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Present optical nanoscopy techniques use a complex microscope for imaging and a 

simple glass slide to hold the sample. Here, we demonstrate the inverse: the use of a 

complex, but mass-producible optical chip, which hosts the sample and provides a 

waveguide for the illumination source, and a standard low-cost microscope to acquire 

super-resolved images via two different approaches. Waveguides composed of a 

material with high refractive-index contrast provide a strong evanescent field that is 

used for single-molecule switching and fluorescence excitation, thus enabling chip-

based single molecule localization microscopy. Additionally, multimode interference 

patterns induce spatial fluorescence intensity variations that enable fluctuation-based 

super-resolution imaging. As chip-based nanoscopy separates the illumination and 

detection light paths, total-internal-reflection fluorescence excitation is possible over 

a large field of view, with up to 0.5 mm x 0.5 mm being demonstrated. Using multi-

colour chip-based nanoscopy, we visualize fenestrations in liver sinusoidal 

endothelial cells. 

 

Various different methods of super-resolution microscopy have emerged within the last few 

years1. Techniques include structured illumination microscopy (SIM)2,3, stimulated emission 

depletion (STED)4,5 microscopy and temporal signal fluctuation-based techniques such as 

super-resolution optical fluctuation Imaging (SOFI)6 and entropy based super-resolution 

imaging (ESI)7. However, single molecule localization microscopy (SMLM) approaches such 

as (direct) stochastic optical reconstruction microscopy ((d)STORM)8,9 and (fluorescence) 

photo-activated localization microscopy (F)PALM10,11 are possibly the most widespread 

implementations currently used in applied nanoscopy. SMLM techniques rely on spatially and 

temporally separated signals from single emitters such as organic fluorophores9 or quantum 

dots12,13 to localize their coordinates with sub-pixel precision. The localizations coordinate 

table from up to multiple thousands of frames is used to render the super-resolved image, 



after possible filtering steps based on the localizations list. In contrast, fluctuation based 

techniques do not require strictly separated emitters but make use of temporal fluctuations of 

the fluorescence intensity signal over several to hundreds of frames. The super-resolved 

image is generated by time-dependent statistical analysis of the pixel values in the 

fluorescence image stack, e.g. calculation of cumulants in SOFI6 or entropy values in ESI7. 

 

Ongoing developments suggest that an impressive diversity of biological and medical 

questions will be answered using optical nanoscopy. However, this development is frequently 

accompanied by the need for bulky and expensive optical setups that are rather 

cumbersome to operate and to maintain, especially for untrained users. Typically, a standard 

microscope is adapted by the use of bulk optical components to generate, steer and deliver 

the required illumination pattern to the sample Often, the same objective lens is used for 

both, fluorescence excitation and detection, and there are thus overlaid excitation and 

emission paths. Furthermore, specific objective lenses with a high numerical aperture (NA) 

are needed to support optical sectioning in the form of total internal reflection or highly 

inclined and laminated optical sheet (HILO)14 illumination. Another approach to optical 

sectioning is given by Bessel beam15 or lattice light sheet16 illumination, again at the cost of 

rather complex and bulky optical setups. Besides the technical demands, using a high-NA 

objective lens with a high magnification consequently limits the field-of-view (FOV). This 

makes simultaneous super-resolution imaging of several to many cells, difficult or impossible.  

 

Optical microscopy based on waveguide chips significantly reduces the complexity of the 

entire optical setup, enabling miniaturization by completely removing the excitation light path 

from the microscope. Instead, waveguides which tightly confine the guided light by total 

internal reflection due to a high refractive index contrast (HIC) to the surrounding media such 

as water and cells are used to deliver the illumination light to the sample. The evanescent 

field on top of the waveguide can be utilized for total internal reflection fluorescence (TIRF) 

excitation over an almost arbitrarily wide FOV that is intrinsically independent of the detection 

objective lens and in principle only limited by the waveguide design. Evanescent field 

excitation using waveguides was first introduced by Grandin et al.17, where a slab waveguide 

was used to generate an evanescent field over the large stretch of the waveguide chip. Slab 

waveguides (Fig. 1a) have later been used for both fixed and live cell imaging18-20 and 

recently for label free imaging21. In another work22, a coverslip was used to support guided 

modes of light, providing an evanescent field across the entire coverslip. Although these 

previous approaches to waveguide-based illumination have been used for fluorescence 

microscopy for some time, none of these techniques have yet demonstrated imaging with a 

resolution beyond the diffraction limit. Here, we present super-resolution optical microscopy 



using chip-based waveguides made of HIC materials, opening research activities towards the 

field of nanoscopy based on photonic integrated circuits (PICs). 

 

Waveguide chips potentially allow for easy integration of multiple optical functions on a 

common platform. Particularly, devices based on HIC materials allow tighter confinement of 

light inside the waveguide reducing the footprints and opening new possibilities of integrated 

chip-based optical systems such as Raman spectroscopy23, bio-sensors24, optical coherence 

tomography25, and others. 

 

Here, we demonstrate waveguide chip-based super-resolution fluorescence imaging by two 

complementary approaches using ESI and dSTORM. The high intensity in the evanescent 

field generated by the HIC waveguide material is used for optical switching of fluorophores 

as required by dSTORM. In addition, the intrinsically multi-mode interference pattern within 

the waveguide is used to generate fluctuating intensity patterns for ESI. To demonstrate the 

applicability of waveguide chip-based super-resolution microscopy we visualize the 

connection of the actin cytoskeleton and plasma membrane fenestrations in liver sinusoidal 

endothelial cells (LSECs). 

 

RESULTS 

Chip-based single molecule localization microscopy 

The performance of chip-based dSTORM is shown by imaging immunostained microtubules 

in rat LSECs26 plated directly on the waveguide (Fig. 2a). Measuring the lateral profile along 

one straight microtubule filament reveals a hollow structure27 which has been used earlier in 

localization microscopy as a benchmark sample28-30, discussed in detail in31. This shows a 

resolution of better than 50  nm (Fig. 2b), confirmed by full-width-at-half-maximum (FWHM) 

values, localization precision32, and Fourier ring correlation33,34 (FRC) calculations 

(Supplementary Fig. 1). The resolution capability was further investigated by using DNA 

origami nanorulers that provide markers at (50 ± 5) nm distance as references. These can be 

clearly resolved in chip-based dSTORM (Fig. 2c,d, Supplementary Fig. 2) which shows a 

comparable performance to the widely used architecture of an inverted TIRF dSTORM setup 

(Fig. 2c,d, Supplementary Fig. 3). 

 

As an advantage over conventional setups, waveguide chip-based nanoscopy greatly 

benefits from the fact that the fluorescence excitation is independent of the detection 

objective lens. As fluorescence is excited by the evanescent field of the waveguide, the 

technique provides optical sectioning and excellent signal to background ratios at penetration 

depths below 200 nm (Supplementary Fig. 4, Supplementary Fig. 5, Video 1), similar to 



objective-based TIRF. Beyond that, the planar extent of the evanescent field only depends 

on the waveguide geometry and can thus be adjusted by the waveguide layout. While for epi-

illumination, dSTORM imaging over a FOV of 100 µm side lengths has recently been 

demonstrated35, we significantly extend this range by chip-based TIRF imaging: the use of a 

broad waveguide in combination with a low magnification/low NA objective lens enables 

simultaneous imaging of more than 50 cells (Fig. 2e) on a FOV with 0.5 millimetre width and 

height while details below 140 nm could still be resolved (Fig. 2f,g), again confirmed by 

multiple methods (Supplementary Fig. 6). 

 

Samples can be prepared directly on the waveguide chip (Fig. 1b) following standard 

protocols used for cell attachment to common glass coverslips36. Besides acting as a 

substrate for the sample, the chip additionally provides an evanescent field used for 

fluorescence excitation through the integrated waveguide (Fig. 1c) while the fluorescent 

signal is captured by a conventional upright microscope. Since light guidance and shaping is 

integrated in the waveguide chip, the entire optical setup features relatively low complexity 

and only requires efficient coupling of light into the waveguide. We meet this requirement by 

either focusing different laser lines through an objective lens to the input facet of the 

waveguide or directly coupling to it from an optical fibre (Fig. 1d). As different wavelengths 

can be combined simultaneously, dyes can be effectively photoswitched for dSTORM 

imaging (Supplementary Fig. 7). 

 

To develop suitable waveguides for chip-based nanoscopy, tantalum pentoxide (Ta2O5) and 

silicon nitride (Si3N4) materials were used because of their high refractive indices, low 

propagation losses, low absorption, and low auto-fluorescence at visible wavelengths37. High 

intensities in the evanescent field induce switching of organic fluorophores. To achieve this, 

we use channel-like waveguides of rib or strip geometry (Fig. 1a) that transversely confine 

the guided light in contrast to the slab geometry used in other waveguide-imaging 

approaches17-19,21. Channel breadths (i.e. the waveguide extend orthogonal to the wave 

propagation direction) range from 25 to 500 µm in order to span the appropriate length scale 

for imaging many samples simultaneously, e.g. several cells. 

