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The ability to visualize structural features of the brain and associated

functional information has fueled a revolution in our understanding of the

brain. The optical technique two-photon microscopy (2PM) is widely used

to study individual neural circuits and blood vessel networks in vivo because

it is minimally invasive and provides three-dimensional images with cellular

resolution. There is rising interest from neuroscientists for the ability to extend

the traditional imaging depth of 2PM, which is typically limited to ∼500 µm

below the surface of the brain.

In this dissertation, I detail the development of a novel laser source that

enables deep-tissue in vivo multiphoton microscopy imaging of blood vessel

networks and neurons. Using an excitation wavelength near 1,300 nm at which

scattering in tissue is minimized, I demonstrate the ability to chronically study

vascular morphology and dynamics as well as neuron morphology at imaging

depths of 1 mm and beyond.
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Chapter 1

Introduction

The quest to understand consciousness is a natural progression of hu-

man intelligence attempting to make sense of itself. The path to understanding

consciousness started in the abstract, finding a strong foothold in philosophical

debate. Many renown philosophers were also scientists attempting to quantify

the universe around them. Today, the pursuit of consciousness has moved be-

yond the theories of early philosophers and scientists to experimental inquiries

into the brain. I feel immensely privileged to be conducting brain research in

an age in which new brain imaging capabilities are not only being developed in

laboratories but also deployed in human clinics. Moreover, a broad community

of scientists, engineers, philosophers, and medical doctors are coming together

in unprecedented collaboration to unpack the mysteries of the brain. In this

dissertation, I focus on the physics and engineering research I conducted and

how its findings improve our understanding of the brain.

Parts of this chapter are adapted with permission from the Optical

Society of America from the journal article “In vivo multiphoton imaging of

a diverse array of fluorophores to investigate deep neurovascular structure,”

Vol 8, Issue 7, pp. 3470–3481, Copyright (2017) [11] for which David Miller
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developed the microscope and laser instrumentation, designed and performed

the experiments, analyzed the data, and wrote the manuscript; and adapted

from “Deep tissue imaging with multiphoton fluorescence microscopy,” Vol

4, pp. 32–39, Copyright (2017) with permission from Elsevier [12] for which

David Miller performed the literature search, developed the model for Fig. 1

in the article, and wrote a majority of the manuscript.

1.1 The Brain

The human brain is a fascinating and complex feat of biology consisting

of some 86 billion neuronal cells that are linked by 100 trillion connections [13].

To sustain healthy function of the myriad neurons, the brain requires a con-

stant supply of energy - mainly oxygen - that is delivered through a dense

network of blood vessels. Blood flow and neural activity are intricately linked

through a process called neurovascular coupling in which cerebral blood flow

is regulated by the energy demands of neural activity. Via neurovascular cou-

pling, blood flow serves as the bridge between microscopic interactions of brain

cells and macroscopic behavior. Regulation of blood flow and the oxygen it

delivers is critical as brain cells are particularly vulnerable to hypoxia, which

can lead to cell death manifesting as cognitive deficits. Stroke is the colloquial

term for a lack of oxygen to a brain region. Roughly 795,000 strokes occur

in the United States annually [14], resulting in 140,000 deaths [15] - making

stroke the fifth leading cause of mortality in the U.S. and the leading cause

of adult disability. A stroke is unexpected, has devastating results for victims

2



and loved ones, and currently has no long-term treatment. The aim of this

thesis is to shed light on the dynamics of cerebral blood vessel networks and

the neurons they sustain in order to provide insights for future treatments and

diagnostics of brain diseases such as stroke.

1.2 Brain Imaging Modalities

The development of new techniques capable of rapid, three-dimensional

imaging of the brain has fueled rapid advances in brain imaging. The difficulty

in understanding the brain is that it operates at numerous spatial levels from

molecules to integrated circuits. At the molecular level on the spatial scale of

nanometers, ions are the root for neural activity. At the individual cellular

level, these ions control the firing of neurons, which have cell bodies on the

order of microns. Blood vessels range in size from microns in capillaries to mil-

limeters in large feeding and draining vessels. Neuron axons can extend meters

in length. Moreover, temporal dynamics similarly range in scale. A plethora of

techniques exist to resolve the various spatial and temporal levels important to

brain operation. Ideally, one imaging modality could visualize both small and

large features of the brain at any location in the brain. Unfortunately, there is

a trade off between spatial resolution and imaging depth as shown in Fig. 1.1.

One metric for the utility and maturity of an imaging modality is that its spa-

tial resolution should be 1000 times better than its imaging depth. Magnetic

Resonance Imaging (MRI) can obtain 3D images of the entire brain but is

limited to a spatial resolution of 1 mm. Ultrasound has an imaging depth on
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Figure 1.1: In vivo brain imaging modalities spatial resolution versus imaging
depth. Image adopted from Fujimoto and Drexler [1].

the order of tens of millimeters and has a spatial resolution on the order of

tens of microns. Optical coherence tomography (OCT) has an imaging depth

on the order of microns and spatial resolution on the order of millimeters.

Optical microscopy has an imaging depth exceeding 1 mm (as demonstrated

in this dissertation) and spatial resolution on the order of microns. All four

modalities are useful for studying various spatial extents of the brain. While

MRI is revolutionizing the study of functional interconnectedness throughout

the brain, it cannot observe an individual neuron. This dissertation focuses on

optical microscopy for its ability to visualize single neurons and blood vessels.

The limitation of optical microscopy is its imaging depth. I will describe these

limitations in detail and demonstrate ways to extend the imaging depth.
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1.3 Optical Imaging

Optical imaging uses light to probe and investigate a sample. Optical

imaging has a broad range of applications, most notably to study living things.

The principle of optical imaging is to manipulate the properties of light to

discern information about a sample - whether that sample is a molecule, cell,

tissue, or organ. To understand optical imaging and its advantages over other

imaging modalities, we first must understand the unique properties of light,

particularly laser light. Light is an electromagnetic wave as demonstrated by

James Maxwell in the 1860’s. Maxwell developed a theory for electromagnetic

waves culminating in a set of equations termed “Maxwell’s equations” which

are derived in Appendix A. Based on Maxwell’s theory for electromagnetism,

we can describe light as having a wavelength λ, frequency f , energy E, and

speed v. The speed of light can be described by

v = fλ, (1.1)

where the speed is assumed to be from the reference of the medium in which

the light is traveling. It is important to note that the medium in which light

is traveling affects its speed. In vacuum, light travels at v = c = 299,792,458

meters per second. The index of refraction, n, relates the speed of light in

vacuum to other media: n = c/v. Light travels slower in media with higher

indices of refraction. Interestingly, speed is also dependent on the wavelength

of the light, thus red light travels faster than blue light. This will be discussed

later in detail as ultrafast laser pulses are comprised of a spectrum of wave-
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lengths, thus the redder portion of the wave packet will lead the bluer portion

in non-vacuum media.

