). In future designs, 21 similar sensors
can be coupled to the bus waveguide without overlap in their resonances, by choosing a
resonance spacing of 0.8 nm. Ultrasound experiments are performed with an ultrasound
incidence angle of 18 degrees, such that the responses of the individual sensors are distinguishable. The recorded time-traces clearly show the recordings of all sensors (Fig. 4d). The
ultrasound pulse first arrives at sensor number 10 and last at sensor number 1. The measured
arrival times agree with the ultrasound angle of incidence. Combining this rings-on-a-bus
wavelength-division-multiplexing with coarse multiplexing, we estimate multiplexing is possible up to 63 sensors per fibre core. With a cable thickness below 4 mm, a total of 732
and 10,004 sensors could be addressed using off-the-shelf fibre-trunk cables and multi-core
fibre-trunk cables, respectively (SI section XI).
The sensor is applied in raster-scan photoacoustic tomographic imaging of a phantom
consisting of three sutures (Fig. 5 and Methods). For volumetric (3-D) photoacoustic tomography, the phantom is scanned over an area of 4 × 4 mm2 by steps of 40 µm. At each
step, a green (515 nm) excitation laser fires a pulse, thereby generating ultrasound in the
phantom via the photoacoustic effect, and this ultrasound signal is recorded with the OMUS.
The recorded signal time-traces are used in the tomographic reconstruction (see Methods).
The three overlaying sutures can be clearly appreciated in the reconstructed image (Fig. 5ac). Line-scan photoacoustic tomography and 2-D reconstruction is applied to one suture at
various depths (Fig. 5d). The photoacoustic images show a good signal-to-noise ratio up to
a large depth of 15 mm, but we note that our experiments do not include attenuation and
scattering of real tissue. The reduced lateral resolution of these 2-D reconstructed images
at large depth is due to an insufficient scanning length of 8 mm (the ultrasound numerical aperture is 0.26 at 15 mm depth) and the suture being not orthogonal to the scanning
5

direction. This demonstration is a successful first step towards photoacoustic mouse brain
imaging.
In conclusion, we demonstrated an optical ultrasound sensor based on a highly sensitive split-rib waveguide. It simultaneously meets all requirements for new applications in
sensor-matrix-based ultrasonic and photoacoustic tomography: high sensitivity (NEP below 1.3 mPa/√Hz for the full bandwidth), broadband detection (measured 3-30 MHz), small
size (20 µm), and scalability to a matrix (silicon photonic technology). Its pressure detection limit (NEP) is dominated by acoustomechanical noise and this limit is two orders of
magnitude lower than the detection limit state-of-the-art piezoelectric sensors of the same
size.
Also, a fine-pitch (30 µm) array of optomechanical ultrasound sensors was demonstrated,
with two-fibre read-out using on-chip photonic wavelength-division-multiplexing. Furthermore, the ultrasound sensor was applied in photoacoustic tomography and polyamide sutures
are clearly resolved.
The presented sensor can enable new clinical and biomedical applications of ultrasonic
and photoacoustic imaging. The low detection limit of this sensor is extremely beneficial
because the detection limit of ultrasound sensors imposes a trade-off between imaging resolution and depth1–3,9 , as the attenuation of ultrasonic waves scales with both frequency
and depth. Hence this sensor can improve the achievable imaging resolution and/or depth.
Moreover, a low detection limit is very important in photoacoustic imaging, where pressures
are up to three orders lower than in conventional ultrasound2–4 . Furthermore, it may enable
low-pressure applications like through-skull functional brain imaging, which suffers from the
strong ultrasound attenuation of bone1,9 . With silicon photonic technology, sensor matrices
and photonic wavelength-division multiplexers5–7 can be integrated in a cost-effective manner. This brings the prospect of disposable sensors with only a thin fibre-optic cable for
catheter and endoscope applications.
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Fig. 1. Concept of new optomechanical ultrasound sensor (OMUS) and innovative split-rib waveguide. a, Sketch of OMUS. b, Sketch of split-rib waveguide with tiny
gap. Silicon rib width 450 nm × height 170 nm, air gap height 15 nm, silicon slab height
60 nm, silicon-dioxide lower cladding (BOX) and upper cladding (membrane). Overlaying
plot of simulated electric field intensity of the waveguide mode, showing high intensity in the
gap. c, Simulated waveguide effective index as function of gap height. The sensitivity of this
sensor scales with the tangent of this curve (plotted at 15 nm gap). d, Read-out principle:
a laser is tuned to the resonance flank. The ultrasound-induced resonance shift translates to
an intensity modulation of the transmitted light. The three transmission curves correspond
to different deflections of the membrane, with the transmission at laser wavelength indicated
by corresponding crosses.
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Fig. 2. CMOS fabrication process developed to produce the 15 nm gap. a-d,
Illustration of fabrication process. a, Top wafer with engineered low tensile stress mechanical
silicon-dioxide and optical quality amorphous silicon layers. b, Bottom silicon-on-insulator
(SOI) wafer with 15 nm thermally grown SiO2 as spacer and patterned with waveguide,
membrane, and gap definition. c, Cross-section after wafer-to-wafer oxide-fusion bonding.
d, Final device cross-section after removal of top wafer substrate. e, Scanning electron
microscope (SEM) picture of intermediate processing step of bottom wafer. f, Scanning
acoustic microscope (SAM) picture of bonded wafers, showing not-bonding only at patterned
device structures and zero bonding defects in the device area. g, Zoom of (f) showing two
columns of sensors. h, Design corresponding to (g). i, Optical microscope picture of the
fabricated ultrasound sensor, the membrane is semi-transparent.
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METHODS
Piezoelectric sensor detection limit

The noise equivalent pressure spectral density NPap
(f ) of piezo-electric sensors is estimated
4
following Winkler and co-workers using NPa (f ) = Fn kB T Za / (Aη(f )) with preamplifier
noise factor Fn = 2, Boltzmann constant kB , temperature T = 300 K, characteristic acoustic impedance of water Za = 1.48 MPa·s/m, detector efficiency η = 0.01 to 0.001, and
sensor area A. The detection limit scales inversely with the square-root of the sensor area,
such that larger sensors have a lower detection limit. A small sensor size is essential to
some applications while other applications can benefit from a larger sensor1,2 . In matrix
sensors for tomographic image reconstruction, a small sensor pitch (hence a small sensor
size) of half the acoustical wavelength is required to obey spatial Nyquist sampling, i.e. to
avoid spatial aliasing1 . In practice the pitch of ultrasound sensor matrices is a trade-off
that also includes the detection limit and the number of ultrasound sensors. For piezoelectric ultrasound sensors, this trade-off typically results in a pitch between 0.5 and 1 times
the acoustical wavelength at the acoustical centre frequency of the sensor8,9 . To compare
ultrasound sensors of different
√ sizes, we introduce the metric NEP spectral density times
square-root of area, n̂Pa (f ) · A. For piezo-electric sensors, this metric is estimated as 1.1
to 3.5 mPa·mm/√Hz, using the aforementioned equation4 . For comparison we list some
measured examples: a 0.2 mm needle hydrophone (Precision Acoustics, Dorchester, UK)
scores 26.2 mPa·mm/√Hz, a 1 mm needle hydrophone11 (Precision Acoustics, Dorchester,
UK) scores 12.8 mPa·mm/√Hz, an intravascular ultrasound probe13 (Boston Scientific, Atlantis PV) scores 402 mPa·mm/√Hz, and a 5.5 mm large spherically focused piezoceramic
transducer11 (Olympus NDT panametrics, V214-BB-RM) scores 1.1 mPa·mm/√Hz. The reported OMUS scores 0.022 and 0.029 mPa·mm/√Hz for the sensors with membrane diameters
20 and 15 µm, respectively.
11

0.0

Sensor design

Based on nontrivial sensor design optimisation with fabrication constraints considered
(SI section II), we arrive at: waveguide rib height 170 nm, rib width 450 nm, slab height
60 nm, directional coupler gap 300 nm, and ring resonator diameters 8 and 11 µm for the
two reported sensors with acoustical membrane diameters of 15 and 20 µm, respectively.
The photonic waveguide mode is computed using Lumerical’s (Vancouver, Canada) ModeSolutions Finite-Difference Eigenmode (FDE) solver (Fig. 1b,c).
Photonic characteristics and fibre coupling

Waveguide propagation loss, measured in a separate experiment, is around 6.5 dB/cm.
This relatively high waveguide loss is attributed to the amorphous silicon of the slab-part of
the waveguide. In a preliminary experiment, we evaluated the optical loss of this amorphous
silicon material by fabricating and characterising a rectangular waveguide (width 450 nm,
height 250 nm, non-optimised fabrication process) of the same amorphous silicon and found
a propagation loss between 5.8 and 7.5 dB/cm. We expect that the loss of the waveguide in
the OMUS can be significantly reduced by using crystalline silicon also for the slab-part of
the waveguide. This could be achieved with custom silicon-on-insulator (SOI) wafers with
the low-stress silicon-dioxide required for the sensor membrane. For the read-out method
with a laser at the flank of a resonance of the photonic ring resonator, the sensor sensitivity
can be significantly increased by reducing waveguide loss (SI figure 4).
Optical transmission spectra of the photonic ring resonators show some resonance splitting, which affects their linewidth and Q-factor (Fig. 3b). The optomechanical ultrasound
sensors with membrane diameter of 20 µm and 15 µm and photonic ring radius of 5.5 µm
and 4.0 µm, have a resonance linewidth (full-width at half-max) of 84 pm and 138 pm, a
Q-factor of 1.8 · 104 and 1.1 · 104 , and an extinction ratio of 0.08 and 0.17, respectively.
The photonic sensors are interfaced with optical fibres using out-of-plane grating couplers25 .
Fibre array blocks are accurately aligned and glued to the chip30 . Total laser-to-photoreceiver
insertion loss including grating couplers is 18 dB (Fig. 3b). Optical spectra also show ripples
due to spurious reflections of grating couplers (Fig. 3b), which are relatively large for our
coupler because they are fabricated in the OMUS waveguide fabrication process with only
one etch depth available.
CMOS-compatible fabrication

The fabrication of the optomechanical ultrasound sensors is compatible with fabrication
technology in CMOS-foundries, but it is not monolithically integrated with CMOS electronic
integrated circuits. The two parts of the waveguide are processed on two separate wafers
that are bonded together to make the desired waveguide with a tiny air gap. The bottom
wafer starts with a standard silicon-on-insulator (SOI) wafer with 220 nm thick Si, 2 µm
thick SiO2 , and a 725 µm thick Si substrate. A combination of thermal oxidation and
subsequent buffered hydrofluoric acid (BHF) etch is applied to thin down the top layer to
170 nm and form a 15 nm of SiO2 layer on top. This oxide thickness defines the height of
the gap between the two parts of the waveguide. A 100 nm thick layer of SiN is deposited
on top as a hard mask for the next waveguide etch, using a PECVD process at 400 ◦ C.
12