 

The waveguides used in this work are highly multi-moded. Back reflections and multi-mode 

interference inside the waveguide cause a spatially stable distribution of laterally non-uniform 

evanescent fields, which strongly depends on the coupling into the waveguide. Accordingly, 

fluorescence excitation is inhomogeneous and, hence, impairs the reconstructed dSTORM 

image. To counteract this problem, a piezo stage is used to oscillate the coupling objective 

lens or fibre back and forth along the input facet of the waveguide during the measurement. 



This maintains continuous coupling but shifts the mode pattern to obtain an average 

distribution which shows significantly less modulation over larger length scales as compared 

to conventional TIRF setups (Supplementary Fig. 8, Supplementary Fig. 9, Video 2). 

Consequently, the distinct modes are not visible in the reconstructed dSTORM images. 

 

Chip-based fluctuation imaging 

In contrast, fluctuations induced by the shifted mode pattern are desired in the case of chip-

based ESI. Although original implementations of the fluctuation-based approaches SOFI and 

ESI use intrinsic quantum dot or fluorophore temporal intensity fluctuations (e.g. due to 

blinking and bleaching), it has recently been shown that speckle pattern illumination38 can 

also invoke temporal emission fluctuations allowing for super-resolved fluctuation imaging39. 

Intrinsic intensity fluctuations originate from single emitters and therefore spatially tightly 

confined sources. On the contrary, the spatial frequencies of the waveguide illumination 

pattern define the length scales on which the fluctuations occur, and, hence, the obtainable 

resolution (Supplementary Fig. 10, Supplementary Note 1). Using dSTORM, we have 

measured fringes in the multi-mode interference pattern of a waveguide. The FWHM of the 

structure sizes goes down to 140 nm for a vacuum laser excitation wavelength of 660 nm 

(Supplementary Fig. 11). 

 

To utilize the illumination intensity fluctuations induced by the waveguide for ESI analysis, we 

oscillate the coupling along the input facet such that the mode distribution changes from 

image to image. As random intensity fluctuations are desired, there is no need to further 

control the illumination pattern besides changing it from frame to frame. Low input power is 

used, keeping the intensity under the threshold of undesired single molecule switching, 

contrary to the dSTORM acquisition procedure where single molecule switching is required. 

While continuously changing the excitation pattern in this manner, about 200 frames are 

recorded. The acquired data is used as input for the ESI reconstruction algorithm to generate 

a super-resolved image (Fig. 3a) which we demonstrate via imaging tubulin in LSECs (Fig. 

3b,c). 

 

Following the ESI acquisition, the same sample is again imaged using dSTORM by 

increasing the illumination intensity. This allows for a direct comparison of the ESI image with 

the dSTORM image of higher resolution but requiring a much higher number of input frames 

(Supplementary Table 1). Hence, dSTORM serves as a control reference for assessing the 

performance of chip-based ESI. This verifies that the resolution of the ESI image is on the 

order of 110 nm, as adjacent microtubules at 106 nm distance are still resolved and 

simultaneously observed in both super-resolved images (Fig. 3c,d). This resolution is also 



confirmed by a FWHM of 104 nm of a single tubule in the ESI image (Supplementary Fig. 

12). Thus, chip-based ESI utilizing spatial excitation pattern fluctuations readily achieves a 

resolution enhancement of about a factor of 2, using an NA 1.2 objective lens for 

fluorescence detection (Supplementary Note 1). Chip-based dSTORM pushes the 

resolution even further, admittedly at the cost of longer acquisition times. 

 

Scalable super-resolution imaging 

As the evanescent field generation in waveguide chip-based nanoscopy does not depend on 

the objective lens used for fluorescence detection, the presented approaches can be applied 

for successive image acquisitions at different magnifications allowing for scalable FOV 

imaging: To obtain an overview image with a large FOV, low magnification/ low NA lenses 

can be used. If higher resolution is desired, specific regions of interest (ROI) can be imaged 

at superior resolution afterwards switching to a high magnification/ high NA objective lens. 

 

Intensity fluctuations owing to the shifted mode pattern enabled us to record ESI images with 

TIRF excitation in a FOV of 0.46  mm width using a 20x magnification/ NA 0.4 objective lens 

(Figure 4b,e). While a resolution not better than 653 nm is expected for diffraction-limited 

imaging (Fig. 4a,d), actin filaments of 334 nm distance can still be resolved in the large FOV 

ESI image (Fig. 4h). A filament FWHM value of 333 nm confirms this finding 

(Supplementary Fig. 13). This demonstrates a resolution enhancement at these particular 

positions of approx. a factor of 2, which was achieved from 208 frames recorded in less than 

25 seconds. For further resolution improvement, dSTORM imaging was performed using the 

same low NA objective lens (Fig. 4c,f). 

 

The use of a low NA 0.45 (Fig. 2e,f) or 0.4 (Fig. 4c,f) objective lens lacks resolution 

compared to the use of a higher NA 1.2 objective lens (Fig. 2a, Fig 3b,c, Fig. 4g) as the 

obtainable localization precision and accuracy strongly depends on the NA of the utilized 

objective lens (Supplementary Note 2, Supplementary Note 3, Supplementary Fig. 14). 

Nevertheless, it shows that TIRF-based microscopy is not limited to high NA and high 

magnification lenses and can be extended to wide fields-of-view. Using the low NA 0.4 

objective lens, as few as 208 frames for ESI and 3,000 frames for dSTORM were sufficient to 

capture the structure of interest at significantly improved resolution in comparison to the 

diffraction limit (Supplementary Note 4, Supplementary Fig. 15, Supplementary Fig. 16). 

Fast software tools for (almost) real-time dSTORM reconstruction are readily available40,41, 

such that dSTORM is mainly limited by the acquisition time. Hence, either low NA ESI or 

dSTORM can be used for identification of cells of interest or for finding rare biological events, 

while the choice of the proper method can be made by prioritizing either the acquisition time 



(choosing ESI) or the resolution (choosing dSTORM). Subsequently, an identified region of 

interest may be imaged using high NA dSTORM to achieve uncompromised resolution (Fig. 

4g). Additionally, the relatively short acquisition times for the low NA images help to prevent 

photobleaching of fluorophores, allowing for successive acquisition procedures of the same 

sample (Supplementary Fig. 15). 
 

Imaging membrane/cytoskeleton interaction in LSECs 

Besides the cytoskeleton, the plasma membrane of LSECs is of distinct importance for their 

function26,42. LSECs are highly specialized endothelial cells forming the sinusoidal blood 

vessels in the liver. They contain multiple trans-cytoplasmic pores (fenestrations) of 50 to 

200  nm in diameter, making optical nanoscopy a particularly well-suited tool for their 

investigation43. Fenestrations are typically grouped together in structures called sieve plates, 

due to their function as a molecular sieve between the blood and the hepatocytes. 

Fenestrations allow free passage of plasma from the sinusoidal lumen through to the Space 

of Disse and beyond to the underlying hepatocytes (and in the reverse direction), while 

retaining the blood cells in the lumen. Constituents in the plasma (e.g. lipoproteins, 

pharmaceuticals) can thus be cleared and processed by hepatocytes, and products 

synthesized by hepatocytes can be released back into the circulation via this route. We 

applied waveguide imaging to visualize the interaction between the actin network and 

fenestrations (Fig. 5a, Supplementary Fig. 17). Multi-colour chip-based dSTORM shows 

that small actin filaments colocalize with the membrane supporting the individual 

fenestrations (Fig. 5b), reinforcing earlier findings with different methods44,45. Thicker actin 

bundles surround multiple fenestrations forming sieve plates. Recently, it has been 

demonstrated that sieve plates are also surrounded by tubulin44. Taken together with our 

results, this suggests that sieve plates have a combined actin and tubulin outer framework. 

Super-resolution optical methods that allow multiplexing will contribute to a greater 

understanding of how sieve plates and fenestrations function and are regulated, especially if 

these methods can be extended to living cells. 

 

DISCUSSION 

Our approach to resolution-scalable nanoscopy allows for localization-based, as well as 

fluctuation-based super-resolution imaging on a simple setup that only demands coupling of 

the excitation light source into the waveguide. Using a 20x objective lens, a FOV of approx. 

0.5 mm width can be imaged at a resolution of about 340 nm in less than 25 seconds as 

shown above, which will also enable live-cell applications. Accepting longer acquisition times 

of approx. 8 to 30 minutes, a resolution even below 140 nm can be achieved for this large 

FOV without image stitching (Supplementary Note 5). Thus, our waveguide chip-based 



approach fills the missing gap of acquiring highly resolved images over an unprecedented 

large FOV in TIRF microscopy of which the maximum breadth is predetermined by the 

waveguide layout. Changing to a 60x objective lens with NA 1.2 results in an optical 

resolution of below 50 nm for dSTORM or about 110 nm for ESI. Though the presented 

approach is more flexible in the choice of the imaging lens than other implementations of 

TIRF microscopy, it shares the feature of a shallow sample illumination. Thus, fluorescence 

excitation is limited to a few hundred nanometres above the substrate, which can be either 

advantageous or disadvantageous depending on the application. While the illumination over 

the entire stretch of the waveguide enables large FOV TIRF imaging, the illuminated area 

usually goes beyond the FOV. All samples located on top of the currently imaged waveguide 

are simultaneously exposed to fluorescence excitation which must be considered in the 

experimental design, e.g. concerning photobleaching. 