In the late 1800’s, Max Planck noticed a discrepancy in the impli-

cations of Maxwell’s theory of electromagnetism. Planck observed that the

experimental measurements of the distribution of energy from blackbody ra-

diation disagreed with the predictions of classical physics. Classical physics

was rooted in the idea that light was an electromagnetic wave. To remedy the

discrepancy, Planck proposed the revolutionary notion that light is emitted in

quantized amounts. The smallest quanta of energy is referred to as Planck’s

constant h. We can relate energy, which is traditionally used to describe a par-

ticle, and frequency, which is traditionally used to describe a wave, through

Planck’s constant:

E = hf. (1.2)

This is referred to as Planck’s equation and serves to bridge the gap between

the classical electromagnetic theory of light as a wave and the quantum me-

chanical description of light as a particle.

In 1905, Einstein used Planck’s idea to explain the photoelectric effect

which refers to the emission of electrons from a surface when illuminated with

light. Einstein explained that there is a minimum quanta of energy, or photon

energy, required to eject an electron from a surface; the photon energy must be

greater than the energy binding the electron to the surface. The photoelectric

effect is vital for the detection scheme in multiphoton microscopy systems.
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Both of light’s wave and particle characteristics make it unique for

imaging applications. Particularly useful for biological imaging applications is

laser light. Laser stands for “Light Amplification by the Stimulated Emission

of Radiation.” Lasers are typically characterized as illustrating three proper-

ties. One, laser light is coherent meaning the electromagnetic wave is in phase

in both time and space. Second, laser light is directional, meaning the wave

is traveling in a highly collimated manner. This is in contrast to sources of

light such as the sun or a light bulb which emit light isotropically instead of in

a single direction. And third, laser light is typically monochromatic meaning

the electromagnetic wave has a single wavelength. For example, a helium-neon

laser emits light at 632.8 nm which the human eye perceives as red. However,

laser light does not have to be monochromatic. Ultrafast lasers, which are

required for multiphoton excitation, emit short pulses of light that contain

a spectrum of wavelengths. Many optical imaging techniques attempt to vi-

sualize features on the microscopic scale. This branch of optical imaging is

referred to as optical microscopy. The characteristics of coherence and colli-

mation enable laser light to be focused down to a small focal spot and gather

information about samples on the microscopic level.

1.4 Multiphoton Microscopy

Optical microscopy offers non-invasive, high-resolution in vivo tech-

niques to observe intact brain tissue and its surrounding environment with

cellular resolution. Traditional fluorescence microscopy, including confocal
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microscopy, using one-photon excitation is limited to imaging the superficial

tissue surface due to the scattering of short excitation wavelength light in

heterogeneous brain tissue. To overcome depth limitations, nonlinear multi-

photon excitation is widely used. Two-photon fluorescence microscopy (2PM),

developed in the 1990’s [16], is the most widely adopted method for minimally

invasive in vivo brain imaging due to its ability to image in three dimen-

sions. Recent in vivo imaging of neuronal circuits [17–19] and vascular net-

works [20,21] in the brain with micron scale resolution has revealed significant

new insight into cortical function and organization. Three-dimensional mul-

tiphoton imaging is possible because of a nonlinear dependence on excitation

intensity, which confines two-photon fluorescence generation to the focal vol-

ume [22]. The resulting imaging depth is significantly greater than in confocal

fluorescence microscopy due to the longer excitation wavelength [23] and the

ability to detect multiply scattered emission photons. However, the imaging

depth for most 2PM imaging studies is around 500 µm, which is sufficient

to image superficial cortical layers in rodent experiments. This limitation on

penetration depth arises from light scattering and absorption of tissue, both

of which are wavelength dependent.

2PM is certainly the most common non-unity order excitation used in

microscopy, however higher order excitations are also possible. Three-photon

excitation has certain advantages over two-photon excitation such as improved

localization of the emitted fluorescence [23]. I will use the term multiphoton

microscopy (MPM) to collectively refer to fluorescence microscopy using two-
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photon or three-photon excitation, or any higher order excitation.

A MPM image is formed by scanning a focused laser beam across a

sample as fluorescence is detected. MPM requires ultrafast lasers to generate

sufficient photon density to cause multiphoton excitation. Traditional 2PM re-

lies on Ti:Sapphire (Ti:S) lasers because of their ability to output mode-locked

ultrafast pulses with high average powers, and their ability to excite a variety

of fluorophores with one-photon absorption peaks in the visible range. Due

to their reliability and robustness, Ti:S lasers have served as the workhorse

of 2PM for the last 25 years and are commercially available from multiple

laser companies as turn-key systems. Ti:S oscillators typically have a max-

imum pulse energy of 20 nJ (1.5 W average power at repetition rate of 76

MHz) and temporal pulse widths around 100 femtoseconds (fs). Ti:S oscilla-

tors provide a tunable excitation wavelength between 700 and 1,000 nm, which

covers the peak two-photon absorption of a myriad of common fluorophores

thus contributing to the popularity of Ti:S oscillators. 2PM performed with

Ti:S oscillators has been shown to reach a maximum imaging depth of 800

µm in the neocortex [22]. While 2PM with Ti:S lasers substantially increases

imaging depth relative to other optical microscopy approaches like confocal

microscopy, Ti:S lasers are not optimized for deep imaging. To push the imag-

ing depth further and visualize the entire mouse cortex (which is about 1 mm

thick) and beyond, many new tools have been developed.

To appreciate the recent development of tools that extend the imaging

depth of 2PM, it is important to understand that the optical properties of
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the biological sample serve as the fundamental limiting factors for imaging

depth. Both excitation light and emission light are attenuated by absorption

and scattering in biological tissue. Scattering and absorption effects vary by

wavelength; thus, approaches to extend imaging depth focus on optimizing the

excitation wavelengths, emission wavelengths, or a combination of both. The

development of longer wavelength laser sources aims to reduce the scattering

of excitation light. The advent of brighter fluorophores aims to both increase

the amount of excitation light absorbed by the fluorophore as well as increase

the likelihood that the fluorophore emits a fluorescent photon after absorption,

and red-shifted fluorophores reduce the scattering effects of the emission light.

1.5 Tissue Optical Properties

Scattering and absorption, characterized by the scattering coefficient

(µs) and the absorption coefficient (µa), respectively, impact imaging depth

by attenuating both the excitation laser light and emitted fluorescence, ulti-

mately reducing the number of signal photons that reach the detector. The

amount of scattered light decreases with increasing wavelength; however, ab-

sorption due to water increases significantly near 1,500 nm and beyond 1,800

nm. Figure 1.2 illustrates this wavelength-dependent effect by showing the

normalized fraction of photons (blue line) that reach a depth of 1 mm for

wavelengths from 700 to 2,400 nm. Any scattered excitation light does not

contribute to the multiphoton absorption process, so the fraction of photons of

wavelength λ reaching a depth z can be modeled as exp[-(µa(λ)+µs(λ))z]. The
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wavelength dependence of absorption is governed by water absorption, while

the wavelength dependence of scattering is significantly more complex and dif-

ficult to measure, but is commonly approximated as µs(λ)=a/(1-g)(λ/500)−b,

where g is the scattering anisotropy and is usually assumed to be approxi-

mately 0.9 for biological tissues [2]. Under this approximation, the scattering

coefficient is determined by the values of a and b, which can vary consider-

ably, even for brain tissue [2]. The scaling factor a and scattering power b are

parameters used to characterize the scattering coefficient.