Subsequent lithography and etch steps are used to pattern the waveguide. A 100 nm layer
of SiN is deposited on top of the waveguide patterned wafer. A dark-field mask is used
with a combination of dry and wet etch processes to selectively expose the oxide on top of
the waveguide where the gap is to be formed. The unexposed area of the wafer remains
covered with the SiN layer. This is followed by a BHF wet etch and a H3 PO4 wet etch.
This leaves the wafer with 15 nm oxide on top of 170 nm Si layer except the places where
a gap is desired. The top wafer starts with a standard Si substrate. A PECVD process
was developed to deposit a 2 µm SiO2 layer on top the substrate, with a low tensile stress
(measured around 80 MPa). This is followed by a 400 ◦ C deposition of 60 nm amorphous-Si
and 5 nm of SiO2 . A sequence of CMP and stochastic soft sputtering is applied to reduce the
roughness of the bonding surface. The bonding of these two wafers at this stage forms the
optomechanical waveguide including the 15 nm air gap. Finally, the membrane is formed
by grinding the top substrate to 20 µm and using a KOH (potassium hydroxide) etch to
remove the remaining Si.
Ultrasound measurement setup

The ultrasound sensors are characterised in a water-tank with high-purity water (Fig. 3a).
Ultrasound pulses are generated with an arbitrary waveform generator (AWG, Keysight
33522B Waveform Generator, 30 MHz) directly connected to a piezoelectric transducer
(Olympus V316-SM, 20 MHz centre frequency, element size 0.125 inch). Light is generated
using an external cavity laser (Santec TSL-510, linewidth 200 kHz), polarisation controlled
(Thorlabs FPC562), sent through the OMUS, and finally detected using a photoreceiver
(Newport 1811-AC-FC). This photoreceiver has two outputs, a DC output (DC-50 kHz)
and an AC output (25 kHz – 125 MHz). The DC output is used to measure the DC optical transmission and the AC output is used to measure the ultrasound signal. Both are
discretized using and oscilloscope (LeCroy, HDO4024A, bandwidth 200 MHz, sampling rate
500 MSamples/s). The setup is calibrated by measuring the pressure at the same position
as the OMUS sensor using a calibrated needle hydrophone (0.2 mm needle, calibration uncertainty below 17%; Precision Acoustics, Dorchester, UK). Precise alignment stages (xyz
and tip/tilt) are used to accurately align the ultrasound source with the OMUS or the
hydrophone. Distance between ultrasound source and OMUS or hydrophone is adjusted
to 52 mm using real-time ultrasonic time-of-flight measurements (target 35 µs). In-plane
alignment is done by signal amplitude optimisation.
Ultrasound measurements, calibration, and data processing

Prior to measurements the laser wavelength is tuned to the flank of the optical resonance.
Laser power -7 dBm is used in Fig. 3b and 6 dBm in Fig. 3c-f. In Fig. 3c, the transducer
is excited with a short Gaussian pulse (σ = 30 MHz) to achieve high peak pressure. In
Fig. 3d-f, the transducer is excited with a pulse that compensates for the piezo-electric source
to achieve a large bandwidth (SI section IV). OMUS signal measurements are averaged 100x
(except for Fig. 3b, where 50x averaging is used). Hydrophone measurements are averaged
100,000x. Noise measurements are never averaged. The same data processing is applied
to recorded OMUS signal time-traces y(t) and hydrophone time-traces h(t). The same
ultrasound pulse shape is used in OMUS measurement and in calibration. There is a linear
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relation between the output voltage of the waveform generator and the acoustical pressure
p at the position of the sensor. Hydrophone measurement are always done with waveform
generator output peak-to-peak voltage Vpp,H = 4 V. OMUS signal measurement are done at
another output voltage Vpp , depending on the measurement. Received signal time-traces are
bandpass filtered with cut-offs at 0.5 MHz and 60 MHz, using a digital 5th order Butterworth
filter. To select the first arrival of the pressure pulse and remove spurious reflections from the
back-surface of the chip, the time-traces are windowed with a Tukey window (total length
0.3 µs, unity length 0.2 µs) (Fig. 3d). In Fig. 3c, the peak pressure pp is computed from the
hydrophone measurement h(t) and the hydrophone sensitivity sH = 56.7 mV/MPa (average
over calibrated frequency range 1-30 MHz), i.e, pp = max [h(t)] /sH · Vpp /Vpp,H . In Fig. 3d-f,
the sensor is considered in the linear pressure regime and the arbitrary waveform generator
(AWG) output voltage chosen accordingly, namely Vpp = 0.4 V and Vpp = 1.6 V for the 20
and 15 µm sensors, respectively. In Fig. 3e, the amplitude spectral density of the received
pulses of the OMUS, Y (f ), and hydrophone, H(f ), with unit V/√Hz, are computed using the
Fourier transform. The pressure spectral density P (f ), with unit Pa/√Hz is computed using
the hydrophone calibrated hydrophone sensitivity SH (f ), via P (f ) = H(f )/SH (f )·Vpp /Vpp,H .
Uncertainty in the calibrated hydrophone sensitivity SH (f ) is below 17%. Sensor sensitivity
S(f ) = Y (f )/P (f ) and has unit V/Pa. Noise amplitude spectral density |NV (f )| is extracted
from a 2 ms long time-trace, n(t), recorded by the OMUS without ultrasound excitation.
Noise power spectral density |NV (f )|2 in V2 /Hz is estimated using the Welch31 method
with segments of 2048 samples, Hanning window, 512 samples overlap, and linear detrend.
Noise equivalent pressure (NEP) spectral density of the sensor is computed using NPa (f ) =
NV (f )/S(f ), with unit Pa/√Hz. Root-mean-square
(RMS) pressure in frequency range f0 ,
qR
f1
f1 is computed using pNEP,RMS =
|NPa (f )|2 df .
f0

Sensor array: device, measurement setup and data processing

The sensor array has ten sensors positioned with a pitch of only 30 µm. The sensors
have a membrane diameter of 20 µm, photonic ring resonators with radii around 5.5 µm
and a directional coupler gap of 300 nm. The photonic resonators in these ten sensors have
slightly different radii such that their resonances are, in design, evenly distributed over their
free-spectral-range of 17 nm. The actual resonance wavelengths of these rings are affected
by variability in the fabrication process. All ten photonic resonators are coupled to the
same connecting bus waveguide. The sensor chip is fibre-coupled and interrogated using two
fibres, namely one input fibre and one output fibre.
The experimental setup is as described before, with the difference that the sensor chip
is rotated such that the incidence angle of the ultrasound is 18 degrees. The ultrasound
source is excited with an electrical Gaussian pulse of width σ = 30 MHz and an amplitude
of 0.4 Vpp. Because the experimental setup has only one laser and one photoreceiver, the
sensors are measured consecutively. The laser wavelength is first tuned to the flank of the
photonic resonance of the first sensor, then to the second sensor, etc. Recorded signals
are not averaged. Sensor signals are normalized to the estimated photonic transmission
of an isolated bus waveguide at the laser wavelength that is used in the recording, i.e.
the amplitudes are corrected for the photonic insertion loss which is wavelength-dependent
because of the out-of-plane grating couplers.
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Photoacoustic tomography sample

Three Dafilon polyamide sutures (B. Braun Melsungen AG, Melsungen, Germany) are
laying on top of each other in an Agar substance with a thickness of ∼10 mm. Two of these
sutures have a diameter of 20 - 29 µm and one suture has a diameter of 40 - 49 µm.

Photoacoustic tomography setup

The phantom is illuminated with pulses of green light which cause the optically absorbing
sutures in the phantom to emit ultrasound via the photoacoustic effect. This photoacoustic
excitation of the sample is done in an inverted microscope with defocussed illumination to
achieve a large beam diameter. The phantom is placed in a small high-purity water basin
(height 17 mm) with glass bottom-side to allow transmission of the illumination. This basin
is placed on an accurate XY scanning stage (Thorlabs MLS203-1). The OMUS is in the water
basin facing downwards towards the phantom. The green laser (Flare PQ HP GR 2k-500 by
Innolight, Hannover, Germany; optical wavelength 515 nm, pulse width 1.2 ns) light is first
spatially cleaned and enlarged using a telescope with a 25 µm pinhole, then passes through
the inverted microscope with an objective (PLN 10× by Olympus, Germany; NA 0.25), and
then passes ∼10 mm of Agar causing diffused light with a beam diameter larger than 4 mm.
The OMUS interrogation is similar to the ultrasound measurement setup described before
but with a different external cavity laser (Thorlabs INTUN TL1550-B, C-band) and data
acquisition card (GaGe, Lockport, USA, sampling rate 1 GS/s).

Photoacoustic tomography reconstruction algorithm

The volumetric images are reconstructed using a back-projection algorithm32 . The ultrasound sensor is above the phantom and the ẑ-direction points downwards. For the 3-D
reconstruction in Fig. 4a-c, the sample is scanned with respect to the OMUS over an area
of 4 × 4 mm with steps of 40 µm in both x- and y-directions. At each step with indices (i, j)
and position r̃ij = x̃i x̂ + ỹj ŷ, the green excitation laser fires a pulse, causing the phantom to
generate ultrasound via the photoacoustic effect, and the consequent ultrasound time-traces
time-traces
P Pbij (t) are recorded by the OMUS. Reconstructed volumetric image amplitude
a(r) = i j bij (|r − r̃ij | /cs − d) at image position r = xx̂ + y ŷ + z ẑ, with sound velocity
cs = 1500 m/s and pulse delay d = 130 ns. As last step, the envelope of the image is
computed along the z-direction by taking the absolute value of the Hilbert transform of the
image. For the 2-D reconstruction in Fig. 4d, the sample is scanned the sample is scanned
with respect to the OMUS over a length of 8 mm with steps of 10 µm in y-direction. The
same image reconstruction algorithm is used, but with x = x̃ = 0.

DATA AVAILABILITY

The data that support the plots within this paper and other findings of this study are
available from the corresponding author upon reasonable request.
15

CODE AVAILABILITY

Photonic and mechanical numerical modelling was performed using commercially available Lumerical and COMSOL softwares. The code that analyses the experimentally measured data is available from the corresponding author upon reasonable request.
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[22] Zarkos, P., Hsu, O. & Stojanović, V. Ring resonator based ultrasound detection in a zerochange advanced CMOS-SOI process. In Conference on Lasers and Electro-Optics, OSA
Technical Digest, JW2A.78 (Optical Society of America, 2019).
[23] Ravi Kumar, R. et al. Enhanced Sensitivity of Silicon-Photonics-Based Ultrasound Detection
via BCB Coating. IEEE Photonics Journal 11 (2019).
[24] Chrostowski, L. et al. Silicon photonic resonator sensors and devices. In Proc. SPIE 8236,
Laser Resonators, Microresonators, and Beam Control XIV, 823620, 387 – 402 (2012).
[25] Westerveld, W. J. & Urbach, H. P. Silicon Photonics: Electromagnetic theory (IOP Publishing,
Bristol, UK, 2017).
[26] Leinders, S. M. et al. A sensitive optical micro-machined ultrasound sensor (OMUS) based
on a silicon photonic ring resonator on an acoustical membrane. Scientific Reports 5, 14328
(2015).
[27] Chason, E., Mayer, T. M. & Howard, A. J. Kinetics of surface roughening and smoothing
during ion sputtering. MRS Proceedings 317, 91 (1993).
[28] Basiri-Esfahani, S., Armin, A., Forstner, S. & Bowen, W. P. Precision ultrasound sensing on
a chip. Nature Communications 10, 132 (2019).
[29] Hazan, Y. & Rosenthal, A. Passive-demodulation pulse interferometry for ultrasound detection
with a high dynamic range. Optics Letters 43, 1039 (2018).