 

Though both ESI and dSTORM are based on fluorescence signal dynamics, the underlying 

processes significantly differ for their chip-based implementations. As in conventional 

realisations, chip-based dSTORM relies on the ability of the dyes to exhibit photoswitching, 

but the demonstrated implementation of ESI induces spatial intensity fluctuations by the 

waveguide excitation. It is therefore not restricted to specific probes, which makes it 

applicable to an even wider range of scenarios. So far, we have focused on a comparison of 

ESI and dSTORM, which on the one hand allowed us to validate chip-based ESI by 

dSTORM. On the other hand, experiments were designed for dSTORM compatible dyes and 

imaging was performed in a buffer that favours photoswitching beyond a certain intensity 

threshold. As photoswitching was not desired for ESI data acquisition, excitation intensities 

were kept relatively low, entailing the need for rather long camera exposure times. However, 

if chip-based ESI is performed independently of dSTORM, much higher intensities 

accompanied with significantly shorter exposure times can be applied. This will enable the 

acquisition of a fully reconstructed ESI image within 1 second, allowing for live-cell imaging 

at high temporal resolution. 

 

While dSTORM and fluctuation-based approaches already belong to the most wide-spread 

techniques for super-resolution imaging, the waveguide chip-based implementation 

dramatically reduces the complexity of the setup and, thus, has the potential to make it 

accessible for a wider range of users. Incorporating it into PICs will make it compatible with 

fast and compact optical fibre components, e.g. fibre-based switches, modulators, 

multiplexer and lasers. A waveguide chip, either fibre pigtailed or with a FC connector, will 

simply allow adding or removing any optical fibre components, thus eliminating the need of 

system re-alignment which is often the case when using bulk optical components. By guiding 



the illumination light through optical fibres and waveguides, many standard optical 

microscopes can be used to acquire super-resolved images. Future PIC developments 

towards on-chip laser generation, filtering, and steering of entire illumination systems will 

potentially further extend the capabilities. Additionally, the integrated platform makes 

combinations with different lab-on-a-chip methods, e.g. microfluidics46, optical trapping47 or 

other detection techniques48 now straightforward to implement. Furthermore, other analysis 

modes based on SMLM can be utilized e.g. for highly sensitive quantitative binding assays49. 

  



METHODS 

Methods and any associated references are available in the online version of the paper. 
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Figure 1 | The implementation of chip-based nanoscopy. (a) Channel-like waveguide 

geometries are realized by etching the slab waveguide either partially or completely down to 

the SiO2 substrate. In either case, the light is mainly guided by the channels of 25 to 500  µm 

breadth. (b) Five channels can easily be seen in the photograph of a strip waveguide chip, 

marked by the arrows. (Scale bar, 1 cm.) (c) Light guided inside the waveguide is the source 

of the evanescent field illuminating samples on top of the surface. (d) The optical setup 

consists of a simple upright microscope for fluorescence detection and an illumination unit to 

provide coupling to the input facet of the waveguides either through an objective lens or via a 

lensed fibre. 

 

 
  



Figure 2 | Demonstration of chip-based dSTORM. (a) Diffraction limited and dSTORM 

imaging of tubulin in liver sinusoidal endothelial cells (LSECs). (Scale bar, 2 µm. Scale bar 

on inset, 1 µm.) Measuring a lateral profile of 540 nm width along a straight microtubule 

(magenta marking in the inset of the dSTORM image) reveals its hollow structure (b). (c) The 

resolution capability is further investigated by imaging DNA-origami nanorulers of (50 ± 5) nm 

specified length that can be clearly resolved with waveguide-based dSTORM similar to 

objective-based TIRF dSTORM. (Scale bars, 50 nm.) (d) Analysing their line profiles, a mean 

nanoruler length of 49 nm is found in both cases affirming that the chip-based 

implementation shows comparable performance to a conventional inverted dSTORM setup. 

(e) Additionally, waveguide chip-based illumination allows for using a low magnification/ low 

NA (20x/ NA 0.45) objective lens for dSTORM imaging over a field-of-view of 0.5 mm × 0.5 

mm. (f) shows a detail marked by the white box in (e), where the profile over adjacent tubulin 

filaments reveals their separation by 138 nm (g). 

   



Figure 3 | Demonstration of chip-based ESI. (a) Spatial fluorescence intensity fluctuations 

are induced by changing the mode pattern of the waveguide during image acquisition. 

Accordingly, these measurements show a diffraction limited image of the labelled structure 

multiplied by the mode pattern. A stack of approx. 200 frames is used as input data for the 

fluctuation analysis reconstruction algorithm, resulting in one super-resolved image. (b) 

Imaging tubulin in an LSEC. The comparison of the diffraction limited image, the 

corresponding ESI reconstruction, and the dSTORM image shows the gradually increasing 

resolution. (Scale bar, 5 µm.) (c) shows a magnification of the same region (indicated by the 

rectangle in (b)) for the three different imaging modalities. (Scale bar, 0.5 µm.) The dSTORM 

image of the same structure verifies the applicability of chip-based ESI: the line profiles 

reveal a resolution of 106 nm for chip-based ESI (green line) by imaging two adjacent 

microtubules, simultaneously observed in the dSTORM image (blue dashed line) (d). 

 

 
  



Figure 4 | Imaging the same sample under varied acquisition conditions reveals the 

specific strengths of the different approaches. As TIRF excitation is provided over the 

entire width of the waveguide, arbitrary objective lenses can be used for detection. Using a 

20x magnification objective lens allows for chip-based TIRF imaging over a field-of-view of 

0.46 mm width (a,d). Both fluctuation-based ESI (b,e) and localization-based dSTORM (c,f) 

result in an optical resolution enhancement obtained using the NA 0.4 lens, and, thus, 

resolve actin bundles at 334 nm distance (h). Hence, both techniques provide a tool for 

scanning large fields-of-view at high resolution to identify cells of interest that can be re-

imaged using a high magnification/ high NA lens in a subsequent step (g), accomplishing 

even superior resolution. The choice between wide field-of-view ESI or dSTORM can be 

made on either prioritizing short acquisition times (choosing ESI) or best resolution (choosing 

dSTORM). (d-g) show a detail of the region marked by the box in (a). (Scale bar on (a), 20 

µm. Scale bar on (d), 2 µm.) 

 
  



Figure 5 | Multi-colour chip-based dSTORM reveals the interplay between actin 

(magenta) and the membrane (green) in LSECs. (a) Groups of fenestrations form sieve 

plate superstructures which are surrounded by thicker actin bundles. As can be seen in the 

inset, actin is present between neighbouring fenestrations where it colocalizes with the 

plasma membrane. (Scale bar, 5 µm. Scale bar on inset, 1 µm.) (b) The line profiles taken at 

different positions in the liver cell as shown in (a) reveal diameters of approx. 200 nm and 

smaller for the fenestrations chosen, that can be resolved by super-resolution microscopy 

only. The profiles underline the visual impressions of colocalization. 
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METHODS 

Optical setups. 

Waveguide-based imaging was performed on a conventional upright microscope (BXFM, 

Olympus), retrofitted with a waveguide chip module consisting of a piezo stage (17MAX604, 

Melles Griot) holding an objective lens (LMPlanFI 50x/0.5 BD, Olympus) or a lensed fibre 

(HP460sm, WT&T) used for coupling into the waveguide. The piezo allows fine tuning of the 

coupling, and was also programed through a piezo controller (BPC303, Thorlabs) to oscillate 

during image acquisition. The chip was held by a vacuum chuck on a translation stage 

(MBT402D, Thorlabs) to prevent movement during coupling. During dSTORM image 

acquisition, the vacuum pump was turned off to minimize sample drift but suction was 

retained. Imaging was performed using a 20x NA 0.4 (Plan N 20x/0.4, Olympus), 20x NA 

0.45 (LUCPlanFL N 20x/0.45, Olympus), a 60x NA 1.2 water immersion (UplanSApo 60x/1.2 

w, Olympus), or a 60x NA 1.42 oil immersion (PlanApo N 60x/1.42 oil, Olympus) objective 

lens. Different emission filter sets of both LP and BP filters were used (488LP (AHF) and 

520/36BP (Edmund), or 664LP (AHF) and 692/40BP (AHF)), and the signal was captured by 

a sCMOS camera (Hamamatsu Orca Flash 4 v2), controlled by the manufacturer software 

(Hamamatsu HCImage). The backprojected pixel width and height was 75.9 nm for Atto 488 

and CellMask Deep Red measurements and 108.33 nm for Alexa 647 measurements. 

Illumination was provided to the chip either via coupling a laser into the lensed fibre or by 

combining several laser lines through the coupling objective lens. Consequently, multi-colour 

imaging could be performed simultaneously if the emission path was split into two spectrally 

separated channels. The illumination unit consisted of two solid state lasers (Oxxius LBX-

488-200-CSB 488 nm and Cobolt Flamenco 660 nm). Each beam profile width was adjusted 

by an individual Keplarian telescope (not shown in the sketch of Figure 1g) and spatial 

overlay was achieved by a dichroic mirror (DMPL505; Thorlabs). 