Figure 1.2 illustrates the contributions of scattering and absorption in

biological tissue. The solid blue line is calculated using average values for brain

optical properties (g=0.9, a=1.1 mm−1, b=1.37, water content=75%) [2]. The

plot demonstrates that 15 times more photons reach a depth of 1 mm using a

wavelength of 1,300 nm versus 800 nm, and 1.8 times more photons at 1,700 nm

versus 1,300 nm. There is an additional peak near 2,200 nm, however, it is in a

red shaded region indicating that more than 50% of the photons are absorbed

by tissue. Although scattering and absorption attenuate photons with equal

magnitude from a physics perspective, they are not equal from a physiological

perspective. Excessive absorption is harmful to biological samples because

it causes tissue heating. Wavelength regions in which greater than 50% of

photons are absorbed may not be viable for deep imaging without significant

cause for concern due to excessive heating of tissue; thus, the peak at 2,200

nm is not feasible for deep imaging. However, the peaks near 1,300 nm and

1,700 nm are viable and are the optimal wavelengths for deep imaging. At
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Figure 1.2: Effects of scattering and absorption. Photon fraction at a
depth of 1 mm for average brain tissue optical properties (g=0.9, a=1.1 mm-
1, b=1.37, water content=75%) [2] is demarcated by the blue line. Regions
shaded in red indicate areas in which 50% or more of photons are absorbed, as
calculated by the red line (dashed red indicates below 50%; solid red indicates
over 50%). Available laser options are outlined for their respective wavelength
range (Yb = ytterbium, 2C2P = two-photon two-color of Yb fiber laser and
diamond laser, Er=Erbium, OPO=optical parametric oscillator, OPA=optical
parametric amplifier).

1,300 nm, conventional fluorophores may undergo two-photon or three-photon

excitation depending on the fluorophore absorption characteristics, whereas

most fluorophores undergo three-photon excitation at 1,700 nm.
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1.6 Laser sources for multiphoton microscopy

Multiphoton excitation requires high peak power to significantly in-

crease the probability that a molecule will absorb two or more photons simul-

taneously. To obtain high peak power, ultrafast lasers are used which output

pulses on the order of 100 fs. To understand the theory underlying how ultra-

fast pulses are generated, see Appendix B.

Ti:S lasers have dominated the 2PM field because they reliably produce

wavelength-tunable ultrafast pulses with high average power. Modern Ti:S

lasers are robust, turn-key systems that enable routine 2PM imaging; however,

they are not the optimal source for deep imaging within biological tissue. The

imaging depth for most 2PM imaging studies is around 500 µm, whereas the

mouse cortex is about 1 mm thick. There is a large push from neuroscientists

for the ability to chronically image the entire mouse cortex in order to better

understand the circuitry of neural circuits and the blood vessel networks that

supply neural circuits with energy. Many neurological disorders have a neural

and vascular basis.

There are several approaches to increase imaging depth by reducing

the effects of scattering in brain tissue while avoiding deleterious water ab-

sorption regions. A recent approach, adopted from astronomy, is the use of

adaptive optics to shape the wavefront of excitation light to overcome tissue

scattering [24]. An imaging depth of 700 µm was reached in mouse cortex

using adaptive optics [25]. Another approach is to increase the pulse energy

of a laser source such that a greater number of photons per pulse penetrate to
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deeper tissue. Ti:S lasers typically produce pulse energies on the order of 10 nJ

for repetition rates around 80 MHz. Using a Ti:S laser as a seed for a regener-

ative amplifier, pulse energies on the order of microjoules can be attained for

repetition rates between 100-500 kHz. Using a regeneratively amplified Ti:S

laser at a wavelength of 925 nm and repetition rate of 200 kHz, Theer et al.

(2003) achieved an imaging depth of 1 mm [26]. A third approach to deep

in vivo imaging is to use longer excitation wavelengths for which scattering

effects are not as significant. Ti:S lasers typically have a wavelength maximum

near 1,000 nm. An optical parametric oscillator (OPO), typically pumped by

a Ti:S laser, offers a tunable wavelength range from ∼1,000 nm to 1,600 nm

and beyond in some setups. Kobat et al. (2011) demonstrated an imaging

depth of 1.6 mm using an OPO at 1,280 nm with a pulse energy of 1.5 nJ [27].

A fourth approach is to utilize a long wavelength source with high pulse en-

ergy. To achieve wavelengths near 1,700 nm with high pulse energy, Horton et

al. (2013) pumped a photonic-crystal rod with a 1,550 nm erbium fiber laser

to soliton self-frequency shift the wavelength to 1,675 nm [23]. The output

soliton had a pulse energy of 67 nJ, with which Horton et al. demonstrated

an imaging depth of 1.4 mm. Ouzounov et al. recorded spontaneous activity

from GCaMP6-labeled neurons in the hippocampus at a depth of 1 mm using

a noncolinear optical parametric amplifier at 1,300 nm with a 1,250 nJ pulse

energy (400 kHz repetition rate) [28].

Driven by advances in fiber laser technology, there are many turn-key

systems that provide longer excitation wavelengths. Common systems include
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ytterbium fiber lasers (λ = 1,030 - 1,070 nm, pulse energy = 1 nJ - 40 µJ,

repetition rate = 500 kHz - 100 MHz) as well as fiber-laser-pumped optical

parametric oscillators (λ= 1,000 - 1,600 nm, pulse energy = 1 nJ - 1 mJ,

repetition rate = 1 kHz - 80 MHz) and optical parametric amplifiers (λ =

1,000 - 1,600 nm, pulse energy = 10 nJ - 10 µJ, repetition rate = 1 kHz - 10

MHz). These systems are being widely adopted for neuroscience investigations

due to their reliability and increased imaging depth capabilities.

In this dissertation, I will detail the construction and results of an

optical parametric amplifier (OPA) system. I take the approach of using both

high energy pulses and longer excitation wavelength with an increased laser

repetition rate to achieve fast image acquisition throughout the entire mouse

cortex.