REFERENCES ACCOMPANYING METHODS
[30] Snyder, B. & O’Brien, P. Packaging process for grating-coupled silicon photonic waveguides
using angle-polished fibers. IEEE Transactions on Components, Packaging and Manufacturing
Technology 3, 954–959 (2013).
[31] Welch, P. D. The use of Fast Fourier Transform for the estimation of power spectra: A method
based on time averaging over short, modified periodograms. IEEE Transactions on Audio and
Electroacoustics AU-15, 70 (1967).
[32] Xu, M. & Wang, L. V. Universal back-projection algorithm for photoacoustic computed
tomography. Phys. Rev. E 71, 016706 (2005).

ACKNOWLEDGEMENTS

We thank Bert Du Bois, Marcus Dahlem, Roelof Jansen, Cedric Pieters and Harrie
Tilmans for fruitful discussions; Naser Hosseini for simulations of the directional coupler;
Paul Coene for the Process Design Kit; Raven Demeyer and Thomas Raes for the CMOS
masks preparation; Kim Baumans, Jeroen de Coster, Junwen He and Bradley Snyder for
fibre-coupling; imec’s 200 mm Pilot Line Engineering and FAB teams for fabrication process
development; Margo Billen, Piotr Czarnecki, Tangla David Kongnyuy and Maja Zunic for lab
17
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I. EXAMPLE APPLICATION:
PHOTOACOUSTIC MOUSE BRAIN IMAGING

The optomechanical ultrasound sensor (OMUS) may
find many applications ranging from clinical ultrasound
to biomedical photoacoustics. As example we mention
biomedical photoacoustic imaging of mouse brain using
an OMUS matrix for real-time volumetric (3-D) imaging.
Citing to L.V. Wang and co-workers in Nature Methods
(2016) [1] “Miniaturized photoacoustic tomography sys-
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tems are of great interest for imaging freely moving animals, especially for brain studies. The relatively low sensitivity of a miniaturized ultrasonic transducer and the
limited options for fast acoustic scanning mechanisms are
currently the major hurdles. High-speed wide-field optical detection of acoustic pressure might enable a solution.” The silicon photonic optomechanical ultrasound
sensor reported in this article is suitable for this application.
We envision a biomedical photoacoustic tomography

2
configuration that consists of a lightweight, small and
cost-effective probe that includes a fine-pitch matrix of
optomechanical ultrasound sensors and photoacoustic illumination optics, which is connected via a thin flexible
cable to a large system that includes the electro-optic
interrogator of the ultrasound sensors, signal digitizers,
imaging hardware, and a photoacoustic excitation laser.
In photoacoustic tomography, the depth-to-resolution
ratio is typically a factor ∼200 (Ref. [2]). The depth of a
mouse brain is ∼10 mm such that the achievable resolution then ∼50 µm. However, at the depth scale of 10 mm,
such resolutions are achieved using photo-acoustic microscopy with a big focussed ultrasound transducer that
is mechanically raster-scanned resulting in a poor imaging framerate [2]. State-of-the-art photoacoustic tomography of mouse brain based on an matrix of fixed sensors
[3], with a high framerate of 100 frames per second, has
a resolution of 150 µm at a depths up to 7 mm, i.e. a
dept-to-resolution ratio of 47. The axial resolution of
a photoacoustic image can be approximated as half the
acoustical wavelength. To achieve a depth-to-resolution
ratio of 200 at a depth of 10 mm, the required acoustical
wavelength is 100 µm with corresponding frequency of
∼15 MHz. Here, we consider two characteristics of the
sensor matrix that limit this resolution: the bandwidth
of the sensor and the pitch of two sensors in a matrix.
The resolution of in vivo brain imaging may deteriorate
due to effects other than the sensor characteristics, such
as the attenuation and scattering of ultrasound in tissue
and inhomogeneities in sound velocity in tissue.
The noise-limited bandwidth of the presented optomechanical ultrasound sensors is 37 MHz and 73 MHz for the
sensors with diameters of 20 µm and 15 µm, respectively
(Sec. VII D). This bandwidth is sufficient for depth-toresolution ratio of 493 and 973, respectively. The amplitude of photoacoustic signals is typically decreasing as
a function of frequency. The sensitivity spectrum of the
optomechanical ultrasound sensor can be used to compensate for this effect. In such a design, the sensor is
used only up to its resonance frequency, which is 26 MHz
and 42 MHz for the sensors with diameters of 20 µm and
15 µm, respectively (main article). Even when only using
this limited frequency range, the bandwidth is sufficient
to accommodate a depth-to-resolution ratio of ∼346 and
∼560 for the two sensors, respectively.
For faithful image reconstruction obeying Nyquist
sampling theorem spatially, the pitch between two sensors is not larger than half the acoustical wavelength.
Hence the pitch equals the theoretical resolution of the
photoacoustic image. For the depth-to-resolution ratio
of 200, the maximum pitch is then 50 µm. We estimate
that the minimal spacing (also called kerf [4]) between
two adjacent optomechanical ultrasound sensors in a matrix is 5 µm (10 µm is demonstrated in Results section
of main article). This allows a resolution of 25 µm and
20 µm and a depth-to-resolution ratio of ∼400 and ∼500
for the two sensors with diameters of 20 µm and 15 µm,
respectively.

Taking the sensor bandwidth, sensor pitch and the typical spectrum of photoacoustic signals all into account, we
find a resolution of ∼29 µm and ∼20 µm and depth-toresolution ratio of ∼346 and ∼500, for the sensors with
diameters of 20 µm and 15 µm, respectively. The 20 µm
sensor is limited by the frequency response of the sensor
and the 15 µm sensor by the size of the sensor. These
limits are well above the typical depth-to-resolution ratio of ∼200 for (at these depths) raster-scanning photoacoustic microscopy and one order of magnitude above the
state-of-the-art depth-to-resolution ratio of 47 for rapid
tomographic photoacoustic mouse brain imaging using
an array of sensors. Hence the presented optomechanical
ultrasound sensor is particularly suitable for the application of photoacoustic mouse brain imaging.

II.

MODELLING AND DESIGN

This section presents the opto-acousto-mechanical
modelling and design of the optomechanical ultrasound
sensor (OMUS, Fig. 1, main article). Incident ultrasound waves cause a deflection of the membrane. This
deflection is accurately recorded using a novel optomechanical rib-type silicon photonic waveguide that consists
of two parts (Fig. 1b, main article). The slab part of the
waveguide is on the vibrating membrane and rib-part of
the waveguide is fixed on the substrate. Therefore a deflection wr of the membrane, in the vertical direction,
causes a change in the gap g between the two parts of
the waveguide. The resulting change in the effective index ne of this waveguide is precisely measured using a
photonic ring resonator formed by this new waveguide.
Light is evanescently coupled to this ring resonator from
a connecting bus waveguide (Fig. 1d, main article). The
power transmission from the input to the output of this
waveguide, T (λ, p), is depends on optical wavelength λ
and deflection of the membrane caused by acoustic pressure p. The static pressures above and below the membrane are equalized. The ring resonator is interrogated
by a laser with wavelength λ tuned to the flank of a resonance of the ring (see Fig. 1d, main article). The acoustic
pressure directly translates to a change in transmission T
at this wavelength, and the optical power at the output
of the bus waveguide passing the ring is recorded using a
photo -receiver. In the design of this sensor, we consider
waveguide and membrane geometry to maximize the linear sensitivity of the sensor ∂T /∂p.
The membrane has silicon-dioxide thickness tM and radius a. The waveguide has slab thickness tslab , rib thickness trib , rib width wrib , gap height g, effective index ne ,
propagation loss αdB/cm in dB/cm, and minimal bending
radius to avoid excessive radiation loss rmin . This waveguide is used in a ring resonator with radius b and directional coupler with gap wdc and straight-through amplitude transmission τ . The ring is placed in the middle of
the membrane. Except for the connecting waveguide, the
system is 2D-axisymmetric with radial r-direction and
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with z-direction pointing upwards from the surface of the
membrane.
The sensor response is simulated using a combination
of numerical modelling and analytical equations. The
finite element method (FEM) is used to compute the deflection of the middle of the membrane w0 due to an incident acoustical wave with pressure p and frequency f .
The vibration mode deflection shape w(r)/w0 is approximated by the analytical expression of a clamped membrane. The waveguide properties, its effective index ne
and minimal bending radius rmin are computed using a
electromagnetic mode-solver. The photonic response of
the ring resonator is computed using an analytical model.
The linear response of the sensor ∂T /∂p may be written as
∂T
=
∂p

∂ne ∂g ∂wr
∂T
·
·
∂ne
∂g ∂wr ∂w0
|{z}
|
{z
}

photonic
optomechanical
αdB/cm ,τ trib ,tslab ,b(trib ,tslab )

∂w0
∂p
|{z}

. (1)

acousto-mechanical
a

Here, wr denotes the deflection of the membrane w at the
position of the ring resonator, i.e., wr = w(r = b), which
equals the change in waveguide gap, hence ∂g/∂wr = 1.
The photonic, optomechanical, and acousto-mechanical
simulation domains are indicated. The most relevant design parameters are also indicated as will be detailed in
the remainder of this section.
A.