Conventional dSTORM imaging was performed on an inverted setup build around a 

microscope body (IX-71, Olympus) using a 60X NA 1.49 oil-immersion objective lens (Apo 

N, 60X NA 1.49; Olympus), described in detail elsewhere50. Briefly, laser light was emitted 

from an argon-krypton ion laser (Innova 70C, Coherent) and the 647 nm laser line was 

selected by an acousto-optic tunable filter (AOTFnC-VIS-TN 1001; AA Opto Electronic). 

Fluorescence emission was captured by an EMCCD camera (iXon DV887DCS-BV; Andor) 

with backprojected pixel widths and heights of 112 nm through two emission filters (LP02-

647RU-25; Semrock, ET700/75m; Chroma). 

The TIRF excitation profile on the commercial OMX v4 Blaze system (GE Healthcare) was 

recorded using the ring TIRF mode and the field concentrator as the recommended 

illumination mode for dSTORM imaging. The microscope was equipped with a 642 nm 



excitation laser, an oil-immersion TIRF objective lens (60x NA1.49 ApoN, Olympus), and a 

sCMOS camera. 

 

Waveguide chip fabrication. 

The Ta2O5 waveguides were fabricated by sputtering a thin layer (150 to 220 nm) of Ta2O5 

onto a silicon dioxide (SiO2) substrate. Magnetron sputtering was employed and the 

deposition was optimized using an iterative process. The parameters that were optimized for 

the waveguide parameters were substrate temperature, magnetron power and the oxygen 

flow rate. The optimized parameters chosen were 200°C substrate temperature, magnetron 

power of 300 W and O2 and Ar flow rates of 5 and 20 sccm, respectively. Post-deposition, 

standard photolithography was used to deposit photoresist for marking the waveguide 

geometry and ion-beam milling was used to fabricate the challenged waveguides (strip and 

rib). For rib waveguides, the slab was only partially etched down, while for strip the slab was 

etched completely down to the substrate. The sidewall roughness, which is the major source 

of propagation loss, was reduced by optimization of the ion-beam milling process. Finally, 

plasma etching was performed to remove the remaining photoresist from the 

photolithography step. Post-fabrication annealing for 5 hours at 600°C was employed to 

reduce the propagation losses. 

The Si3N4 waveguides were fabricated first by thermally growing a silica layer with a 

thickness of 2 µm on silicon wafers. The thin Si3N4 layer (150 nm thick) was deposited using 

low-pressure chemical vapor deposition (LPCVD) at 800°C. Post-deposition, standard 

photolithography was used to deposit photoresist for marking the waveguide geometry, 

followed by reactive ion etching (RIE) to fabricate the challenged waveguides (strip and rib). 

The unwanted photoresist was then removed and a top cladding layer was deposited by 

plasma-enhanced chemical vapor deposition (PECVD) at 300°C of thickness 1.5 µm. At 

imaging areas, the top cladding was opened using RIE and wet etching to enable seeding of 

the cells. Further details of the fabrication process for Ta2O5 and Si3N4 waveguides can be 

found elsewhere37,51. 

Before attaching cells onto the waveguides, the chip was thoroughly cleaned by submerging 

the chip in 5  % (v/v) Hellmanex (Sigma Aldrich) for 10  minutes at 70°C. Hellmanex was 

removed using distilled H2O, and another cleaning step using isopropanol (Sigma Aldrich) 

was performed before rinsing once more with dH2O. 

 

Sample preparation. 

Sprague Dawley male rats (Scanbur) were kept under standard conditions and fed standard 

chow ad libitum (Scanbur). The experimental protocols were approved by the Norwegian 

National Animal Research Authority (NARA) in accordance with the Norwegian Animal 



Experimental and Scientific Purposes Act of 1986. The rats (body weight 150–300  g) were 

anesthetized with a mixture of medetomidin (Domitor vet, Orion) and ketamine (Ketalar, 

Pfizer) and LSECs were isolated and purified as described36. Cleaned waveguide chips were 

coated with human fibronectin (50 µg/ml) for 10 min at room temperature. Isolated LSECs in 

RPMI 1640 were seeded on the fibronectin coated waveguide chips and incubated for 1  h at 

37°C, followed by a washing step to remove non-attached cells and debris and allowed to 

spread their cytoplasm for another 2  h. The cells were then washed with phosphate buffered 

saline (PBS) and fixed with 4% paraformaldehyde (PFA) in PBS and 0.02  M sucrose, pH 7.2 

for 30 minutes. Following fixation, the cell membranes were permeabilized with 0.1  % Triton 

X in PBS for 10  min at RT. Actin was stained with Atto 488-phalloidin (Sigma Aldrich), 1:400 

dilution in PBS by 20 min incubation at RT. Membranes were stained with CellMask Deep 

Red (Life Technologies), 1:1000 dilution in PBS by 10 min incubation at RT. Tubulin was 

either stained with 1:400 alpha-tubulin antibody, Alexa Fluor 488 (ThermoFisher Scientific), 

at 1:400 dilution in PBS containing 5% bovine serum albumin, fraction V (AppliChem) by 20 

min incubation at RT or with mouse anti beta-tubulin (Sigma Aldrich), at 1:400 dilution in 

PBS/BSA for 1 h at RT, followed by goat anti mouse Alexa Fluor 647 (ThermoFisher 

Scientific) at the same concentration as the primary antibody, for 1 h at RT. 

 

Dye surfaces were prepared by submerging approx. 50 nM Alexa 647 in 0.05 % Poly-L-

lysine (Sigma Aldrich) and incubating it for approx. 20 min on the waveguide chip or 

coverglass followed by an optional washing step. For measurements of the achievable 

localization precision using high and low NA objective lenses on the inverted conventional 

setup, 200 nm TetraSpeck Microspheres (Thermo Fisher Scientific) were diluted at approx. 

1:50 in Vectashield H-1000 (Vector Laboratories). 

 

Alexa 647-labelled R50 nanorulers (Gattaquant) were prepared on the waveguide by 

subsequently placing a Polydimethylsiloxane (PDMS) chamber on the surface, washing it 

thrice with PBS, incubating it with 0.5 mg/ml BSA-biotin (Sigma Aldrich) in PBS for 5 min, 

incubating it with 0.5 mg/ml Neutravidin (VWR) in PBS for 5 min, and incubating it with 0.5 µl 

R50 stock solution in 10 µl 60 mM Magnesium chloride in PBS for 5 min. Each step 

beginning from the BSA-biotin incubation was followed by two or three times washing with 

60 mM Magnesium chloride (MgCl2) in PBS. For imaging on the conventional inverted setup, 

the sample was prepared on a coverglass (#1.5) (Thermo Fisher Scientific Gerhard Menzel) 

by placing a PDMS chamber on the surface, washing it thrice with PBS, incubating it with 5 

mg/ml BSA-biotin (Sigma Aldrich) in PBS for 5 min, washing it thrice with in PBS, incubating 

it with 0.5 mg/ml Neutravidin (Thermo Fisher Scientific) in PBS for 10 min, and incubating it 

with 2.5 µl R50 stock solution in 25 µl 10 mM Magnesium chloride in PBS for 1h. Each step 



beginning from the Neutravidin incubation was followed by three times washing with 10 mM 

Magnesium chloride in PBS. 

 

Imaging buffer was prepared by mixing H2O-based 22.5  µl oxygen scavenger system 

solution (based on glucose oxidase (Sigma-Aldrich) and catalase (Sigma-Aldrich))52, with 30 

µl PBS. The buffer was supplemented with 2 mM cyclooctatetraene (COT) (Sigma Aldrich) in 

case of Alexa 647 imaging and with different concentrations of Mercaptoethylamine (MEA) 

(Sigma Aldrich). An MEA concentration of 95  mM was used in case of CellMask Deep Red 

and Atto 488 imaging which we found to yield good blinking behavior on the waveguide for 

both CellMask Deep Red and Atto 488. In case of all Alexa 647 imaging experiments on the 

waveguide, we used an MEA concentration of 20 mM. The buffer for Alexa 647-labelled 

DNA nanorulers on the conventional inverted microscope was prepared from D2O-based 

components, supplemented with 45 mM Tris, and contained MEA at a concentration of 10 

mM. The same MEA concentration with additional 2 mM COT was used in H2O-based buffer 

to record the example raw dSTORM data on the conventional inverted setup. Sub-diffraction 

sized, fluorescent 100 nm TetraSpeck Microspheres (Life Technologies) at a low 

concentration (approx. 1:5000 from stock) aid algorithmic drift correction of super-resolved 

images. 

 

To prevent light from coupling into the coverslip, we mounted a custom made PDMS 

chamber of 120  µm height on top of the chip to lift the coverglass (#1.5) (Thermo Fisher 

Scientific Gerhard Menzel) except for the experiment shown in Fig. 5 and Supplementary 

Fig. 17. It was verified that only light guided by the waveguide excites fluorescence 

(Supplementary Fig. 5, Video 1). The chamber additionally served as a vessel for the 

imaging buffer. Alternatively, the buffer was held by capillary action between the chip and the 

coverslip directly deposited on the waveguide. In the latter case, a small piece of black 

PDMS of significantly greater height (approx. 2  mm) was applied close to the input facet to 

block any unguided light before the coverslip (experimental results shown in Fig. 5 and 

Supplementary Fig. 17). This PDMS was manufactured such that a thin layer touching the 

waveguide was transparent, to prevent light absorption by the black PDMS. 