1.7 Availability of Fluorophores

The discovery and development of bright, biocompatible contrast agents

that excite at longer wavelengths is a crucial aspect to the advancement of in

vivo MPM [29]. Fluorophores that excite near 1,300 nm or 1,700 nm are of

particular interest due to minimal absorbance by water and reduced scatter-

ing. Exogenous fluorophores used for MPM can be categorized in two groups:

organic and inorganic contrast agents [30]. The former class encompasses con-

ventional organic dyes such as Texas red, fluorescein, and Indocyanine green,

which are extremely popular due to minimal aggregation issues and low cy-

totoxicity [31]. However, it is difficult to control the excitation and emission
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wavelengths of these dyes since their spectra are dependent on their chemi-

cal structure. In addition, fluorescent dyes commonly exhibit low quantum

yields in aqueous environments, which reduces brightness in biological set-

tings [30]. The latter category, inorganic probes, includes the well-established

quantum dot, bright fluorescent semiconductor nanocrystals with broad ab-

sorption and discrete, tunable emission wavelengths that are highly resistant

to photobleaching [32,33]. Recently, the polymer dot has emerged as an even

brighter, comparable alternative to quantum dots with decreased cytotoxic-

ity [34–36]. Endogenous fluorescent proteins (FPs) offer a viable alternative

to both organic and inorganic external contrast agents and can be used to

label specific structures either by functionalization or genetic encoding. The

selection of an appropriate FP for an imaging experiment involves careful con-

sideration of factors such as brightness, photostability, and specificity [37].

In the past, the adoption of far-red variants of FPs has been obfuscated by

their low brightness, but mKate, the pseudo-monomeric tdKatushka2, and td-

Tomato collectively represent a new generation of bright, far-red emitters with

substantial potential for deep in vivo imaging [38,39]. Figure 1.3 summarizes

the peak two-photon absorption cross sections of various fluorophores reported

in the literature.

Importantly, a probe can provide functionality beyond simply provid-

ing contrast; for instance, more sophisticated fluorescent sensors can be used

to report on oxygen distributionsin vivo [40, 41] or monitor the activity of

distinct neurons in brain tissue [42]. Indicators of neuronal activity rely on
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Figure 1.3: Cross Sections of various fluorophores. Peak two-photon
absorption cross sections of common fluorophores compiled from published
literature. Dark blue circles are from Dana et al. (2016) [3], black squares are
from Drobizhev et al. (2011) [4], pink diamonds are from Janelia Harris [5],
teal triangles are from Kobat et al. (2009) [6], and gray inverted triangles
are from Xu et al. (1996) [7]. The calculated normalized photon fraction of
excitation light that reaches 1 mm into brain tissue (normalized to 1300 nm,
analogous to Figure 1.2 solid blue line) is overlaid as background fill, where
the color scale ranges from 0.01 (red) to 0.5 (white) to 1.6 (blue).

sensitivity to calcium ions (a proxy for action potentials), membrane poten-

tials, or neurotransmitters [43]. In particular, genetically encoded calcium

indicators (GECIs) have garnered attention and popularity within the neuro-

science community despite challenges related to rapid calcium dynamics and

low peak calcium accumulations [44]. Advances in protein engineering, struc-

ture based-design, and mutagenesis has produced a family of ultrasensitive
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protein calcium sensors (GCaMP6) that vastly outperform other indicators in

terms of both sensitivity and reliability [45–47]. These sensors can be used to

visualize large groups of neurons in addition to smaller synaptic protrusions,

and remain stable for months [48]. The GCaMP6 family will undoubtedly

be used to answer significant questions in neuroscientific research and recent

work has even enabled functional imaging of the hippocampus at a 1 mm

depth in mice [28]. Nevertheless, optimization of red GECIs has not kept pace

with GFP-based designs and future research efforts will hopefully continue to

improve the properties and application of these sensors [49].

Regardless of their function, characterization of the nonlinear proper-

ties of existing contrast agents to determine their compatibility with longer-

wavelength excitation sources is a crucial first step towards their adoption as

probes for MPM. There is a myriad of properties by which one can evaluate

fluorophores, but action cross-section measurements, a product of absorption

cross-section and quantum yield, are a particularly useful metric to evaluate

brightness [50]. Unfortunately, accurate determination of cross-sections is a

complicated endeavor that requires detailed information of the spectral prop-

erties of a chromophore, sample concentration, and a well-characterized stan-

dard [4,51]. As a result, the nonlinear properties of very few fluorophores have

been reported, and in those limited instances, analysis has been limited to non-

physiological solvents at wavelengths below 1,300 nm [52–56]. This wavelength

limitation is in part due to the absence of reliable longer wavelength, ultrafast

laser systems; however, given recent technological advances, two-photon and
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three-photon cross section measurements near 1,300 nm and 1,700 nm are now

achievable. Thus, the MPM community is engaged in a broad push to report

cross-section values at higher order regimes in order to take full advantage of

the potential of available contrast agents and optimize experimental designs.

Recent work has demonstrated three-photon imaging of Texas Red and RFP

at 1,700 nm [23], three-photon cross section measurements of fluorescein (λ =

1,300 nm), wtGFP (λ = 1,300 nm), Indocyanine green (λ = 1,550 nm), and

SR101 (λ = 1,680 nm), and four-photon cross section measurements of fluores-

cein (λ = 1,680 nm) and wtGFP (λ = 1,680 nm) [10,57]. Simultaneous efforts

have focused on the development of compounds with enhanced multiphoton

properties [58]. In addition, improved red-shifted calcium indicators with ad-

vantages for deep in vivo imaging are being designed to rival the sensitivity of

GCaMP6 [3]. Together, the characterization of existing contrast agents and

the development of novel chromophores for MPM will identify and produce

probes that are sufficiently bright and photostable to overcome background

fluorescence and scattering in vivo.

In this dissertation, I investigate the properties for the fluorophores

Texas Red, Indocyanine Green, Fluorescein, Rhodamine B, Ruthenium, and

YFP.

1.8 Quantum Theory in Multiphoton Microscopy

Multiphoton microscopy depends on a fluorophore undergoing multi-

photon absorption, and the emitted fluorescence of that fluorophore reaching
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a detector. Multiphoton absorption occurs when a single molecular fluorophore

absorbs multiple photons simultaneously. Albert Einstein first theorized mul-

tiphoton absorption in his 1905 paper “Concerning an Heuristic Point of View

Toward the Emission and Transformation of Light” [59]. In this paper, Ein-

stein proposed that light was quantized to explain the photoelectric effect, for

which he received the Nobel Prize in Physics in 1921. In the paper, Einstein

proposes multiphoton absorption when considering deviations from Stokes’s

Rule:

... deviations from Stokes’s Rule are conceivable in the following

cases:

1. when the number of simultaneously interacting energy quanta

per unit volume is so large that an energy quantum of emitted

light can receive its energy from several incident energy quanta;

(Einstein 143)