Acousto-mechanical membrane modelling and
design

This section is about the deflection w(r) of the membrane in the z-direction caused by an incident ultrasound
wave of pressure p at frequency f . The membrane has
thickness tM and radius a.
First we look at the deflection of the middle of the
membrane w0 at r = 0. We consider an incident plane
wave with acoustical pressure p at frequency f . Modelling is done in the frequency domain, such that pressure p and deflection w0 are in fact complex phasors
of which their real values represent the physical state.
In our analysis, we neglect their phase and only consider their absolute values, which physically describes
the peak-amplitudes of the time-varying signals. The
acousto-mechanical behaviour of the membrane is modelled using finite element modelling (FEM) in Comsol 5.3
(from COMSOL, Inc., Burlington MA, USA). It is simulated in frequency domain with 2-D axisymmetry (radial
coordinate r, azimuth φ, height z). The membrane is
modelled using the Solid Mechanics module and approximated by an homogeneous SiO2 layer with thickness tM ,
thereby neglecting mechanical influence of the thin silicon
layer of the waveguide. Our fabrication targets a low tensile stress of 50 MPa in the membranes. This is included
in the simulation homogeneous initial stress in the SiO2
layer and implemented as property of the linear elastic
material by setting the rr- and φφ-components of the ini-

tial stress tensor S0 . A small part of the silicon support
structure is included in the simulation, sufficiently large
to reach low stress at the edges, while the bottom and
right-hand-side of this Si support are fixed. The upper
hemisphere (water, acoustic velocity v = 1480 m/s, wavelength λa = v/f ) is modelled using Comsol’s Pressure
Acoustics module with an Acoustic-Structure Boundary
as multi-physics interface between the two simulation domains. The radius of the semi-spherical acoustical domain is 300 µm plus an additional perfectly matched
layer (PML) of 100 µm to avoid acoustic reflections at
the edge of the simulation domain (rational stretching,
scaling factor 0.5, scaling curvature parameter 5). For
acoustical waves of frequency 15 MHz, well below our
membrane resonance frequency, this corresponds to an
acoustical domain radius of three wavelengths and PML
thickness of one wavelength. The bottom of the acoustical domain in the plane of the membrane top surface
and away from membrane with substrate, is modelled as
a hard boundary wall, mimicking the chip. The bottom
surface of the membrane is modelled as free surface and
the influence of the air cavity below the membrane is not
taken into account. The influence of the air below the
membrane can be neglected because the density of air,
at the bottom surface of the membrane, is much lower
than the density of the water at the top surface. Moreover, using the ideal gas, it is found that the pressure
resulting from compressing the air in the cavity is much
smaller than the pressure of the acoustical waves in water.
The element size of the FEM mesh is below tM /6 in the
mechanical domain and λa /6 in the acoustical domain.
The membrane is excited using an incident background
pressure field in the acoustical domain with frequency f
and pressure p = 0.5 Pa, plus the reflected background
pressure field corresponding to a perfect reflector in the
plane of the membrane surface. By including this reflection in the model, the FEM computes only the pressure
field associated with the membrane, which is less computationally intensive. The resonance frequency of the
membrane is found by computing w0 for a range of frequencies f , and finding the frequency fM of maximum
vibration amplitude w0 .
In the design of the sensor, we need to optimize membrane radius a and thickness tM , and consider the resulting acousto-mechanical resonance frequency fM and
vibration amplitude w0 . In conventional ultrasound sensors, where electronic noise dominates, the mechanical
resonance is used to mechanically amplify the deformation of a structure due to an incident pressure wave.
For membranes, the membrane deflection is amplified by
choosing the membrane resonance frequency at the frequency of the incident ultrasound waves. In our case,
the sensitivity is very high and acousto-mechanical noise
starts to dominate over electronic noise. This enables
us to use the sensor in the entire range below its resonance frequency. For both cases, the requirements from
the ultrasound application set the resonance frequency
fM . In a preliminary design iteration, we considered
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I0 (λM )J0 (λM )
J0 (λM ) − I0 (λM )



J0 (λM r/a)
I0 (λM r/a)
−
J0 (λM )
I0 (λM )



,

(2)

with J0 and I0 the 0-order Bessel function and modified Bessel function of the first kind, respectively, w0 ≡
w(r = 0) the deflection at the centre
√ of the membrane,
a the membrane radius, and λM = 10.2158 a parameter determined by the clamped boundary condition. See
Fig. 2b for a membrane with radius a = 10 µm. Using this analytical equation (2) allows fast design of the
optomechanical ultrasound sensors without the need for
computationally intensive FEM simulations on a large
design parameter space.
B.

Photonic ring resonator modelling and design

This section presents the ring resonator model and
equations for design of the resonator. We derive an approximate explicit equation for the sensitivity of the ring
resonator transmittance to a change in waveguide effective index, ∂T /∂ne , including the optimal coupling coefficient. Moreover, we numerically find that ∂T /∂ne is
hardly depended on ring radius b and predominantly defined by waveguide propagation loss per unit length. This
implies that the optimal design of the ring resonator and
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FIG. 2. Membrane design. a, left axis, Membrane thickness
tM for membrane resonance frequency of 26.8 MHz (left axis).
right axis (dashed curve), Corresponding displacement w0 in
the middle of the membrane for incident plane-wave acoustical
pressure p = 1 Pa. b, normalized displacement w(r)/w0 as
function of radial position r, for membrane with radius a =
10 µm.
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different target resonance frequencies resulting in different membrane radii. Based on this, we fabricated
membranes with diameters that have rounded numbers
(15 µm, 20 µm). Computed sensitivity spectra for these
sensors with membrane diameters of 20 µm and 15 µm
show acoustomechanical resonances at 26.8 MHz and 47.8
MHz, with full-width at half-max (-6 dB) bandwidths
of 16.4 MHz and 38.0 MHz, and fractional bandwidths
of 61% and 80%, respectively (Fig. 1). Here, as an example, we present the design of a sensor at resonance
frequency fM = 26.8 MHz, which is the resonance frequency of the device with radius a = 10 µm and thickness tM = 2 µm. For each membrane radius a, we compute the thickness tM to arrive at given membrane resonance frequency fM (Fig. 2a, left axis) and also the
deflection amplitude w0 of the membrane at resonance
(Fig. 2a, right axis). It can be seen that smaller thinner membranes have higher w0 . However, the mechanical
membrane also doubles as upper cladding of the photonic
waveguide. A minimum thickness of 2 µm SiO2 upper
waveguide cladding is required to avoid optical leakage.
Hence we arrive at a membrane thickness tM = 2 µm
and radius a = 10 µm. We investigate the effect of a
variation of the membrane thickness, e.g. due to fabrication variability, on the acoustomechanical response of the
membrane (Fig. 3). An increase in membrane thickness
by 10% results in a 10% higher resonance frequency and
a 26% smaller displacement w0 .
Second, we consider the vibration mode shape of the
membrane w(r)/w0 . We find that the vibration-shape
of these membranes are well approximated by the mode
shape of a clamped membrane [5]:
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FIG. 3. Dependence of membrane response on membrane
thickness. Membrane radius r = 10 µm. a, Resonance frequency of the membrane. b, Displacement in the centre of the
membrane w0 , at the resonance frequency of the membrane.
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T (θ; α, τ ) =

α2 + τ 2 − 2ατ cos θ
1 + α2 τ 2 − 2ατ cos θ

(3)

(1 − α2 )(1 − τ 2 )
.
(1 − ατ )2 + 4ατ sin2 θ2

(4)

Here, the phase delay of the ring round-trip is:
θ=

2πne
2πb,
λ

(5)

with waveguide effective index ne , optical wavelength λ,
and ring radius b. The effective index ne is wavelengthdependent. The sensitivity:
∂T
∂T ∂θ
=
∂ne
∂θ ∂ne

(6)

∂T
2ατ (1 − α2 )(1 − τ 2 ) sin(θ)
=
2
∂θ
(1 + α2 τ 2 − 2ατ cos(θ))

(7)

4π 2
∂θ
=
b.
∂ne
λ

(8)

with

and

For faster design optimization and, more importantly,
better physical insight in the design optimization, we
perform a number of approximations on these equations.
Throughout this section, we consider a design space with
ring radii b from 4 to 100 µm and waveguide propagation
loss from 1 to 10 dB/cm, resulting round-trip transmittance α2 from -0.0025 dB to -0.628 dB. In the case of this
high finesse, τ ≈ 1 and α ≈ 1, the resonance is described
by small phase delays θ around the resonance condition
θ = m2π. Approximating sin2 (θ/2) ≈ θ2 /4 in equation
(4) for small θ, one finds that transmission T is one minus
a Lorentzian function:
T ≈ 1 − (1 − Tmin ) 1
4

1 2
4Γ
Γ2 + θ 2

-5

-10

-15
0

5

(9)

10

loss (dB/cm)

FIG. 4. Sensitivity ∂T /∂ne of ring resonator as function of
waveguide propagation loss per unit length αdB/cm .

with
(α − τ )2
,
(1 − ατ )2
2(1 − ατ )
.
Γ= √
ατ

Tmin =

or, using [7, equation (2.191)],
T (θ; α, τ ) = 1 −

0

T/ n e / 10 4

optomechanical waveguide does not depend on waveguide
propagation loss, except for the coupling between the bus
waveguide and the ring. This is extremely relevant for
design, because the propagation loss of the new waveguide was unknown when designing the sensor. We note
that the sensitivity does depend on waveguide loss and
that lower loss results in higher sensitivity (Fig. 4).
We consider a ring resonator with radius b, real amplitude transmission coefficient τ , waveguide round-trip amplitude transmittance α (power loss 1 − α2 ), and roundtrip phase delay θ. We assume a lossless directional coupler with straight-through power transmission |τ |2 and
coupled power |κ|2 = (1 − |τ |2 ). Ring resonator power
transmission [6, equation (3.62)]:

(10)
(11)

This function has full-width at half-max Γ, maximum
transmission of unity, and minimum transmission Tmin .
Further, we compute
the sensitivity ∂T /∂θ at its inflec√
tion point θ = Γ 3/6 where the sensitivity is maximum,
√
3 3
∂T
= (1 − Tmin )
(12)
∂θ θ=Γ√3/6
4Γ
To design the sensor at highest sensitivity, we choose τ
such that ∂T /∂θ in equation (12) is maximum. We numerically found that this is for
√
τ ≈ α.
(13)
With τ chosen for highest sensitivity we find, for
the considered design space, minimum transmission
Tmin = 0.111, by using (13) in (10). This value of τ
in (13) is intuitively in the correct range. For a high
sensitivity, the dip in transmission T should have low
transmission at resonance. This is achieved at criticalcoupling[6], τ = α, giving Tmin = 0 from (10). Also, the
dip in transmission should have small width Γ, which
from (11) requires ατ → 1 hence τ → 1 for passive
waveguides with α <= 1. Indeed the found τ in (13) is
between α and 1. To justify all assumptions, we compute
the maximum value of ∂T /∂θ using exact equation (7),
numerically optimizing for θ and τ , and using approximate equations (12) with (13), to find differences below
0.05% over the full aforementioned design space.
The next observation we make is that the sensitivity
∂T /∂ne is approximately independent of ring radius b
and almost fully defined by waveguide propagation loss
per unit length. Using equations (12), (13), and (8),
we consider ∂T /∂ne for some waveguide losses between
1 and 10 dB/cm. We compute the relative difference
in ∂T /∂ne of ring with radius b between 4 and 100 µm

6
with a ring with a radius of 4 µm and find that this
relative difference increases with both ring radius b and
waveguide loss αdB/cm to arrive at a maximum difference
of 0.04%. The ring sensitivity ∂T /∂ne as function of
waveguide loss is shown in Fig. 4.
To compute the transmission spectrum, we apply a
linear approximation of the effective refractive index ne
around centre wavelength λc = 1550 nm, i.e.
ne (λ) ≈ ne (λc ) + (λ − λc )

∂ne
∂λ

,

(14)

λ=λc

such that the phase delay of a ring round-trip


ne (λc ) − ng (λc ) ng (λc
+
b,
θ ≈ (2π)2
λc
λ

(15)

with effective group index ng = ne − λ(∂ne /∂λ).
Light is coupled from a connecting waveguide to the
ring resonator by means
√ of a directional coupler[6]. In
order to achieve τ = α as required by (13), we design
the lateral gap gdc between the waveguide of the ring
resonator and the straight connecting waveguide. This
affects the evanescent coupling between the two waveguides, here described by the straight-through coupling
coefficient τ . Power transfer from one waveguide to the
other is (1−τ 2 ). Directional couplers are simulated using
finite element modelling in Ansys to extract the relation
between gdc and τ 2 (Ansys HFSS, RF Option, from Ansys Inc, Canonsburg PA, US). However, the waveguide
propagation loss of the novel optomechanical waveguide
including an amorphous silicon layer, mechanical silicondioxide, and a new etch process, was unknown when the
sensor was designed. Based on an estimated waveguide
loss between 3.5 and 10 dB/cm, a number of sensors was
fabricated with varying gaps of the directional coupler
gdc resulting in a range of coupling coefficients τ . After fabrication, we selected the optimal device based on
measurements of the ring resonator.