 

Image acquisition and data analysis. 

Several hundred frames were acquired at relatively low power at the input facet for 

waveguide-based imaging. During acquisition, the coupling objective lens was oscillated 

along the input facet. These image stacks were used as input for the ESI reconstruction. 

Alternatively, averaging over the acquired frames yields a diffraction-limited image of the 

sample. Exposure times for dSTORM ranged from 10 to 160.84 ms. For multi-colour 



dSTORM images (Fig. 5, Supplementary Fig. 17), different channels were recorded 

subsequently. A detailed register of imaging conditions is found in Supplementary Table 1. 

Image processing and analysis was carried out using Fiji53 and Matlab (Mathworks). ESI 

reconstruction and postprocessing was performed using the Fiji plugin ESI7. Reconstructions 

were run in two iterations at second ESI order with an intermediate gamma correction step 

using a gamma factor of 0.5 to compensate for non-linear intensity amplification. For 

dSTORM reconstruction and postprocessing the Fiji plugin ThunderSTORM54 was used. 

Localizations were filtered for unphysical values of fitted FWHM width and localization 

precision. Non-linear drift correction was performed via cross-correlation of substacks. 

Rendered dSTORM images were convolved with a 2D Gaussian kernel (see 

Supplementary Table 1 for kernel width) in some cases. The look up tables and intensity 

values for shown figures were adjusted to achieve appropriate contrast including gamma 

correction, however all quantifications were made on linearly scaled images. For localization 

precision calculations32, we used custom written Matlab code. FRC analysis was carried out 

using the Fiji plugin FRC33. Diffraction limited images were computed by averaging over all 

acquired frames recorded prior to dSTORM imaging or the raw data also used as input for 

the ESI reconstruction. 

Evanescent field intensities on the waveguide were measured using the fluorescent 

response of single sub-diffraction sized 100 µm TetraSpeck Microspheres (Life 

Technologies) as intensity sensors. A reference measurement was conducted by imaging 

the microspheres on the conventional inverted setup in epi-illumination mode. The photon 

response as a function of the illumination intensity was recorded and corrected for multiple 

factors including laser power, camera quantum efficiency, single-frame exposure time, the 

Gaussian-like beam profile in epi-illumination, and the waveguide breadth in waveguide 

illumination. Similar measurements were carried out on the waveguide to find the photon 

response as a function of the power at the input facet of the waveguide and estimate the 

corresponding evanescent field intensity. Though several factors have been corrected for, 

these numbers should only be taken as a rough estimation as the efficiency of coupling light 

into the waveguide differs between different chips. 

 

ESI simulation. 

Chip-based ESI was simulated by generating raw data of 200 frames in Matlab (Mathworks) 

as input for the ESI plugin. Multi-mode interference was modelled as sinusoidal patterns 

rendered to a fine grid with equally distributed random phases and equally distributed pattern 

wavelengths between 280 nm and 840 nm. The lower bound wavelength of 280 nm 

corresponds to a FWHM of 140 nm in the multi-mode interference pattern that we have 

measured for excitation with the laser of 660 nm vacuum wavelength (Supplementary Fig. 



11). The fluorescent response of emitter pairs at different distances was modelled by 

assuming a linear response to the illumination, i.e. taking the respective illumination intensity 

at the emitters’ positions as the fluorescent response in each frame. This signal was 

convolved with a Gaussian point-spread-function with a FWHM of λ/2NA with the emission 

wavelength λ = 678 nm and the numerical aperture NA = 1.2, and afterwards scaled down to 

a grid with pixel widths and heights of 75.9 nm. Shot noise was modelled as Poisson noise 

and the signal was converted from counts to photons at 2.4 photons per count at a maximum 

of 500 photons per pixel. To consider additional camera noise, we used the sCMOS camera 

to record 200 frames with no illumination on the detector and added these to the modelled 

frames. The resulting image stack was imported to Fiji for ESI analysis. 

 

Data availability statement 

The data that support the images and plots within this paper and other findings of this study 

are available from the corresponding author upon reasonable request. 
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Supplementary Figure 1 | The resolution of chip-based dSTORM acquired with a 60x 

NA 1.2 objective lens is investigated using different methods. The lateral profile along a 

microtubule (Fig. 2a,b) shows two distinct peaks corresponding to the separation distance of 

the shell-like structure of an antibody stained microtubule filament. Their distance of 

(47 ± 5) nm is measured by fitting the sum of two Gaussians (a). Their FWHM values of 

(49 ± 7) nm and (40 ± 5) nm affirm the resolution below 50 nm. (b) Consistently, we find a 

Fourier-ring-correlation resolution33,34 of (41.3 ± 2.3) nm for the dSTORM image of Fig. 2a. 

Localization precision values serve as lower bounds for the obtainable resolution. The 

localization precision distribution found from the photon statistics55,56 using the reconstruction 

software54 shows a mean value of 8.5 nm (a), which is in good agreement with the 

alternative method of using the statistics of nearest neighbours in adjacent frames32 that 

shows a mean localization precision of (8.3 ± 0.2) nm. Note that the localizations were 

filtered for localization precisions less than 13 nm. 

 

  



Supplementary Figure 2 | Mechanical drift in the setup for chip-based dSTORM. 

Subdividing the localizations table into multiple stacks, calculating their cross-correlation, 

and interpolating between the discrete points allows for finding the drift that occurred during 

the acquisition of the raw data54,57. The graph shows the mechanical drift during the chip-

based measurement shown in Fig. 2c, which corresponds to about 500 nm after about 

25,000 frames. Although this value lies significantly above the obtained resolution it can 

easily be corrected for in the localizations table before the image is rendered. 

 

  



Supplementary Figure 3 | Examples of single frames from dSTORM imaging of Alexa 647 

on a conventional upright setup with objective-based TIRF excitation (a) and waveguide 

chip-based dSTORM (b) show comparable quality of the raw data. (Scale bars, 1 µm.) 

 

 

  



Supplementary Figure 4 | The waveguide allows for TIRF-like imaging, providing optical 

sectioning via evanescent excitation. We measured the penetration depth of the evanescent 

field of the waveguide to be (190 ± 59)  nm when using illumination of 660 nm vacuum 

wavelength, and (172 ± 54)  nm when using illumination of 488 nm vacuum wavelength. 

Measurements were conducted by using beads with a mean diameter of 8.18 µm, whose 

surface was labelled with Atto 647N or Atto 488, respectively. Measuring the individual bead 

diameter and finding its centre allows for calculating the height of its surface over the 

waveguide. The spatially dependent strength of the evanescent field is then measured by 

the fluorescence intensity58,59. The plot shows a typical result, which can be used to 

determine the penetration depth by fitting an exponentially decaying function to the data 

points of a height over the waveguide ranging from 0 to 300 nm. 

 

 

  



Supplementary Figure 5 | Fluorescence is excited only by the evanescent field of the 

waveguide and not by scattered light. We verified this by laterally shifting the strip waveguide 

chip, which leads to a loss in coupling accompanied with a loss of most of the fluorescence 

signal from fluorescent beads (200 nm diameter). This is recovered by moving the 

waveguide back to its original location (Video 1).  

This figure shows the first frame of the video. As a guide to the eye, the approximate position 

of the edges of the waveguide (grey line) and the coupling objective lens are shown. 

 

  



Supplementary Figure 6 | Resolution estimates for chip-based dSTORM using a 20x 

NA 0.45 objective lens. (a) The separation distance between adjacent tubulin filaments as 

shown in Fig. 2f,g. Fitting the sum of two Gaussians finds the distance of 138 nm for the 

distinct peaks. The resolution below 140 nm is confirmed by the FWHM values of 

(99 ± 14) nm and (105 ± 21) nm as well as a Fourier ring correlation33,34 resolution of 

(122 ± 10) nm (b). This resolution is further verified by the mean localization precision 

estimates from both the photon statistics55,56 using the reconstruction software54 (c) and from 

nearest neighbour analysis32 (d). The nearest neighbour analysis was conducted on a ROI of 

90 µm × 72 µm size including the line profile of (a). Note that the localizations were filtered 

for localization precisions less than 60 nm. 

  



Supplementary Figure 7 | Different wavelengths can be combined simultaneously in chip-

based dSTORM by overlaying them before coupling into the waveguide. This allows for 

effective photoswitching, here demonstrated for CellMask Deep Red. At frame 7650, the 

488 nm laser is switched on, providing power at the input facet of the waveguide in addition 

to the 660 nm laser. Activation of the 488 nm laser line helps in switching CellMask Deep 

Red back to the fluorescent state, indicated by an increase by 33 % in the number of mean 

localizations per 30 frames. 

 

 

  



Supplementary Figure 8 | Diffraction limited illumination pattern measurements. (a) Dense 

dye labelling of the waveguide surface and averaging over 200 frames allows measuring the 

homogeneity of the illumination (b). Ignoring the edges, we find a modulation depth of 16 % 

over the stretch of the waveguide (c) that is used for fluorescence excitation and single-

molecule photoswitching. A low modulation depth does not significantly influence the quality 

of the dSTORM image as discussed in 35 and verified by our results as the structure of the 

illumination pattern is not visible in the reconstructed dSTORM images (Supplementary Fig. 