Einstein recognized that the emitted fluorescence wavelength of an

atom solely depends on the final electronic state of the atom after the ex-

citation process, not the intermediate states. Einstein built on this concept to

generalize how an atom can transition between electronic states. In his 1916

paper “Emission and Absorption of Radiation in Quantum Theory,” Einstein

makes the assumption that an atom has two defined electronic states during

a transition [60], which deviated from the classical physics view that an atom

oscillated between different states [61]. Einstein pioneered quantum theory by
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explaining that an atom is either in the ground state or the excited state, and

that there are three ways for an atom to transition between the ground and

excited state, depicted in Fig. 1.4. The first is for an atom to transition from

Figure 1.4: The three radiation methods for an atom transitioning between the
ground and excited state: absorption, stimulated emission, and spontaneous
emission. Each red wave indicates a single photon.

the ground state to the excited state by absorbing a photon equal to the energy

gap between the states - this is termed absorption. The second is for an atom

to transition from the excited state to the ground state upon incidence of a

photon equal to the energy gap between the states - this is termed stimulated

emission. The atom emits a photon equal in energy, direction, phase, and

polarization of the incoming photon. Stimulated emission is the underlying

principle behind lasers as it enables the amplification of coherent light. The

third transition is again from the excited state to the ground state but without

the presence of an incoming photon - this is termed spontaneous emission or

fluorescence. I note here that Einstein applied these principles to individual

atoms, but the concept can be generalized to molecules. Atoms have individ-

ual quantized energy levels, while molecules have energy bands which contain
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a range of energy levels. Thus, we can refer to both atoms and molecules as

having energy levels, albeit atoms have quantized energy levels.

Each of these three processes plays a role in developing the theory for

multiphoton microscopy.

1.8.1 Multiphoton Absorption

Multiphoton absorption occurs when a molecular fluorophore absorbs

more than one photon simultaneously. This process is depicted in a Jablonski

diagram in Fig. 1.5. In the Jablonski diagram, the ground state S0 and excited

state S1 are depicted by horizontal solid lines vertically offset to indicate an

energy gap. Virtual states are indicated by dotted horizontal lines. In one-

photon absorption, a molecule absorbs a photon of energy E1 and transitions

from the ground state to the excited state. For most common fluorophores, this

energy corresponds to a wavelength in the visible spectrum. For the sake of

example, let us say the molecule absorbs a photon of wavelength λ1 = 400 nm

or equivalently E1 = 3.10 eV. In two-photon absorption, a molecule absorbs

two-photons simultaneously. Each photon must have an energy E2 half of

E1 to undergo the same transition as absorbing a single photon of energy E1

(assuming degenerate two-photon absorption). Thus, in our example λ2 = 800

nm or equivalently E2 = 1.55 eV. In three-photon absorption, a molecule

absorbs three-photons simultaneously. Each of the three photons must have

an energy E3 that is a third of E1 to undergo the same transition as absorbing a

single photon of energy E1 (assuming degenerate three-photon absorption). So,
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Figure 1.5: Jablonski diagram for one-photon, two-photon, and three-photon
absorption. In one-photon absorption, a single photon of energy E1 is ab-
sorbed. In two-photon absorption, two photons both of energy E2 are absorbed
simultaneously by the same molecule, where E1 = 2E2. In three-photon ab-
sorption, three photons each of energy E3 are absorbed simultaneously by the
same molecule where E1 = 3E3.

in our example λ3 = 1200 nm or equivalently E3 = 1.03 eV. It is important to

note that in our example, the molecule enters the same excited state regardless

if absorbing a single photon of energy E1, two photons of energy E2, or three-

photons of energy E3. Thus, the emitted fluorescent photon would be the

same in each situation; the only difference is the mechanism for the molecule

to reach the excited state.

It is interesting to consider what “simultaneously” means in this con-

text. In other words, what is the actual timescale for a molecule to absorb
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multiple photons and enter an excited state via virtual states. To estimate

the time scale for which two photons must interact with a single molecule to

both be absorbed to fill an energy gap of their summed energy, we can apply

Heisenberg’s uncertainty principle which states that

∆E ∆t =
~
2

(1.3)

where ∆E is the difference in energy of the electronic transition energy gap and

the incident photon energy, ∆t is the time scale for the photon and molecule

interaction, and ~ is the reduced Planck’s constant: ~= h/(2π) = 6.582× 10−16

eV·s. For a typical two-photon absorption event, the electronic transition

energy gap is within the visible light range and the intermediate state is close

in energy to the final state assuming no extreme non-degenerate situations

[62]. Thus, the difference in energy of the electronic transition energy gap

and the incident photon energy is on the order of 1 eV. Thus, the time scale

for which two photons must interact with a single molecule for two-photon

absorption to occur is

∆t =
~

2 ·∆E

=
6.582× 10−16 eV · s

2 (1 eV)

≈ 10−16 s .

(1.4)

Thus, the time scale is about 0.1 femtoseconds which is why ultrafast lasers

are required to efficiently cause two-photon absorption.

Building on Einstein’s earlier work, Maria Göppert-Mayer worked out

the quantum mechanics in 1931 in her doctoral thesis [63], for which she would
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win the Nobel Prize in Physics in 1963 - joining Marie Curie as the only other

woman to win the Nobel Prize in Physics. Since multiphoton absorption is an

extremely rare process in nature, it was not until the experimental realization

of lasers in the 1960’s that Göppert-Mayer’s predictions could be confirmed.

To cause multi-photon absorption, a large amount of photons must be confined

in both time and space. Two-photon absorption only occurs about once every

10 million years due to Sunlight, thus ultrafast lasers are used. Göppert-Mayer

is honored in MPM by having the two-photon cross section named after her;

1 Göppert-Mayer or 1 GM equals 10−50 cm4 seconds per photon.

The benefit of multiphoton absorption for MPM is the localization of

fluorescence. One-photon excitation is a linear process, meaning the fluores-

cence is proportional to the intensity. Thus, fluorescence will occur everywhere

where the beam is focused. On the other hand, two-photon absorption is a non-

linear process, meaning that the fluorescence is proportional to the intensity

squared. This is useful because fluorescence is only generated at the focal plane

at which the intensity is highest. Therefore, fluorescence from two-photon ab-

sorption is inherently three-dimensional; moreover, three-dimensional images

can be reconstructed since we know that the fluorescence originated from the

focal volume.