C.

Optomechanical waveguide modelling and
design

The new optomechanical waveguide is somewhat similar to rib-type silicon photonic waveguide, but upsidedown and, a vital difference, with a gap between the ribpart of the waveguide and the slab-part of the waveguide.
This waveguide geometry is defined by slab thickness
tslab , rib thickness trib , rib width wrib , and gap height
g. The waveguide is modelled using the finite-difference
method in Lumerical mode-solutions (by Lumerical Inc.,
Vancouver, Canada) which we use to compute waveguide
effective index ne . Figure 1b, main article, depicts the
waveguide and the electromagnetic field intensity. Owing to the high electromagnetic field in the gap, a minute
change in gap height causes a large change the effective
refractive index ne of the waveguide (Fig 1c, main arti-

FIG. 5. Waveguide design. a, Simulated waveguide effective
index ne in refractive index units (RIU) as function of gap
height g. Zoom of of Figure 1c, main article. b, Sensitivity
∂ne /∂g of this sensor, i.e. the tangent of the curve plotted in
(a). Curve for optomechanical waveguide with rib thickness
170 nm, rib width 450 nm, slab thickness 60 nm.

cle, and Fig. 5). It may be seen that the sensitivity of
the sensor, i.e. the tangent of the ne versus g curve, is
highest for small gap. Our new CMOS process technology achieved a gap as small as 15 nm, hence this gap
height g = 15 nm is used as the optimal the design of
this sensor. The width of the waveguide is dictated by
our criterion that the waveguide is single-mode. In the
relevant design space of waveguide dimensions, we then
find a waveguide width wrib ≈ 450 nm. The sensitivity of the waveguide ∂ne /∂g is plotted as a function of
rib thickness trib and slab thicknesses tslab in Fig. 6. In
the considered design space with rib thickness between
150 nm and 230 nm, the sensitivity is highest for a slab
thickness between 90 nm and 120 nm.
Also, we compute bent radiation loss as a function of
waveguide bend radius b. We require a radiation loss below 0.1 dB/cm, much lower than experimental waveguide
propagation loss. Based on this criterion, the minimum
bend radius rmin for a given waveguide geometry is computed. In Fig. 7, it can be seen that the acceptable bend
radius is tighter for larger rib thickness and smaller slab
thickness. This is explained by the fact that tight bends
with acceptable radiation loss are achieved using a high
index contrast between the waveguide and its cladding
[6]. In a rib-type waveguide, this may be intuitively interpreted as the index contrast between the rib-section
of the waveguide (described by a vertical cross-section of
Fig. 1b, main article, at the centre of the plot) and the
slab-section of the waveguide (a vertical cross-section at
the edge of this plot). These refractive indices can be approximated by a slab waveguide of silicon core thickness
trib +tslab and tslab , respectively. Thus the index contrast
is indeed expected highest for large trib and small tslab .
As will be shown the next section, the optomechanical sensitivity of the sensor actually requires both large
waveguide sensitivity ∂ne /∂g and small bend radius rmin
resulting in conflicting requirements on waveguide geometry and a nontrivial design optimum.
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Full multiphysics sensor design

This section presents the acousto-opto-mechanical sensor design. First we note which parameters affect multiple aspects of the design and which parameters can be
optimized without affecting other aspects.
For a membrane resonance frequency fM that is given
by the ultrasound application, we find that the deflection of the membrane w0 is higher for the smaller and
thinner membrane (Sec. II A). Hence we choose minimal membrane thickness tM = 2 µm that is required for
decoupling the photonic waveguide with its surrounding.
As example, we consider the design of a membrane with
a diameter of 20 µm and resonance frequency 26.8 MHz.
In the design of the ring resonator (Sec. II B), we show
that the sensitivity in optical transmission due a change
in waveguide effective index, ∂T /∂ne does not depend
on ring radius b. This sensitivity varies with waveguide
loss per unit length (Fig. 4) and at 7 dB/cm we find
∂T /∂ne = 1.93 · 104 for an optimally designed directional
coupler.
Fig. 6 shows that for waveguides with rib thickness
between 150 nm and 230 nm, a slab thickness between
90 nm and 120 nm provides the largest change in effective index per gap change, ∂ne /∂g. However, as shown
in Fig. 7 this waveguide also required a relatively large
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180
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FIG. 8. Simulated optomechanical sensitivity, ∂ne /∂w0 , i.e.
the change in waveguide effective index ne per deflection in
the middle of the membrane w0 , in refactive index units (RIU)
per µm.

bending radius to prevent significant radiation loss. From
mechanical modelling we observe that membrane deflection amplitude is largest in the middle of the membrane,
such that the resulting change in waveguide gap g per
acoustical pressure p is largest for a small ring radius b.
Hence, we need combined optomechanical optimization
of the sensitivity ∂ne /∂w0 . We compute, for a range of
rib and slab thicknesses, ∂ne /∂g (Fig. 6) times ∂wr /∂w0
(Fig. 2) for ring radius b = rmin at the minimal waveguide bending (Fig. 7), to arrive at ∂ne /∂w0 (Fig. 8). This
design optimum has rib thickness 190 nm, slab thickness
50 nm, ring radius 3.9 µm. The transmission spectrum
of the photonic ring resonator is computed using (4) with
(15) and plotted in Fig. 9.
This design methodology results in a sensor with sen-
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FIG. 9. Simulated transmission T as function of wavelength
λ for the designed photonic ring resonator with effective refractive index ne = 2.385, effective group index ng = 3.998,
ring radius b = 3.9 µm, and waveguide propagation loss per
unit length αdB/cm = 7 dB/cm.

sitivity ∂T /∂p = 1.7 kPa−1 , using ∂w0 /∂p = 33 fm/Pa
from Fig. 2, ∂ne /∂w0 = 2.6 RIU/µm from Fig. 8, and
∂T /∂ne = 1.9 · 104 from Fig. 4 at waveguide loss of
7 dB/cm. Due to constrains related to the fabrication
of these devices, our fabricated design has a waveguide
rib thickness 170 nm, rib width 450 nm, slab thickness
60 nm, gap 15 nm, and a ring resonator with a radius of
5.5 µm. The simulated sensitivity is ∂T /∂p = 1.3 kPa−1 ,
which is 24% different from the design optimum.

III. COMPARISON WITH
WAVEGUIDE-ON-A-MEMBRANE OMUS

This section compares the sensitivity of the new optomechanical ultrasound sensor (OMUS), based on the
innovative waveguide that is extremely susceptible to a
mechanical deformation, with the sensitivity of the previously reported OMUS, based on elongation of a typical
photonic waveguide [8, 9]. We follow a design methodology analogous to Sec. II and use the same read-out
method. The sensitivity ∂T /∂p, i.e. the change in optical transmission for given acoustical pressure, is optimized. In the OMUS based on the elongation of a waveguide, the photonic ring resonator is placed at the top of a
membrane, such that bending of the membrane causes an
elongation of the ring resonator’s circumference, thereby
changing its resonance frequencies.
We model the performance of an OMUS based on elongation of a waveguide and compare the results with the
design presented in Sec. II. Experimentally reported
OMUS sensors used the buried-oxide (BOX) layer of
silicon-on-insulator (SOI) wafers as mechanical membrane. However, this layer has a high compressive stress
typically between -200 MPa and -400 MPa, which causes
severe buckling of the membrane and poses challenging
requirements for reliable device fabrication [10]. Here,
we consider our new silicon-oxide layer with a low tensile stress of 50 MPa, the same as was used in Sec. II.
In the experimentally reported OMUS, the photonic ring
resonator was covered with a 0.5 µm silicon-dioxide layer

0.5
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10
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FIG. 10. Membrane design for waveguide-elongation based
OMUS. Normalized radial displacement ur (r, z)/w0 as function of radial position r, for z = 1 µm and membrane radius
a = 10 µm.

for photonic isolation of the waveguide from its surroundings but resulting in a lower sensitivity. Here we do not
take this constrain into account and place the waveguide
at the top of the membrane.
The membrane mechanics is modelled as described in
Sec. II A. The deflection of the middle of the membrane
w0 is computed using acousto-mechanical finite-element
modelling while the membrane deflection shape w(r)/w0
is computed using (2). The membrane can be modelled as
a thin plate with deflections small compared to the thickness of the plate. Hence we apply plate bending theory
and neglect in-plane forces and stretching of the neutral
plane (the mid-plane for a homogenous plate) [11]. The
incremental radial displacement in the radial direction,
ur at a distance z from the neutral axis due to membrane deflection w(r) is then given by
ur (r, z) = −z

dw
.
dr

(16)

or, using (2) and [12, (9.1.28) and (9.6.27)],
ur (r, z) = −zw0

λM
a





I0 (λM )J0 (λM )
·
J0 (λM ) − I0 (λM )

J1 (λM r/a) I1 (λM r/a)
+
,
J0 (λM )
I0 (λM )

(17)

with J1 and I1 the 1st-order Bessel function and modified
Bessel function of the first kind, respectively. This curve
is shown in Fig. 10. The ring resonator with radius b is
placed centred at the top of the membrane, z = tM /2.
Hence the incremental change in ring radius ∆b equals
the radial displacement, i.e., ∆b = ur (r = b, z = tM /2).
Ultrasound-induced bending of the membrane deforms
the ring resonator. This deformation causes a change in
ring circumference and also a change in waveguide effective index ne . Here, we neglect the change in effective
index ne , although this effect may lower the sensitivity
by a factor of 1/3rd compared to the effect of waveguide
elongation [13]. We derive the effect of a change in ring
radius on the ring resonator round-trip phase delay θ,
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from (5),
∂θ
4π 2
=
ne ,
∂b
λ

(18)

with photonic vacuum wavelength λ and waveguide effective index ne . A rectangular waveguide with a width
of 450 nm and height of 220 nm is simulated using a
mode-solver (Mode-Solutions by Lumerical, Inc) to find
effective index ne = 2.29 and minimal bending radius
rmin = 4 µm. As in Sec. II, the laser wavelength is tuned
to the wavelength where ∂T /∂θ is maximum and we assume a waveguide propagation loss of 7 dB/cm.
Now, we compute the sensor sensitivity ∂T /∂p by:
∂T
∂T ∂θ ∂b ∂w0
=
,
∂p
∂θ ∂b ∂w0 ∂p

(19)

with the terms on the right-hand side are computed using (12), (18), (17) with ∂b = ∂ur , z = tM /2 and r = b,
and finite-element modelling (Fig. 2a), respectively. We
design a sensor with acousto-mechanical resonance at
26.8 MHz as in Fig. 2a. For given membrane radius a
the corresponding thickness tM to arrive at 26.8 MHz
resonance is selected. Design parameters membrane radius a and ring radius b are optimized to arrive find the
maximum sensitivity ∂T
∂p . As in Sec. II, smaller thinner
membranes give highest sensitivity. Therefore the optimal minimum membrane radius a = 10 µm and thickness tM = 2 µm are set by the minimum thickness for
photonic isolation. The optimal ring radius b = 4 µm
is set by the minimal bending radius rmin to avoid excessive photonic radiation loss. The resulting sensitivity
∂T /∂p = 0.03 kPa−1 . This is two orders of magnitude
lower than the sensitivity of the new OMUS as simulated
in Sec. II.
IV.