9). (d,e) To compare the performance to a commercial setup for dSTORM imaging, we used 

ring-TIRF illumination on an OMX v4 Blaze system (GE Healthcare) equipped with a field 

concentrator. To limit the modulation depth of the illumination intensity to 16 % in this case 

restricts the field of view to about 18 µm × 18 µm (f). Outside this region, the illumination 

intensity drops significantly which limits the applicable FOV for dSTORM imaging. The 

illumination profile of waveguide TIRF excitation is less smooth, but its modulation does not 

become apparent in the dSTORM images. However, in this case the illuminated area is only 

limited by the waveguide design and no significant drop in illumination intensity is observed 

over the stretch of the waveguide in both lateral directions. (Scale bars, 10 µm.) 

 



Supplementary Figure 9 | The use of broad waveguides (25 to 500 µm) results in multi-

mode patterns that cause a laterally inhomogeneous evanescent field. Consequently, 

fluorescence excitation is non-uniform and the shape of the multimode pattern masks the 

imaged structures (a, b). Oscillating the coupling objective in ranges that still maintain 

coupling leads to a movement of the multimode pattern (Video 2), (a) and (b) show a ROI 

from different frames of the video, allowing for correcting for the non-uniform excitation by 

averaging over multiple frames (c). In this case, we have averaged over 61 frames. During 

dSTORM imaging, the coupling objective lens is also oscillated. Accordingly, the pattern is 

not visible in the super-resolved reconstruction of the LSEC membrane (d). (Scale bar, 

2 µm.) 

 

  



Supplementary Figure 10 | Simulation of chip-based ESI. We modelled a random phase 

sinusoidal illumination pattern with random fringe widths comparable to the measured values 

exciting emitter pairs at different distances (Methods). (a) The average signal over 

200 frames shows that two emitters at the diffraction limit of 283 nm distance are just 

resolved (d), while emitters at 150 nm (c) and 125 nm (b) are not resolved. The ESI 

reconstruction results in a separation of the emitters at 150 nm distance (c), while the 

emitters at 125 nm distance are not separated (b), but the emitters at 283 nm distance 

become more clearly separated (d). (Scale bars, 1 µm.) 

 



Supplementary Figure 11 | The multi-mode interference pattern of a strip waveguide 

imaged using dSTORM. A surface of Alexa 647 dye molecules was prepared on top of the 

waveguide and a dSTORM image was acquired giving the instant lateral field-distribution of 

the evanescent field. Interference fringes show structures down to 140 nm as seen in the 

line profiles. (Scale bar, 5 µm.) 

  



Supplementary Figure 12 | (a) Chip-based ESI reconstruction of tubulin in the LSEC shown 

in Fig 3b. (Scale bar, 5 µm.) (b) and (c) show the region marked by a white box in (a) for 

diffraction limited imaging and chip-based ESI, respectively. (Scale bars, 1 µm.) (d) Fitting a 

Gaussian function to the line plots for a tubulin filament shows a FWHM of 231 nm for the 

diffraction limited image and a FWHM of 104 nm for the ESI image. 

 

  



Supplementary Figure 13 | (a) Chip-based ESI reconstruction of actin in LSECs as shown 

in Fig 4b. (Scale bar, 20 µm.) (b) and (c) show the region marked with a white box in (a) for 

diffraction limited imaging and chip-based ESI, respectively. (Scale bars, 2 µm.) (d) Fitting a 

Gaussian function to the line plots for a single actin filament shows a FWHM of 691 nm for 

the diffraction limited image and a FWHM of 333 nm for the ESI image. 

  



Supplementary Figure 14 | Comparison of the experimentally achieved localization 

precision and the theoretical predictions for Atto 488 on the waveguide (a) and for 

fluorescent beads on a conventional inverted microscope (b). (c)-(f) show example raw data 

taken under different conditions and (g)-(j) show the corresponding reconstructed images for 

the entire stack of raw data. See Supplementary Note 2 for a discussion of the data. Within 

this figure, the following references are used: [a] = Thompson et al. 2002 55, [b] = Mortensen 

et al. 2010 56, [c] = Ovesny et al. 2014 54, [d] = Endesfelder et al. 2014 32. (Scale bars, 1 µm.) 

 

  



Supplementary Figure 15 | The comparison of the ROI shown in Fig. 4f reconstructed from 

3,000 frames and 10,044 frames, respectively, shows that 3,000 frames were sufficient to 

reconstruct the image with comparable quality using low magnification dSTORM 

(Supplementary Note 4). E.g. the two separated actin filaments at the edge of the cell are 

visible. Using a single frame exposure time of 160.84 ms and 3,000 frames leads to an 

overall acquisition time of 8 minutes, i.e. this approach enables a fast overview of a field of 

view of large width (Figure 4c) at a mean localization precision of 87.6 nm (Supplementary 

Figure 16). The short acquisition time helps to preserve fluorophores for subsequent re-

imaging of cells of interest using a higher NA/ higher magnification objective lens. However, 

we have found that using 95 mM MEA in glucose oxidase and catalase based oxygen 

scavenger system buffer allows for at least 60 minutes dSTORM imaging on the waveguide 

for both Atto 488 and CellMask Deep Red. (Scale bars, 1 µm.) 

 

 

  



Supplementary Figure 16 | The use of a 20x NA 0.4 objective lens allows for imaging a 

field-of-view of approx. 0.46 mm width (Fig. 4c). The measured distance between actin 

filaments shows a resolution of at least 334 nm in the case of the low NA objective lens used 

for chip-based dSTORM. This result is confirmed by localization precision calculations32, 

estimating the average localization precision to be 87.6 nm as shown here. 

 

 

 

  



Supplementary Figure 17 | Comparison of diffraction limited images and dSTORM images 

of the cells shown in Fig. 5a. Diffraction limited images were recorded prior to the respective 

dSTORM measurement. (Scale bars, 10 µm.) 

 

 

  



Supplementary Note 1: Obtainable resolution for waveguide-based ESI 

In former work on fluctuating random pattern illumination by Kim et al.39, the authors point 

out that achievable resolution enhancement with this technique depends on the size of the 

structures in the speckle pattern. In their work, diffraction limited illumination at a laser 

vacuum wavelength of 532 nm through a high NA 1.4 objective lens was used, resulting in 

speckle sizes in the illumination pattern down to λ/2NA = 190 nm. The authors find a 

resolution of 144 nm when using SOFI with speckle pattern illumination, which gives a ratio 

between the theoretically smallest structures in the illumination pattern and the obtained 

resolution of 1.32. A similar value can be found for their results when using a low NA 0.4 

objective lens. In this case, the speckle sizes go theoretically down to 665 nm, while a 

resolution of 500 nm was demonstrated, resulting in a ratio of 1.33. 

In our case, the interference pattern is generated using a laser of 488 nm vacuum 

wavelength and a waveguide with a refractive index of about 1.7. This results in a lower 

bound for the interference fringe period in the illumination pattern of about λ/2neff = 143 nm. 

With this, a spatial resolution on the order of 110 nm (Fig. 3d, Supplementary Fig. 12) was 

achieved using a high NA 1.2 objective lens, which gives a ratio between the theoretically 

smallest illumination pattern sizes and the obtained resolution of 1.3, and matches the 

previously reported results in this field. However, we found a lower ratio of 0.43 when using 

a low NA 0.4 objective lens, though the illumination pattern is independent of the detection 

objective lens in chip-based ESI, which is in contrast to illumination being provided through 

the objective lens as performed by Kim et al. Presumably, the signal to noise ratio and other 

factors also influence the obtainable resolution. Hence, it will be helpful to further investigate 

these effects in chip-based ESI which might also favour the optimization of the imaging 

process. 

By theory, the lowest bound for possible fringe size resulting from mode interference is found 

for counterpropagating coherent waves which result in an intensity pattern in the form of a 

standing wave with half of the wavelength of the light wave. If the fringe size is expressed by 

a FWHM value, it is half of the wavelength of the wave forming the intensity pattern, i.e. one 

quarter of the wavelength of the interfering light. Related to the waveguide, the smallest 

possible value for the structure FWHM of the interference fringes is given by 

FWHMmin = λ/(4neff), which results in 97 nm assuming a vacuum wavelength of λ = 660 nm 

and an effective refractive index of neff = 1.7 inside the waveguide. 

To be able to compare to this theoretical value, we have measured the multi-mode 

interference pattern using dSTORM (Supplementary Fig. 11) and find fringe sizes that go 

down to 140 nm, which is about 44 % higher than the theoretically possible minimum fringe 

size. It is reasonable that the fringe size does not go down to the lowest possible value as 



the pattern results from the interference between multiple modes which are propagating in 

the same direction inside the waveguide. 

We use the measured fringe sizes to model the image formation in waveguide-based ESI for 

emitter pairs at different distances. We simulate their subsequent illumination by sinusoidal 

patterns with random phases and random FHWM fringe sizes equally distributed between 

the experimentally obtained lowest value of 140 nm and an upper value of 420 nm 

(Methods). Analysing the data from 200 frames with ESI shows that two emitters spaced at 

the diffraction limited are easily resolved (Supplementary Fig. 10). This also applies for 

emitters spaced by 150 nm which is well below the diffraction limit while closer emitters at 

125 nm spacing are not resolved. Again, we find a ratio between the illumination pattern 

from 660 nm vacuum wavelength and the achieved resolution of about 1.3. 