Let us revisit the example above to demonstrate the benefit of fluores-

cence localization in MPM. To confine a high density of photons in time, we

will use an ultrafast laser that outputs pulses at 100 fs. To confine the photons

in space, we will use a high numerical aperture (NA) objective which focuses
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the light to a diffraction-limited spot. We will presume that the molecule

fluorophore has an energy transition corresponding to λ1=400 nm as in the

above example and a a two-photon energy transition of λ2=800 nm; however,

this assumption is not typically valid for two-photon absorption spectra as the

quantum selection rules differ for one-photon and two-photon absorption. Fig-

ure 1.6 compares the fluorescence from one-photon and two-photon absorption

for this example of illuminating a volume of fluorophores with 100 fs pulses

at λ1=400 nm and λ2=800 nm focused by a high NA objective. The confine-

Figure 1.6: Fluorescence generated from single-photon and two-photon ab-
sorption. The fluorescence from two-photon absorption is confined to the fo-
cal volume, thus enabling three-dimensional imaging in MPM. Image adapted
from University of Pennsylvania Two-Photon Center [8].

ment of the fluorescence to the focal volume enables inherent three-dimensional

imaging with MPM. Techniques that use single-photon absorption like confo-

cal microscopy must use a pinhole to block the out-of-focus fluorescence which

26



causes a significant deduction in the amount of signal photons collected, result-

ing in a reduced imaging depth. Note that using ultrafast excitation light is

not sufficient to cause two-photon absorption in the example, the wavelength

of the light must also be such that the energy of two photons sums to fill the

fluorophore’s energy gap.

1.8.2 Stimulated Emission

Stimulated emission occurs when a molecule in the excited state drops

to the ground state after interacting with a photon equal in energy to the

transition between the excited and ground state. The molecule emits a photon

equal in energy, direction, phase, and polarization of the incident photon.

Through stimulated emission, coherent light can be amplified to create laser

light. A gain medium is required to create a laser cavity. The gain medium

provides the source of excited molecules to create the cascade of stimulated

emission. In Ti:S lasers, the gain medium is a crystal doped with Ti3+ ions,

which has a large bandwidth that enables Ti:S lasers to be tuned from 600 to

1,100 nm, though the output power falls off at the edges of the spectrum.

1.8.3 Spontaneous Emission

Spontaneous emission occurs when an excited molecule spontaneously

drops from the excited state to the ground state and emits a photon of seem-

ingly random direction, phase, and polarization. For fluorescence, which is a

subset of spontaneous emission when the molecule enters the excited state via
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absoprtion, the energy of the emitted photon is less than the absorption en-

ergy by an amount defined by the Stokes shift. Fluorescence is incoherent and

isotropic. The principles of fluorescence are crucial for MPM as the fluorescent

photons are collected by a detector to create an image.

We should think seriously about why fluorescence occurs - why does an

excited state molecule “spontaneously” drop to the ground state? Claiming

that the molecule naturally wants to return to the lowest energy state ignores

the mechanism for this process to occur. The mechanism, from a quantum

physics perspective, is quantum fluctuations of the ground state energy of

the universe, deemed zero-point energy. These fluctuations create “virtual”

photons that interact with the excited state molecule and cause the molecule to

transition from the excited state to the ground state - releasing a photon equal

in energy, direction, phase, and polarization of the incident “virtual” photon.

With this perspective, fluorescence is merely stimulated emission for which the

incident photon is a photon originating from the quantum fluctuations of the

ground state energy of the universe.

1.9 Overview of Dissertation

In this dissertation, I present routine in vivo deep-tissue multiphoton

imaging in mouse cortex using an optical parametric amplifier that is tunable

between 1,100 and 1,400 nm with an output pulse energy of 400 nJ and a

repetition rate of 511 kHz. The tunability of the OPA across a wide spectrum

enables efficient excitation of many common fluorophores. I demonstrate deep-
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tissue imaging of vasculature labeled with Texas Red, Indocyanine Green,

and Fluorescein, and of neurons expressing tdTomato and yellow fluorescent

protein (YFP). The combined high repetition rate (511 kHz) and high pulse

energy (400 nJ) of the OPA enables fast image acquisition due to the increased

signal-to-background ratio (SBR) with a single laser pulse. This allows for

entire stacks (even beyond 1 mm) to be acquired with small axial step sizes

(5 µm) to achieve fluid 3D reconstruction of vessels and neurons. Since the

brightness of many common fluorophores has not been characterized near 1,300

nm, I measure the cross sections of Texas Red, Indocyanine green (ICG), and

Fluorescein across the OPA spectrum to determine their optimal excitation

wavelengths, as well as investigate the excitation characteristics of Rhodamine

B, Ruthenium, and YFP.
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Chapter 2

Multiphoton Microscope System Design

As previously discussed, Ti:S lasers are most popular within MPM due

to their reliability and robustness. Ti:S lasers can cover the wavelength range

from 700 to 1,000 nm. As demonstrated in Fig. 1.2, the optimal excitation

wavelength windows for deep imaging are near 1,300 nm and 1,700 nm. This

chapter details the design of the optical parametric amplifier (OPA) laser sys-

tem used for imaging and the optical design of the multiphoton microscope.

Parts of this chapter are adapted from “Deep tissue imaging with mul-

tiphoton fluorescence microscopy” Vol 4, pp. 32–39, Copyright (2017) with

permission from Elsevier [12] for which David Miller performed the literature

search, developed the model for Figure 1 in the article, and wrote a majority

of the manuscript; and adapted with permission from David Miller and The

University of Texas at Austin from “Extending the depth limit of multiphoton

microscopy for in vivo brain imaging” [64] for which David Miller wrote the

manuscript and performed the research described within.
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2.1 Laser Design

An ultrafast OPA has the advantage that it is tunable across a wide

spectrum range while maintaining high pulse energy. The spectrum range

of the OPA depends on the nonlinear crystal used for parametric amplifica-

tion. Since longer wavelengths are scattered less in the brain, β-barium borate

(BBO) crystals are desirable for multiphoton microscopy to obtain a tunable

wavelength range from 1,100 nm to 1,400 nm. Additionally, BBO crystals

have a high nonlinearity promoting more efficient parametric amplification,

and have small dispersion effects for ultrafast pulses [65].

An OPA requires intense input pulses on the order of a few microjoules

to allow efficient conversion to longer wavelengths in the BBO crystal. This is

done by regeneratively amplifying a Ti:S oscillator seed. Regenerative ampli-

fiers typically have a maximum repetition rate of 250 kHz, which also limits

the OPA to a repetition rate of 250 kHz. A faster repetition rate enables

faster imaging speed, or longer pixel dwell times. This is advantageous for

deep imaging of vasculature labeled with fluorescent dyes because the time at

which the vasculature contains a high concentration of the dye is maximized.

Many dyes will clear quickly which significantly reduces the fluorescent signal

and consequently imaging depth. To increase the repetition rate of a standard

OPA system, a custom synchronization and delay generator was implemented

to control the injection of the Ti:S oscillator seed into the regenerative am-

plifier. By controlling the injection of the seed pulse with an external clock

trigger instead of using a clock derived from the Ti:S oscillator repetition rate,
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the regenerative amplifier can operate at a repetition rate up to 511 kHz while

maintaining pulse energies above 5 µJ.