DESIGN OF BROADBAND ULTRASOUND
PULSE

For the characterization of the ultrasound sensors,
sound was generated using a traditional piezo-electric
transducer. As our bandwidth of interest is much larger
than the resonance bandwidth of this transducer, we
compensate for the transducer transfer function by engineering the electrical pulse that is sent to the transducer.
This section is about the design of this pulse. We note
that in the characterization of the sensor, the frequency
spectrum of the resulting pressure pulse is calibrated using a needle hydrophone. Hence the characterization results do not depend on approximations that are used in
this pulse design. We will find that the new pulse mainly
suppresses the frequency content at the resonance of the
piezo-electric transducer and does not give larger amplitudes at lower frequencies. Nonetheless, the flat spectrum is important to ensure a linear sensor response at
all frequency components.
Throughout this work, the Fourier transform and the

FIG. 11. Measurement of source transfer function with calibrated hydrophone. a, Received pulse. b, Pulse spectrum
in Volts. c, Calibrated pulse spectrum in Pascals (solid line)
and fitted transfer function Û (dashed line).

inverse Fourier transform are defined by
Z ∞
x(t)e−ı2πf t dt,
X(f ) =
−∞
Z ∞
x(t) =
X(f )eı2πf t df,

(20)
(21)

−∞

with time t, frequency f , and Fourier transform pair x(t)
and X(f ). Capital letters refer to the frequency domain
representation.
The source transfer function between the electrical
pulse that is generated by the signal generator and the
pressure pulse at the position of the sensor is denoted
U (f ) and has the unit Pa/V. This transfer function includes the source transducer resonance as well as ultrasound propagation trough water. Thus, the pressure Y
at the point of the ultrasound sensor for given pulse X(f )
generated by the signal generator is
Y (f ) = U (f )X(f )

(22)

In this analysis only amplitudes are considered and the
phase of U is neglected. The source transfer U is estimated by the sum of two Gaussian functions
U ≈ G(µU , σU ) + G(−µU , σU ),

(23)
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(23) in (30) and, using the Binomial theorem providing

with
G(µ, σ) = exp



−(f − µ)
2σ 2


2

.

(24)

Gaussian function G has centre frequency µ, spectral
width σ, and a maximum value of one.
The source transfer U (f ) is estimated from a hydrophone measurement where the source transducer is
excited with a short Gaussian pulse of width σt = 8 ns,
i.e., x(t) = exp(−t2 /(2σt )2 ) and peak-to-peak voltage
Vpp = 4.0 V. The source transfer is estimated by the
Fourier transform H(f ) of the received pulse h(t) (following the processing described in Methods). The transfer
function U (f ) is estimated by fitting it to H(f ), resulting
in µU = 16.8 MHz and σU = 6.4 MHz (Fig. 11).
The pulse X generated in the signal generator and sent
to the ultrasound transducer is designed to compensate
for source transfer U . Ideally the resulting pressure has
a flat frequency spectrum, i.e., Y (f ) = 1, however this
cannot be physically generated by the ultrasound transducer. Therefore, we target a frequency spectrum that
has a Gaussian shape with large width σY = 30 MHz,
i.e.,
Y = G(0, σY )

(25)

such that
G(0, σY )
.
X=
U

 
l
X
l
U =
G(µU , σU )m G(−µU , σU )l−m ,
m
m=0
l

we find
  
n X
k X
l
X
1
k
l
=
(−1)l ·
l
U
m
m=0
k=0 l=0

G(µU , σU )m G(−µU , σU )l−m .

In order to avoid X to blow up at high frequencies, an
n-th order Taylor expansion of 1/U around U = 1 is used
[7, (2.124)]

n n−m
X
X
1
cmp G(µU , σU )m G(−µU , σU )p ,
=
U
m=0 p=0

(27)

k=0

cmp =

n
X

k=m+p

(U − 1)k =

k  
X
k
U l (−1)k−l ,
l

(35)





−2µ2
 U  ,
exp 
1
1
2
σU
m + p

ãmp =

(m − p)
µU ,
m+p
σU
=√
.
m+p

µ̃mp =

(36)

(37)
(38)

except when m = 0 or p = 0, as for those cases:

k

 
k
U l (−1)2k−l ,
l
k=0 l=0
n X
k  
X
k
U l (−1)l ,
=
l

(34)

with,

(28)


with kl the Binomial coefficient [7, 2.122]. For an easier

notation hereafter, we define kl = 0 for l > k. Inserting
(28) in (27), gives
n



k
p+m
(−1)p+m ,
p+m
m

Using relations for Gaussian functions [14] and [15], we
may write:

ã0p = ãm0 = 1.

l=0

XX
1
=
U



for m + p ≤ n, while cmp = 0 for m + p > n.

σ̃mp

Using the Binomial theorem, we expand

(33)

with

n

X
1
(−1)k (U − 1)k .
≈
U

(32)

or, reshuffling summations and introducing p = l − m,

Gm (µU , σU ) Gp (−µU , σU ) = ãmp G(µ̃mp , σ̃mp ),
(26)

(31)

(39)

Next, we compute:
G(0, σY ) Gm (µU ,σU ) Gp (−µU , σU )
= G(0, σY ) ãmp G(µ̃mp , σ̃mp ),
= amp G(µmp , σmp ),
(40)

(29)
with, for m > 0 or p > 0,
(30)

k=0 l=0

where it was realized that (−1)(2k−l) = (−1)l because 2k
is a real even integer with 2k > l. Now we insert U from

amp

#
−µ̃2mp
,
= exp
2 )
2(σY2 + σ̃mp

µmp =

"

−2
σ̃mp
µ̃mp
−2
σY−2 + σ̃mp

,

(41)
(42)
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σmp =

s

2
σY2 σ̃mp
,
2
2
σY + σ̃mp

(43)

For m = 0 and p = 0, we find a00 = 1, µ00 = 0, and
σ00 = σY .
Inserting (33) in (26) and using (40) gives
X=

n n−m
X
X

cmp amp G(µmp , σmp ).

(44)

m=0 p=0

We observe symmetries cmp = cpm , ãmp = ãpm , µ̃mp =
−µ̃pm , σ̃mp = σ̃pm , amp = apm , µmp = −µpm , and σmp =
σpm . Hence (44) may be written as
X=

n
X

cmm amm G(µmm , σmm ) +

m=0

n−m
n
X
X

m=0 p=m+1

i
cmp amp G(µmp , σmp ) + G(−µmp , σmp ) .
h

(45)

Using Fourier transform pairs [16] , we find
x(t) =



n
X
−t2
c a
√mm mm exp
2
2σ̂mm
2πσ̂mm
m=0
+

n
n−m
X
X 2cmp amp
√
2πσ̂mp
m=0 p=m+1


−t2
· exp
cos [2πµmp t] .
2
2σ̂mp

(46)

FIG. 12. Broadband pulse for characterization. a and b,
Pulse generated by waveform generator in time and frequency
domain, respectively. From equations (46) and (45). Peakto-peak voltage Vpp = 4.0 V. c, Pressure pulse measured with
the needle hydrophone. Peak pressure is 2.6 kPa and 0.8
kPa for pulse orders 0 and 10, respectively (using frequencyaveraged hydrophone calibration, sensitivity 56.7 mV/MPa).
d, Fourier transform of measured pulse in (c), converted to
pressure using calibration.

The pulse order n that is in the measurements of the
sensitivity of the OMUS, and the bandwidth over which
the sensor could be characterized, was selected by requiring a signal-to-noise ratio above 10 and non-linearity
below 5%. This resulted in pulse order n = 10. This
pulse order was especially important in ensuring a linear
sensor response also for low frequency components. The
resulting pulses x and the measured pulses h are shown
in Fig. 12.
V.

HYDROPHONE CALIBRATION

Figure 13 shows the calibration of the 0.2 mm needle
hydrophone from Precision Acoustics (Dorchester, UK).
The calibration certificate of the hydrophone was issued
November 21st , 2018 and our experiments with this hydrophone were performed December 3rd, 2019. Calibration of the hydrophone is certified by Precision Acoustics and is tracable to recognised UK standards and to
units of measurement realised at the UK National Physical Laboratory or other recognized UK standard laboratories. The average sensitivity (1 - 30 MHz) is 56.7
mV/MPa. The feature at 9 MHz also causes some ripples
in the characterization of the optomechanical ultrasound
sensor.

FIG. 13. Hydrophone calibration data. Needle Hydrophone
from Precision Acoustics Ltd (Dorchester, UK), sensor diameter 0.2 mm.
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VI. SENSOR SENSITIVITY IN OPTICAL
RESONANCE SHIFT PER APPLIED PRESSURE

In this section, we analyse the measurements and compute the shift in the resonance wavelength of the photonic
resonator per applied pressure, which has the unit fm/Pa.
First we define T̃ as the optical power transmission
from the laser, through the photonic chip via a waveguide coupled to an OMUS photonic ring resonator, to
the photoreceiver. The optical power recorded by the
photoreceiver I is thus
I = T̃ · I0 ,

(47)

with I0 the optical power emitted by the laser. Overall transmission T̃ relates to the transmission T of the
photonic ring-resonator (Sec. II) via:
T̃ = T · Ts ,

(48)

with T the optical transmission in the waveguide coupled
to the photonic ring resonator and Ts insertion loss of the
device, i.e. the optical power transmission from the laser
through the chip to the photoreceiver for an identical
waveguide but not coupled a ring resonator. Around a
resonance wavelength of the photonic resonator, the ring
resonator power transmission T (θ) is in good approximation a function of the difference between the laser wavelength λ and the resonance wavelength of the photonic
resonator λr , i.e, T (θ) ≈ T (λ − λr ). Hence the optical
power recorded at the photoreceiver I is:
I = T̃ ( λ − λr (p)) · I0 ,

(49)

The resonance wavelength of the OMUS photonic resonator, λr (p), depends on the acoustical pressure p, while
the laser wavelength does not. Our goal is to extract the
optical resonance shift per applied pressure ∂λr /∂p with
unit fm/Pa. From (49), we find:
∂λr ∂ T̃
∂λr
=
= −1 ·
·
∂p
∂ T̃ ∂p

!