As in case of waveguide based ESI, the interference pattern is generated within the 

waveguide and not by diffraction limited optics, the obtainable resolution enhancement is 

bigger when comparing to the diffraction limited resolution. Hence, we found a resolution of 

about 110 nm for Alexa 488 emitting at approx. λ = 523 nm while the diffraction limited 

resolution limit when employing a NA 1.2 lens is 218 nm, and, thus, a resolution 

enhancement of about a factor of 2. 



Supplementary Note 2: Obtainable resolution for objective lenses of different NA in 

localization microscopy  

As it is rather uncommon to record data in SMLM with low NA objective lenses, we 

investigate the theoretical limit for the achievable localization precision and compare it to the 

experimentally obtained values in Supplementary Fig. 14. 

Both the original model of Thompson et al.55 (here referred to as [a]) and its updated version 

by Mortensen et al.56 (referred to as [b]) for the localization precision depending on the 

statistics of the captured image of an emitter are widely used. A slightly adapted version of 

the latter is also implemented in ThunderSTORM54 (here referred to as [c]), the software that 

we use for image reconstruction. Supplementary Fig. 14a shows the theoretical prediction 

for the localization precision using either a high NA 1.2 water immersion lens (solid line) or a 

low NA 0.4 air lens (dashed line) calculated from both models. 

For calculations, we used the experimentally achieved parameters for Atto 488 of a mean 

count of 248 photons/localization and a mean standard deviation of the background of 

3.9 photons for the NA 1.2 lens, and a mean count of 128 photons/localization and a mean 

standard deviation of the background of 4.7 photons for the NA 0.4 lens. Note that different 

photon count values might stem from different sources, e.g. a different single frame 

exposure time that was used for the measurements. The photon count values were 

extrapolated to other NA values by taking the light collection efficiency depending on the 

acceptance cone of the objective lens into account. Assuming an emission wavelength of 

λ = 523 nm for Atto 488, we calculate the standard deviation σ of the fitted Gaussian-shaped 

point spread function (PSF) by assuming a FWHM equal to the Abbe resolution limit. The 

backprojected pixel widths A were calculated by assuming a perfect match between the 

Nyquist sampling capacity of the camera and the resolution of the optical system, i.e. 

� = 	λ	 2NA� 1
2√2
� . Note that while this match is highly appreciated in diffraction-limited 

imaging, it is often not fulfilled for setups that only serve for SMLM imaging as adjusted 

backprojected pixel sizes may lead to better fitting results of single molecule emissions. 

However, this match is almost given for our setup: utilizing the NA 1.2 objective lens for 

Atto 488 imaging, we use a backprojected pixel width of A = 75.9 nm, while the Nyquist-

optimal value is A = 77.0 nm. In case of NA 0.4, the used backprojected pixel width is 

A = 228.3 nm, while the Nyquist-optimal value is A = 231.1 nm. 

To compare to the theory, the experimentally achieved localization precisions are estimated 

in two different ways:  



• Using the statistics of the captured image of each emitter in the raw data, the 

reconstruction software [c] assigns to all localizations an estimated localization 

precision. The mean value over all localizations for NA 1.2 and for NA 0.4 is drawn in 

grey in Supplementary Fig. 14a, considering the standard deviation as error 

intervals.  

• Another approach to estimating the experimentally achieved average localization 

precision is proposed by Endesfelder et al.32 (referred to as [d]). This method relies 

on computations on the distance to nearest neighbours of localizations in adjacent 

frames of the raw data as these possibly stem from the same molecule. Because this 

assumption is not always fulfilled, correction terms are considered in the 

computation. Using the set of localizations from the entire image stack, the findings 

for the localization precision are drawn in black in Supplementary Fig. 14a. Please 

note that this methods is based solely on the localization coordinates and that it 

ignores the statistics on the raw data, i.e. photon count, background etc. 

Experimentally achieved localization precisions estimated by both methods and theoretical 

predictions nicely fit in case of the NA 1.2 lens. (For better clarity, the representation of the 

experimental results is slightly shifted in the direction of the abscissa, but both refer to the 

case of NA 1.2.) 

A strong deviation becomes apparent in case of the NA 0.4 lens being used. It is self-evident 

that the statistics of the localization precision computed by the reconstruction software [c] 

match the theoretical predictions of the model of [b] as they are based on the same 

assumptions, while the broad variance is possibly due to high noise in the raw data, of which 

Supplementary Fig. 14c shows an example. For comparison, Supplementary Fig. 14d 

shows an example of the raw data for the NA 1.2 lens being used, and Supplementary Fig. 

14g and Supplementary Fig. 14h show reconstruction of the same are for the entire image 

stack. 

In contrast to the method of [c], the estimation by the method of [d] results in significantly 

higher values for the localization precision. To explain this, we performed experiments on a 

conventional inverted microscope configured for SMLM experiments (Supplementary 

Fig. 14b). As samples, we use 100 nm sized fluorescent beads in a low concentration. This 

approach allows for modelling of single molecule localization experiments with adjustable 

image statistics comparable to the experiments on the waveguide (e.g. photon count values) 

by appropriately choosing excitation power and exposure times. Examples from the raw data 

are shown in Supplementary Fig. 14e and Supplementary Fig. 14f for the used objective 

lenses of NA 0.35 and NA 1.49, respectively. 



As the beads do not blink, it was possible to localize them over a large number of frames 

(n = 2046 for NA 1.49 and n = 4153 for NA 0.35), such that the localization precisions in x-

direction (red circle in Supplementary Fig. 14b) and y-direction (red diamond) can be 

measured directly as the standard deviations of the localization distribution, shown in 

Supplementary Fig. 14i and Supplementary Fig. 14j. The comparison to the estimation by 

both methods shows good agreement with the directly measured values for both high and 

low NA lenses utilized. The higher value for the localization precision in x-direction for the 

NA 0.35 case is possibly due to drift on the order of 10 nm during the experiment. Again, the 

localization precision values computed by reconstruction software show a broad variance, 

which is consistent with the findings on the waveguide. 

Inconsistently, we find that in case of the low NA for the bead experiment (Supplementary 

Fig. 14b), the deviation between the estimation of the methods of [c] and [d] is not given as 

in case of the waveguide experiment (Supplementary Fig. 14a). Taking the raw data in 

case of the low NA lens (Supplementary Fig. 14c) and the high NA lens (Supplementary 

Fig. 14d) on the waveguide into account shows that the emitter density looks comparable. 

However, the individual PSFs are much worse separated in case of the low NA simply due to 

the significantly larger PSF widths. As the locations of the blinking dyes in a dSTORM 

experiment are distributed stochastically, wider PSFs increase the chances of overlapping 

PSFs (Supplementary Note 3) which can lead to (1) a wrong emitter position estimation as 

a localization will be found in between the real positions of the multiple emitters, and (2) a 

wrong estimation on the single emitter photon count as this will be based on the photon 

emission of the multiple emitters simultaneously. This can now explain the deviation of the 

localization precision estimations by the methods of [c] and [d] considering their underlying 

principles: The method of [c] performs an estimation of the precision for each localization on 

the statistics of the raw data independent of the complete reconstructed image. If an 

erroneous localization occurs due to overlapping PSFs of multiple emitters, this affects the 

quality of the reconstructed image but also the localization precision statistics. In contrast, 

[d] performs computations only on the localization coordinate list that is used to render the 

super-resolved image. Hence, deviations between the two methods can indicate the problem 

of too dense single molecule blinking in the raw data. 

However, due the stochastic nature of the process, overlapping of the PSFs of multiple 

emitters cannot be fully avoided in dSTORM, but the probability can be decreased by tuning 

the experimental conditions in terms of imaging buffer composition, excitation power, single 

frame exposure time, and not least choosing an appropriate dye. While Atto 488 performs 

well for multiple subsequent acquisitions of the same sample that we used to compare 

between different modalities (Fig. 3) due to its relative good photostability60, Alexa 647 is 



often considered as a better option if the focus is laid on dSTORM imaging only. 

Consequently, we could achieve a higher resolution in dSTORM imaging using the latter dye 

(Fig. 2). This is confirmed by the very good agreement for the localization precisions 

determined by both methods for low and high NA chip-based dSTORM imaging 

(Supplementary Fig. 1 and Supplementary Fig. 6). Anyway, it was possible to achieve a 

resolution beyond the diffraction limit for low NA (0.4 and 0.45) lenses on the waveguide for 

both Atto 488 and Alexa 647, showing that our approach allows for large FOV dSTORM 

imaging in TIRF excitation. 

  



Supplementary Note 3: Resolution estimation on emitter density 

A condition for the lower bound on the achievable resolution referring to the density of 

simultaneously active emitters, i.e. the rate of blinking, was introduced by Xu et al.13 and 

given as (π(λ/(2NA))2rmax)
1/2. As the parameters of the equation, we assume the emission 

wavelength λ = 523 nm (estimated here as the emission spectrum peak of Atto 488), the 

numerical aperture of the setup NA = 0.4, and the ratio between the maximum number of 

detected localization in one frame divided by the overall number of localization 

rmax = 1,821/9,628,118. This estimation gives a lower bound of 16 nm which is significantly 

lower than the actually achieved resolution, so it should not set a limit in this case. 