During amplification of ultrafast pulses at high repetition rates such as

511 kHz, third-order dispersion becomes an issue. Third-order dispersion is

difficult to compensate for in a compressor and causes significant reduction in

the efficiency of parametric amplification inside the OPA. In the initial design

of the regenerative amplifier, the pulse was stretched during the amplification

process by passing through a TeO2 Q-switch which is highly dispersive. The

pulse was then compressed by a holographic grating in a 4-pass configuration

after amplification. Using this mechanism of stretching and compressing, I

observed that doubling the repetition rate of the regenerative amplifier from

250 kHz to 511 kHz also doubled the output power from 1.5 W to 3 W.

Thus, I expected the OPA to follow the same trend; however, I observed little

increase in the OPA average power at double the repetition rate. Looking at

an autocorrelation trace of the regenerative amplifier pulse, it was obvious that

the pulse contained third-order dispersion wings, which indicated the pulse was

not properly being stretched and compressed. This reduced the photon density

at the interaction site in the OPA BBO crystal and consequently reduced the

conversion efficiency of the 800 nm input light to longer wavelengths. To

reduce the effects of third-order dispersion, the Ti:S oscillator seed pulse was

externally stretched by a grating before entering the regenerative amplifier

instead of stretching the pulse during each round-trip of amplification inside

the regenerative amplifier. This enabled the use of a non-dispersive Q-switch
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in the regenerative amplifier that was optimized to handle the bandwidth of

the Ti:S oscillator seed, resulting in significantly less third-order dispersion.

Additionally, a new grating compressor was installed on a motorized stage

which allows the user to minimize third-order dispersion based on the OPA

output power.

The OPA laser system is shown in Figure 2.1. A λ=800 nm mode-

locked Ti:S oscillator (Mira 900, Coherent) is externally stretched to seed

a regenerative amplifier (RegA 9000, Coherent) that is custom-modified to

operate at a tunable repetition rate up to 511 kHz. The seed pulse is amplified

to a pulse energy of 6 µJ (average power of 3 W at 511 kHz) and then externally

compressed. Next, the compressed 800 nm high-energy pulse is converted to a

longer wavelength by an OPA (OPA 9800, Coherent) that is tunable between

1,100 and 1,400 nm with a maximum pulse energy of 400 nJ at 511 kHz. The

OPA output is pre-chirped by a pair of prisms before entering the microscope

such that the pulse is nearly Fourier-transform limited at the focus of the

microscope objective.

2.2 Laser Characteristics

To achieve efficient multiphoton excitation, laser pulses near 100 fs or

shorter are desirable. The OPA laser system pulse width is dictated by the Ti:S

oscillator seed because the seed’s bandwidth determines the lowest possible

pulse width of the compressed regenerative amplifier pulse. The regenerative

amplifier compressed pulse width significantly affects not only the OPA pulse
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Figure 2.1: The optical parametric amplifier (OPA) laser system. A Ti:S
oscillator seeds a regenerative amplifier, which is tunable up to 511 kHz. The
amplified pulse is converted to a longer wavelength by the OPA. The OPA
output pulse is tunable between 1,110 nm and 1,400 nm and has a maximum
pulse energy of 400 nJ at 511 kHz.

width but also the OPA output power as discussed above. The Ti:S oscillator is

optimized to operate at the minimum angle of deviation for both of its Brewster

prisms to achieve the largest bandwidth. I regularly achieve a bandwidth of

12 nm full-width half-maximum (FWHM) in the Ti:S oscillator, equating to

a minimum pulse width of roughly 70 fs after the compressor assuming a

time-bandwidth product of 0.4 (in between a Gaussian and hyperbolic secant

squared pulse shape). I measured the pulse width after the compressor to be

105 fs, which is approaching Fourier-transform limited.

The laser pulse is then broadened during the wavelength shift process in

the OPA. To extend the wavelength, the beam is first tightly focused causing

it to undergo self phase modulation which generates a white-light continuum
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containing a spectrum from the infrared to the ultraviolet. The ultrafast white

light continuum is combined with the 800 nm beam in the OPA BBO crystal.

The beams are aligned both spatial and temporally such that they undergo

type II phase matching. The BBO crystal angle dictates which wavelength

from the white light continuum is selected for amplification. During the white

light continuum generation, the pulse undergoes self-phase modulation which

broadens the bandwidth of the pulse. After the optical parametric amplifica-

tion, I measured the pulse to have a bandwidth of 60 nm FWHM and pulse

width of 110 fs. A bandwidth of 60 nm FWHM suggests the pulse can be

compressed to about 35 fs. Thus, a pair of prisms is placed after the OPA

output to further compress the pulse. As the pulse travels from the OPA to

the sample inside the microscope, it undergoes dispersion as it interacts with

each optical element; most of the dispersion occurs within the microscope ob-

jective as it contains numerous optical elements. Thus, the pulse width is

measured through the objective via an autocorrelator, and the prism pair is

adjusted to achieve the smallest pulse width at the output of the microscope

objective; this technique is referred to as “pre-chirping” because the prism

pair negatively chirps the pulse to compensate for the positive chirp of the

microscope objective. The OPA temporal pulse width, as measured by in situ

second order autocorrelation [66], at the output of the microscope objective

was measured to be τ=42 fs, as shown in Fig. 2.2(a).

Fig. 2.2(b) shows the OPA spectrum used for imaging various fluo-

rophores: tdTomato (λ=1,140 nm), Texas Red (λ=1,215 nm), Texas Red and
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Figure 2.2: OPA temporal and spectral characteristics. (a) Interfero-
metric autocorrelation trace of the OPA pulse after the microscope objective;
red dots indicate peaks of the autocorrelation trace and the blue line is a
sech2(t) fit to the autocorrelation envelope. The measured temporal pulse
width of the OPA was τ=42 femtoseconds, calculated by assuming a sech2

pulse (the autocorrelation width is 1.54 times longer than a sech2 pulse). (b)
Spectrum of OPA for imaging tdTomato at 1,140 nm, Texas Red at 1,215 nm,
Texas Red and YFP simultaneously at 1,280 nm, and ICG at 1,350 nm.

YFP simultaneously (λ=1,280 nm), and ICG (λ=1,325 nm). The OPA can

consistently output an average power above 150 mW for the tuning range from

1,140 nm to 1,330 nm, and can operate down to 1,100 nm and up to 1,400 nm

with the average power falling off to approximately 50 mW.

2.3 Scanning Optics

Before my tenure in the Dunn lab at UT Austin, a custom upright

two-photon microscope was built as described in [67]. The microscope optics

were designed for Ti:S oscillator excitation wavelengths between 800 and 900

nm, and the microscope was not optimized for large scan angles which resulted
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in vignetting when trying to image more than a 400 µm by 400 µm area. In

preparation for deep-tissue imaging with the OPA, I modified the microscope

for longer excitation wavelengths and optimized the scanning optics.