∂ T̃
∂λ

%−1

·

∂ T̃
.
∂p

(50)

In the remainder of this section, we extract ∂ T̃ /∂λ
from the measured optical spectrum at low laser power,
and ∂ T̃ /∂p from the ultrasound sensor measurement at
high laser power. The ultrasound sensor measurements
are performed with the laser wavelength λ at the left
(blue, short-wavelength) flank of the optical resonance,
fine-tuned to the wavelength λ such that the measured
sensor signal has the largest amplitude. At this wavelength λ, the amplitude of ∂ T̃ /∂λr is largest hence the
amplitude of ∂ T̃ /∂λ is also largest, as can be seen in
equation (49). From the measured optical transmission
spectrum I(λ) we compute the tangent of the transmission spectrum ∂ T̃ /∂λ = (∂I/∂λ) · (1/I0 ). For transmission spectrum of the the 20 µm-diameter OMUS
(Fig. 3b, main article, laser power I0 = −7 dBm), we

FIG. 14. Sensitivity of the optomechanical ultrasound sensor,
expressed in shift of the resonance wavelength of the photonic
ring resonator per acoustical pressure. Plotted as function of
the frequency of the incident ultrasound. Optomechanical
ultrasound sensors with membrane diameters 20 µm and
15 µm.

find the largest amplitude of ∂ T̃ /∂λ = −0.44 nm−1 at
λ = 1527.39 nm. For the 15 µm-diameter OMUS, we
find the largest amplitude of ∂ T̃ /∂λ = −0.31 nm−1 . The
sensitivity of the transmitted optical power I to acoustical pressure p is presented in Fig. 3e, main article (laser
power I0 = 6 dBm, photoreceiver AC-output conversion gain 40 mV/µW). From this measured sensitivity
we compute ∂ T̃ /∂p = (∂I/∂p) · (1/I0 ), from equation
(49). With these measured values of ∂ T̃ /∂λ and ∂ T̃ /∂p,
we compute the optical resonance shift per applied pressure ∂λr /∂p with unit fm/Pa using equation (50). The
results for the two sensors with different membrane diameters are shown in Fig. 14.
VII.

FREQUENCY RESPONSE OF THE
SENSOR

This section addresses various aspects of the frequency
response of the sensor. First, the measured resonance frequencies are compared with simulations and we find good
agreement (Sec. VII A). Second, acoustical reverberation in the sensor substrate is considered (Sec. VII B).
It is found that dominant reverberation is longitudinal ultrasound reflecting from the top- and bottomsurfaces of the silicon substrate. Acoustical backing
material is proposed as solution. Third, the frequency
response of the sensor is characterized using a broad-
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band ultrasound signal generated with photoacoustics
(Sec. VII C). Although our photoacoustic measurements
suffer from ultrasound reverberation in the used photoacoustic target, it is found that the measured acoustical
resonance frequency of the sensor membrane agrees well
with the resonance frequency measured using other methods. Fourth, the bandwidth of the sensor is estimated
based on the measured noise and simulated sensor sensitivity (Sec. VII D).

A.

Measured resonance frequencies agree with
simulations

In Fig. 15, both the measured and the simulated resonance frequencies are plotted. For the simulations, this
is the frequency of maximum sensitivity as computed in
Sec. II A and for an expected tensile stress of 50 MPa.
For measurements, also the frequency of maximum sensitivity is plotted, but this is only measured from 3 to
30 MHz. Therefore, the frequency of maximum noise
is plotted as well. This corresponds to the membrane
resonance under the assumption that the membrane is
excited with white acousto-mechanical noise. It can be
seen that simulations and both measurements agree very
well.

B.

Acoustical reverberation in substrate

Ultrasound sensors normally have an acoustical backing behind their sensor elements to prevent acoustical reverberation inside the transducer [4]. Acoustical backing
layers for silicon substrates have been developed for a.o.
capacitive micro-machined ultrasound sensors (CMUTs)
[17]. The use of such a backing is required for most ultrasonic and photoacoustic imaging applications because
the reverberations otherwise cause significant image artefacts. In our measurement setup, the bare sensor chip is
clamped to an aluminium block. However, this has not
sufficiently reduced the acoustic reflections, we expect
due to bad acoustical contact. Therefore, a time-window
is applied to select the first arrival and demonstrate performance of the new optomechanical ultrasound sensor,
without considering the influence of the backing layer.
Fig. 16 shows the characterization of the ultrasound sensors with a longer time-window to include all significant
reverberations.
The dominant acoustical resonances observed in
Fig. 16 agree with acoustical reflections at the front and
backsides of the silicon substrate. For standing plane
waves between two perfectly reflecting interfaces, resonances are at fm = 0.5 · m · v/t = m · 5.8 MHz, with
sound velocity v = 8433 m/s for longitudinal acoustic
waves travelling in the [100] crystalline direction of silicon
[18], substrate thickness t = 725 µm, and some positive
integer m.
Because the reverberation is not due to the sensing

FIG. 15. Measured and simulated membrane resonance frequencies in water. Frequency of maximum measured sensitivity (marked with green +) and frequency of maximum measured noise amplitude (marked with red x). Frequency of
maximum simulated sensitivity for membrane tensile stress
of 50 MPa (blue curve).

membrane itself and methods for reducing this substrate
reverberation are known [17], the bandwidth of the sensor
as reported in this article is based on the first arrival of
the ultrasound pulse, excluding consequent pulse arrivals
due to reflections in the silicon substrate.

C.

Photoacoustic characterization of the sensor

In this section, the optomechanical ultrasound sensor is characterized by using photoacoustics to generate
a broadband ultrasound point source, as alternative to
the conventional ultrasound transducer that is used in
the main article. With photoacoustics, broadband ultrasound pulses with an approximately flat spectrum in
our frequencies of interest (< 100 MHz) can be generated. After exciting the optomechanical ultrasound sensor (OMUS) with such a broadband (in frequency domain) or short (in time domain) pulse, the spectrum
recorded by the OMUS is a good approximation of the
impulse response of the OMUS. Although the measurements reported here are less ideal because of acoustical reverberation in the used photoacoustic target, the
trend of the frequency response and the membrane resonance frequency can be observed. To generate this broadband pulse, an acoustically thin layer of gold (thickness 200 nm) is illuminated with short (1.2 ns) pulses
of green laser light. This gold layer sits on top of a
microscope coverslip (borosilicate glass, 160 µm thickness, from Roth Karlsruhe, Germany). The measure-

14

FIG. 16. Characterization including acoustic reverberations, extension of Fig. 3 in main article. a-b, Sensor with membrane
diameter 20 µm. c-d, Sensor with membrane diameter 15 µm. a and c, Recorded time traces, Tukey time-window with total
length 0.3 µs (select first pulse arrival, as used in main article), and Tukey time-window with total length 4 µs (includes all
relevant acoustic reverberations in substrate). b and d, Sensor sensitivity, following data processing as described in Methods
but with different lengths of time-window. Also showing frequencies that are a multiple of 5.8 MHz.

ments are performed in the inverted microscope setup
described in Methods (photoacoustic tomography setup)
and depicted in Fig. 17a. A green laser generates a laser
beam of short (1.2 ns) pulses, which is focussed by the
inverted microscope, through the coverslip, on the thin
gold layer. This causes the generation of broadband ultrasound via the photoacoustic effect. Above the coverslip is water, i.e. the coverslip is also a window in
the bottom of a water basin. The generated ultrasound
propagates through this water and this ultrasound signal
is recorded by our optomechanical ultrasound sensor at
1.8 mm above the thin gold layer. However, ultrasound
also propagates into glass coverslip where it reverberates
due to strong ultrasonic reflections at the top and bottom sides of this 160 µm thin coverslip. In these measurements, the recorded ultrasound signals are averaged

100x. The optical power of the photoacoustic illumination, measured after the microscope objective, is 70 µW
and 200 µW for the sensors with diameters of 20 µm and
15 µm, respectively.
Time-traces of the received ultrasound signal show
the short first arrival and following reverberations
(Fig. 17b,c). In the spectrum of the received pulses (using a long Tukey time-window with total length 2 µs and
unity length 1.9 µm), both the relatively broad membrane frequency response and the sharp acoustical resonances of the glass coverslip are observed (Fig. 17d, blue
solid curves). The sharp acoustical resonances of the
glass coverslip due to the strong reflections at its topand bottom-surfaces are at 14 and 28 MHz. Excluding
the many reverberations by considering the spectrum of a
short time-window (Tukey time-window with total length
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FIG. 17. Photoacoustic characterization of the sensors with membrane diameters 20 µm and 15 µm. a, Measurement setup.
b, Recorded time-trace, window length 2 µs. c, Recorded time-trace, zoom to window length 0.3 µs. d, Spectrum (Fourier
transform) of recorded time-traces. For time-windows corresponding to plots b and c. The spectra corresponding to the two
time-windows have the same normalization factor, with the maximum amplitude of the spectrum corresponding to the short
time window (0.3 µs) normalized to one. Also showing noise amplitude spectral density, with maximum amplitude normalized
to one.

0.3 µs and unity length 0.2 µm) indeed suppresses the
strong amplitude at these frequencies (Fig. 17d, orange
dotted curves). As observed in the time-traces (Fig. 17c),
the reverberations have a strong effect on the sensor with
a diameter of 20 µm. This is because the second resonance of the glass coverslip at 28 MHz is close to the
resonance frequency of the membrane at 26 MHz.

The frequency dependence of the measured sensor response has a similar shape as the noise spectrum, with
the two differences that (1) the amplitude of the noise
spectrum is higher above the resonance of the membrane,
and (2) the noise spectrum does not include the features
attributed to acoustical reverberations (Fig. 17d, green
dashed curve). Both differences are expected, the first
difference because the sensor is also affected by noise
sources other than optomechanical noise and the second
difference because the photoacoustic noise does not include coherent reflections. The resonance frequencies of
the sensor membranes agree for the photoacoustic measurements and the noise measurements. As found in
Sec. VII A these resonance frequencies thus also agree
with the measurements using a piezo-electric ultrasound
transducer and also with simulations.

D.