However, this assumption takes dense packing of emitters without overlap of their PSFs into 

account. As the locations of active emitters are independent of each other and randomly 

distributed, dense packing without overlap is unlikely to occur in a dSTORM experiment, but 

overlap of active emitters by their PSF will occur at a certain probability depending on the 

labelling density, photoswitching properties, and PSF size61. Assuming the size of a 

diffraction limited spot as D = π(λ/(2NA))2 similar to the estimation by Xu et al.13 and the 

overall imaged area A, the probability for one specific emitter to overlap with a second 

emitter is given by D/A. Hence the probability for no overlap with a second emitter follows as 

1-D/A and for no overlap with m other emitters as (1-D/A)m. Consequently, the probability for 

one specific emitter to not overlap with any other emitter in case of n = m+1 simultaneously 

active emitters if given by 1-(1-D/A)n-1. For the dSTORM image shown in Fig. 4c, we have 

A = 3,456 µm2, λ = 523 nm, NA = 0.4. The maximum number of simultaneously active 

emitters is nmax = 1,821 while the mean number of simultaneously active emitters is 

nmean = 959 (Supplementary Note 4). It follows that for nmax, each emitter has the probability 

to overlap with another emitter of 50,7%, while for nmean, the probability is 31,1 %. 

Overlapping PSFs will lead to false localizations and can therefore affect the quality of the 

reconstructed image (Supplementary Note 2), also depending on the ability of the 

reconstruction algorithm to discern close emitters. 



Supplementary Note 4: Resolution estimation on localization density 

As pointed out in 62,63, the Nyquist resolution limit can be defined as 2/(localization density)1/2 

in the case of two-dimensional localization microscopy, e.g. dSTORM. Accordingly, to allow 

for a Nyquist resolution on the order of 140 nm, the localization density has to exceed 

205 localizations/µm2. However, as has been discussed recently64, oversampling by at least 

a factor of 5 is desired due to the stochastic nature of localization microscopy. Hence, the 

localization density has to be 1020  localizations/µm2 to support a resolution of 140 nm. The 

low NA dSTORM reconstruction of Atto 488-phalloidin stained LSECs shown in Fig. 4c 

comprises of 9,628,118 localizations in 10,044 frames over a field-of-view of 3,456 µm2. 

Within this field-of-view, about 2/3 of the area is actually covered by cells, densely packed 

with actin. From these numbers, we estimate the localization density in a reconstruction from 

3,000 frames to be 9,628,118 localizations × (3,000 frames)/(10,044 frames) × (2/3 × 

3,456 µm2)-1 = 1,248 localizations/µm2. Thus, the achieved localization density exceeds 

1020 localizations/µm2 and gives a lower bound for the resolution on the order of 140 nm. In 

case of Atto 488 imaging, we achieved a localization precision of 88 nm (Supplementary 

Fig. 16) indicating an achievable resolution on the order of 2 × (2 × ln(2))1/2 × 

localization precision ≈ 207 nm. So the localization precision determines the limit for the 

resolution, but not the labelling density, which is further confirmed by the reconstructed 

image (Supplementary Fig. 15). 

  



Supplementary Note 5: Comparison to large FOV dSTORM via mosaic stitching 

Fig. 2e shows dSTORM imaging at approx. 140 nm resolution over a FOV of 

0.5 mm × 0.5 mm that has been reconstructed from 21,716 raw frames recorded in 

approximately 18 minutes (Supplementary Table 1). Circumventing the need for modifying 

the illumination scheme, the FOV for localization microscopy can also be extended by 

stitching of multiple areas as it has recently been demonstrated by Nahidiazar et al.65. The 

authors show that the stitching of eight regions resulted in the dSTORM image of an almost 

entire HUVEC cell. For each region, 20,000 raw frames at 100 Hz had been recorded on a 

commercial setup. Hence, 160,000 raw frames recorded in approx. 26 minutes and 

subsequent stitching were necessary for the dSTORM reconstruction of the entire cell. 

Though the authors do not give an estimated resolution for this example, we assume that the 

obtained resolution is much better than 140 nm. However, using the waveguide-based 

approach and accepting a worse resolution (which is still well beyond the diffraction limit) 

more than 50 cells compared to 1 cell could be imaged in approx. 18 minutes compared to 

26 minutes.
 

 



Supplementary Table 1: Experimental conditions 
 Experiment Waveguide 

material 
and coupling 
device 

Wave- 
guide 
breadth 
(µm) 

Imaging 
objective 
lens 

Laser 
vacuum 
wavelength 
(nm) 

Dye Approximate illumination intensity (kW/cm²) Exposure 
time (ms) 

# frames  Gaussian smoothing 
kernel width (sigma) 
(nm) 

Figure 2a dSTORM Si3N4, fibre 25 60x NA 1.2 660 Alexa 647 anti tubulin (primary and 
secondary antibody staining) 

0.9  50 35043 - 

Figure 2a Diffraction limited Si3N4, fibre 25 60x NA 1.2 660 Alexa 647 anti tubulin (primary and 
secondary antibody staining) 

0.05  100 505 - 

Figure 2c dSTORM Ta2O5, objective 65 60x NA 1.2 660 Alexa 647 0.1 30 24665 10 

Figure 2c dSTORM - - 60x NA 1.49 647 Alexa 647 5 50 6026 10 

Figure 2e,f dSTORM Si3N4, objective 500 20x NA 0.45 660 Alexa 647 anti tubulin (primary and 
secondary antibody staining) 

0.9  50 21716 - 

Figure 2e,f Diffraction limited Si3N4, objective 500 20x NA 0.45 660 Alexa 647 anti tubulin (primary and 
secondary antibody staining) 

0.0004 100 525 - 

Figure 3b,c, Supplementary Figure 12b Diffraction limited Ta2O5, objective 50 60x NA 1.2 488 Alexa 488 anti alpha-tubulin 0.003 300 202 - 

Figure 3b,c, Supplementary Figure 12a,c ESI Ta2O5, objective 50 60x NA 1.2 488 Alexa 488 anti alpha-tubulin 0.003 300 202 - 

Figure 3b,c dSTORM Ta2O5, objective 50 60x NA 1.2 488 Alexa 488 anti alpha-tubulin 0.3 20 30041 16.3 

Figure 4a,d Supplementary Figure 13b Diffraction limited Ta2O5, objective 65 20x NA 0.4 488 Atto 488 -phalloidin 0.03 100 200 - 

Figure 4b,e, Supplementary Figure 13a,c ESI Ta2O5, objective 65 20x NA 0.4 488 Atto 488 -phalloidin 0.03 100 208 - 

Figure 4c,f, Supplementary Figure 15 dSTORM Ta2O5, objective 65 20x NA 0.4 488 Atto 488 -phalloidin 0.4 160.84 10044 68.5 

Figure 4g dSTORM Ta2O5, objective 65 60x NA 1.2 488 Atto 488 -phalloidin 0.4 40 15048 22.8 

Figure 5a, Supplementary Figure 17c dSTORM Ta2O5, objective 65 60x NA 1.42 488 Atto 488 -phalloidin 0.4 50 75018 30.4 

Figure 5a, Supplementary Figure 17c dSTORM Ta2O5, objective 65 60x NA 1.42 660 and 488 CellMask Deep Red all frames: 9 kW/cm² for 660 nm; 
frames 7650 to 125565: 0.4 kW/cm² for 488 nm 

70 125565 30.4 

Supplementary Figure 3a Diffraction limited - - 60x NA 1.49 647 Alexa 647  30 1 - 

Supplementary Figure 3b Diffraction limited Ta2O5, objective 42 60x NA 1.2 660 Alexa 647 10 10 1 - 

Supplementary Figure 5, Video 2 Diffraction limited Ta2O5, objective 75 60x NA 1.2 660 200 nm TetraSpeck Microspheres  6 100 229 (Video) - 

Supplementary figure 8a Diffraction limited Ta2O5, objective 42 60x NA1.2 660 Alexa 647 0.01 100 200 - 

Supplementary figure 8d Diffraction limited - - 60x NA1.49 642 Alexa 647  100 200 - 

Supplementary Figure 9a,b,c, Video 1 Diffraction limited Ta2O5, objective 42 60x NA 1.42 660 CellMask Deep Red 2 100 61 (Video) - 

Supplementary Figure 9d, Video 1 dSTORM Ta2O5, objective 42 60x NA 1.42 660 CellMask Deep Red 13 100 416770 30.4 

Supplementary Figure 11 dSTORM Ta2O5, objective 42 60x NA 1.2 660 Alexa 647 11 10   

Supplementary Figure 14e Emitter detection - - 20x, NA 0.35 647 200 nm TetraSpeck Microspheres  0.03 15.37 2052 - 

Supplementary Figure 14f Emitter detection - - 60x NA 1.49 647 200 nm TetraSpeck Microspheres  0.01 5 4153 - 

Supplementary Figure 17a Diffraction limited Ta2O5, objective 65 60x NA 1.42 488 Atto 488 -phalloidin 0.03 200 200 - 

Supplementary Figure 17b Diffraction limited Ta2O5, objective 65 60x NA 1.42 660 CellMask Deep Red 5 100 300 - 
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