Estimation of the bandwidth of the sensor

In this section, we estimate the noise-limited bandwidth of the optomechanical ultrasound sensor (OMUS).
Because the noise-equivalent-pressure (NEP) spectrum of
the OMUS sensors is relatively flat, we specify the sensor performance as the maximum NEP spectral density
over the full measured 3 - 30 MHz frequency range. The
frequency range of the calibrated reference hydrophone
precluded direct sensor characterization at frequencies
above 30 MHz. In this section, we estimate the upper
bandwidth limit of the OMUS, i.e. the highest frequency
for which the NEP spectral density is below the specified
NEP spectral density. We assume that the noise spectral density above 30 MHz is similar or lower than the
spectral density at 3 MHz. The upper bandwidth limit
is therefore estimated as the upper frequency where the
sensitivity of the sensor is lower than the sensitivity at
3 MHz. From the modelled sensitivity (figure 1 in section II A), we find the upper bandwidth limits at 40 MHz
and 76 MHz for the sensors with membrane diameters
of 20 µm and 15 µm, respectively. This bandwidth is
confirmed by the photoacoustic experiments presented in
Sec. VII C where the sensitivity spectrum of the sensor
is measured.
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VIII. NOISE IS DOMINATED BY
ACOUSTO-MECHANICAL NOISE

Figure 18 shows, as a function of laser wavelength,
the DC optical transmission and the RMS value of a
noise time-trace, at a laser power of 6 dBm. The laser
wavelength is stepped across the optical resonance. At
each wavelength, both DC optical transmission (dashed
blue curve, left axis) and an AC time-trace of noise
are recorded (i.e. without applied ultrasound). The
RMS value of the AC time-trace, filtered to bandwidth
0.5 MHz - 60 MHz, is plotted (solid red curve, right
axis). The deformed optical transmission spectrum (c.f.
Fig. 3b, main article) is explained by heating of the sensor causing non-linear bistability in silicon photonic ring
resonators [19, Fig. 20]. Only the left flank of the photonic resonance is observed in this Fig. 18. The sensor
noise is highest with the laser at the flank of the optical
resonance. Hence, the dominant source of noise is frequency noise in the laser or in the ring resonator, and
not intensity noise of the laser or photoreceiver.
Figure 19 shows the noise spectral density in water
and in air. In the frequency range of interest, i.e. below 60 MHz, it can be seen that the frequency shape of
the dominant noise source has the shape expected of an
acousto-mechanical resonance. Indeed the noise has the
same frequency dependence as the measured sensor sensitivity (Fig. 3e, main text). Also, it can be seen that
the noise strongly depends on the acoustic environment
of the membrane, i.e. water or air. This demonstrates
that the source is acousto-mechanical noise and not laser
noise, as laser noise does not change depending on sensor
environment and has a frequency spectrum different from
a membrane resonance. Additionally, the noise spectral
density with a measurement with the laser off the photonic resonance (1527.1 nm in Fig. 18) is plotted. This
curve is amplitude noise of the laser and the electronic
noise of the photoreceiver. At resonance, the sensor noise
is 19 dBm above the electronic amplitude noise.
We estimate the laser frequency noise from the specified linewidth of the laser of 200 kHz or ∆λ = 1.56 fm.
The contribution of the laser frequency noise to the
voltage output of the photoreceiver ∆V is estimated
using: ∆V = (∂V /∂I) · (∂ T̃ /∂λ) · I0 · ∆λ, with
∂V /∂I = 4 · 104 V/W the photoreceiver conversion gain,
∂ T̃ /∂λ = 0.44 nm−1 the sensitivity of the sensor transmittance to wavelength (see Sec. VI) and I0 = 6 dBm
the laser power. Thus the contribution of laser frequency noise is estimated at ∆V = 0.1 mV. The root
mean square value (RMS) of the measured amplitude
noise (Fig. 18, laser off resonance) over the bandwidth
1 - 125 MHz is 3.8 mV. The contribution of laser frequency noise is thus much (31 dB) smaller than the contribution amplitude noise.
Hence, the noise of our sensor is dominated by acoustomechanical noise.

FIG. 18. Photoreceiver output at different laser wavelengths
(high laser power 6 dBm). DC output without applied ultrasound, i.e. optical transmission spectrum (left axis). AC
output without applied ultrasound, root-mean-square value of
time-trace, bandwidth 0.5 - 60 MHz (right axis). Membrane
diameter 20 um.

FIG. 19. Noise power spectral density. In air, in water, and
with laser wavelength tuned away from the resonance flank.
Membrane diameter 20 um.

IX.

DIRECTIVITY

Figure 20 shows the directivity of the optomechanical
ultrasound sensor, i.e. the sensor response as a function
of the angle of incidence of the incident ultrasound. We
measured the directivity by rotating the sensor chip with
respect to the ultrasound source. This rotation is done
using a rotational stage (Thorlabs XYR1/M) with the ultrasound sensor mounted approximately at the rotational
axis of this stage. At each rotation angle, the position of
the sensor is fine-tuned to the required position, an ultra-
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FIG. 20. Characterization of ultrasound sensor directivity. Sensor response as a function of the angle of incidence of the
ultrasound. Two sensors with membrane diameters 20 µm and 15 µm. a, Peak-to-peak amplitude of received time-trace.
b, Sensitivity as function of frequency.

sound time-trace is recorded, and the sensor sensitivity
as function of frequency is characterized. This procedure
is described in Methods, with the difference that here
the Tukey window is slightly longer (total length 0.4 µs,
unity length 0.3 µs) and the signal generator (AWG) output voltage is set to Vpp = 0.8 V. The maximum angle of
rotation is 60 degrees because at larger angles the fibrearray blocks of the input/output fibres are in the way of
the ultrasound.
The sensor is response is flat within 25% over the characterized frequency range up to 30 MHz and angles up
to 60 degrees. At an angle of incidence around 15 degrees there is a sharp decrease in sensor sensitivity. This
angle agrees with the critical angle of a Rayleigh surface acoustical wave (SAW), which is 16 degrees for a
silicon surface (Refs. [20] and [18], with silicon density
2329.0 kg/m3 , longitudinal sound velocity 9133.3 m/s,
transversal sound velocity 5844.2 m/s).

X.

REPRODUCIBILITY

To demonstrate the reproducibility of the optomechanical ultrasound sensor (OMUS), sensors drawn from four
locations of the wafer are characterized. The characterization procedure is described in Methods, with the difference that here the signal generator (AWG) output voltage is set to Vpp = 0.8 V for the sensor with a membrane

diameter of 15 µm. The optical transmission of the fibreto-chip coupling varied from sensor to sensor. For each of
the measurements, the laser power is chosen such that the
optical power measured by the photoreceiver is between
25 µV and 60 µV, with the laser wavelength tuned next to
the resonance of the photonic ring resonator. This variation in optical transmittance of the fibre-chip coupling
and the optical power of the laser affect the measured
signal amplitude, sensitivity, and noise spectrum. As our
sensor is dominated by acousto-mechanical noise, these
moderate changes in this optical power should not affect
the noise equivalent pressure (NEP).
The characterization of the four different sensors with
the same design show good agreement (Fig. 21). The
NEP spectral density of all tested sensors is below the
reported 1.3 mPa/ Hz and 2.3 mPa/ Hz for sensor diameters 20 µm and 15 µm, respectively, over the full
characterized 3-30 MHz bandwidth.

XI.

DESIGN OF PHOTONIC MULTIPLEXING,
INTERROGATOR, AND CABLE

We envision a system that consists of a lightweight,
small and cost-effective probe that includes an OMUS
matrix, which is connected via a thin flexible cable to
a large system that includes the electro-optic interrogator of the ultrasound sensors, signal digitizers, imaging
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FIG. 21. Reproducibility of the sensor: characterization of sensors drawn from four different locations on
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In the Results section of the main article, we demonstrate an array of OMUS sensors all connected to the
same bus waveguide and individually addressed by means
of wavelength division multiplexing (WDM). The photonic ring resonators have slightly different radii such
that the resonance wavelengths are, in design, evenly distributed over the ∼17 nm free-spectral-range (FSR) of
the ring resonators. It can be seen that the process variability of the CMOS fabrication is accurate enough to
accommodate one photonic resonator per 0.8-nm bandwidth. Thus 21 of these OMUSs can be addressed via
the same bus waveguide, by designing the ring radii such
that the photonic ring resonator resonances are evenly
distributed over the FSR.
Figure 22 sketches a multiplexer scheme based on the
aforementioned rings-on-a-bus wavelength-division multiplexing (WDM) combined with coarse WDM. Using
advanced grating couplers, a 95 nm wavelength band
(e.g. optical fiber communication C+L bands) is coupled to a photonic chip [21]. This band is then split
into three waveguides using coarse WDM with a channel
spacing of 31 nm, such that each waveguide contains a
17 nm wavelength band with sufficient transmission and
low cross-coupling. As the rings-on-a-bus multiplexing
is periodic in its free-spectral-range, there is no need for
precise alignment between the resonance wavelengths of
the photonic ring resonator and the wavelength bands of

Ultrasound sensor chip

FIG. 22.
Example of interrogator system and
wavelength-division multiplexing (WDM) for an matrix of OMUS sensors. DEMUX: de-multiplexer, MUX:
multiplexer, PD: photoreceiver. Example showing two photonic bus waveguides each coupled to three photonic ring resonators of diferent radii. These photonic ring resonators are
part of the optomechanical ultrasound sensors. Three dots
incidate that the same component is repeated several times.
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the coarse WDM channels. It is sufficient if each of the
coarse WDM channels contains at least one resonance
of each of the ring resonators. For the demultiplexer
and multiplexer, an arrayed waveguide grating (AWG)
or cascaded Mach-Zehnder filter can be used [22, 23].
This scheme allows 63 sensors to be addressed via one
optical fibre-chip connection.
The proposed interrogator system consists of an array
of DFB lasers typically used in telecommunication systems. These lasers are typically thermally tunable over
1.8 nm in wavelength [24]. Because the spacing of the
resonances of the photonic ring resonators in the multiplexing design is 0.8 nm, and periodic in its FSR, an
array of lasers with centre frequencies spaced 0.8 nm can
always be dynamically tuned such that each laser addresses an individual ring resonator. Multiplexing of the
laser array is done using typical telecommunication multiplexers. After passing the OMUS matrix chip, a similar
demultiplexer is used to separate the signals from originating from individual sensors and these signals are fed
to an array of photoreceivers (Fig. 22).
To address a larger number of sensors, fibre-bundles
and multicore fibre are proposed. Based on commodity
fibres in the optical communication industry (24 Fibres
Female to Female OS2 9/125 single mode MTP Trunk
Cable [25]) and relatively standardized fibre-chip coupling (fibre-array block, pitch 127.5 µm, metal-coated
[26]), it is possible to address 732 sensor elements with a
fibre-optic trunk cable that has a diameter of 3 mm. A
higher fibre core density can be achieved with multicore
fibre. Interfacing an OMUS matrix with 10,004 sensors
through a relatively thin cable can be achieved using multicore fibre with 8 cores per fibre in a fibre trunk cable
with 42 fibres per cable. With a fibre core density of 13.6
cores/mm2 [27], the cable diameter is 4 mm. Coupling of
a 61-core multicore fibre to a photonic chip through outof-plane grating couplers is proposed [28] and coupling of
a 32-cores was experimentally demonstrated in Ref. [29].

➤
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