2.3.1 Design 1

The previous microscope used a f=20 mm bi-convex scan lens (NIR-

coated) and f=125 mm bi-convex tube lens (NIR-coated) to expand the beam

by 6X such that the incoming 3 mm laser beam would fill the 18 mm back

aperture of the microscope objective. To avoid vignetting, the scan lens was

designed to be placed a focal length away from the scanning galvanometer

mirrors such that there is no lateral displacement of the expanded beam on the

back aperture of the objective. Due to the short focal length of the scan lens,

vignetting occurred when scanning over large areas. Additionally, the design

was prone to alignment error as the optical path between the galvanometer

mirrors and scan lens would vary by about 4 mm, resulting in alignment error

up to 20%.

To remedy the problem, I investigated using a longer focal length scan

lens. The previous microscope expanded the beam by 6X, however I found

that the beam had diverged to a diameter between 4 and 4.5 mm when it

reached the galvanometer mirrors, thus only a 5X expansion was needed to

back fill the 18 mm aperture. In choosing the focal length of the scan and

tube lens, the microscope casing posed a restriction to the amount that the

galvanometer mirrors could be raised to accommodate longer focal lengths. I
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found that the maximum focal lengths allowed to expand the beam 5X while

fitting within the microscope casing was a f=40 mm scan lens and f=200 mm

tube lens.

A second design consideration was avoiding lenses that contain sig-

nificant amount of metal dopant ions, namely short focal length lenses and

doublets, which undergo luminescence at near infrared wavelengths [9]. To

achieve high indices of refraction, rare-earth elements are often added to the

optical glass; while this enables lenses to be made thinner and thus reduce

spherical aberration, the dopant ions undergo upconversion and luminesce in

wavelength regions that interfere with the detection of intended fluorescent

signal [9]. The upconversion process involves real energy states, not virtual

states as in two-photon excitation. Thus, the likelihood of the unwanted lu-

minescence increases with the amount of spatial interaction of the laser pulse

and glass, as opposed to locations of high peak pulse energy due to focus-

ing of the beam. Therefore, luminescence was more likely occurring in the

tube lens rather than the scan lens since the beam is about 20 mm when it

reaches the tube lens compared to 4 mm when it reaches the scan lens. I chose

to implement a Plössl eyepiece design for the scan lens which uses identical

achromatic doublets placed symmetrically around a minute air gap. For mul-

tiphoton microscopes, a Plössl design outperforms a single achromatic doublet

in terms of reducing aberrations [68]. To investigate whether to use an achro-

matic doublet or plano-convex lens for the tube lens, I modeled each design in

the ray-tracing program Zemax. Design A used a f=40 mm Plössl scan lens
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and a f=200 mm achromatic doublet tube lens, while Design B used a f=40

mm Plössl scan lens and a f=200 mm plano-convex tube lens. Although one

would expect better performance with an achromatic doublet for the tube lens

(Design A), the plano-convex lens (Design B) uses significantly less dopants

and thus would alleviate concerns about unwanted luminescence generated in

the lens.

I modeled the scan angle for three different configurations: on-axis, 3◦

off-axis in the x-direction, and 3◦ off-axis in the y-direction. I used a paraxial

approximation of the Olympus XLUMPLFLN20XW 20X microscope objective

in the Zemax model to determine the wavefront aberration at the focus of the

objective using a custom merit function. While I wanted to optimize the

multiphoton microscope for the OPA excitation wavelengths between 1,100

and 1,400 nm, the microscope is also used for imaging at 800 nm with a Ti:S

oscillator and near 1,050 nm with a fiber laser. For this reason, I chose to use

Thorlabs’ B-coating for the optics, which has greater than 99.5% transmission

from 700 to 1080 nm and greater than 95% transmission out to 1,400 nm.

While the Thorlabs C-coating would be more ideal for the OPA wavelengths

as it has a transmission above 99.5% from 1,100 to 1,400 nm, the C-coating

performs poorly at 800 nm (85% transmission). Table 2.1 shows the RMS

wavefront aberration at the focus of the objective for Design A and B for

800, 1,000, and 1,300 nm over the three aforementioned scan angles. Note

that a wavefront error RMS of 0.072 waves or less is considered diffraction-

limited [68].
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Table 2.1: RMS wavefront aberration (in units of waves) at the objective
focus for Design A and B, displayed as Design A / Design B.

Design A / Design B
λ (nm) On-Axis 3◦ in X 3◦ in Y

800 .087/.198 .076/.191 .162/.295
1,000 .031/.031 .031/.129 .085/.073
1,300 .068/.200 .012/.299 .089/.281

The results of Table 2.1 indicate the difficulty in optimizing scanning

optics over a large wavelength range from 800 nm to 1,300 nm for large scan an-

gles as neither design achieves diffraction-limited resolution for all wavelengths

over all scan angles. The best wavelength for both designs is 1,000 nm, which

is likely a product of it being in the middle of the three selected wavelengths

and the choice of Thorlabs B optical coatings, which are optimized for wave-

lengths from 700 to 1,100 nm. Design A clearly out performs Design B as only

a few configurations in Design A are far from diffraction-limited, whereas just

2 of 9 configurations are diffraction-limited for Design B. However, Design B

does not lag too far behind Design A. I chose Design B to ensure luminescence

would not disrupt the collection of intended fluorescent signal. With this de-

sign, I experimentally measured the maximum field of view to be 731 µm ×

731 µm when scaning the XY galvanometer mirror pair at ±12◦.

Another necessary improvement was the collection efficiency of the flu-

orescent light. The previous microscope used a 740dccxr dichroic (Chroma)

to reflect the fluorescent light toward the detector while letting the excita-

tion light pass through. The 740dccxr dichroic has a transmission of greater
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than 98% from 750 to 850 nm, making it ideal for Ti:S oscillator wavelengths.

However, the 740dcxxr has less than 1% transmission above 1275 nm. The

740dcxxr dichroic was thus replaced with a 775 nm edge multiphoton dichroic

(Semrock) that has greater than 96% transmission from 780 nm to 1600 nm,

thus allowing both the OPA excitation wavelengths to pass through as well as

the Ti:S oscillator (800 nm) and fiber laser (1,050 nm).

For some deep imaging experiments, fluorescent dyes that emit fluo-

rescence longer than 780 nm are desirable. For example, Indocyanine Green

(ICG) emits near 830 nm. Dyes with red-shifted emission spectrum such as

ICG have the benefit that the fluorescence is less scattered by heterogenous

brain tissue. For these experiments, a dichroic that would pass the OPA

wavelengths but reflect fluorescence below about 850 nm is needed. I opted

for a 875 nm edge multiphoton dichroic (Semrock) that has greater than 96%

transmission from 900 nm to 1500 nm. Additionally, a detector that was

sensitive to fluorescence near 800 nm was needed. The previous microscope

used photomultiplier tube (PMT) detectors with peak sensitivity at λ=580 nm

(H10770PB-40, Hamamatsu Photonics) in both detection channels. While the

-40 PMTs are adequate for detecting fluorescence in the visible range, which

is typical for fluorophores excited by Ti:S oscillators, they are weakly sensi-

tive to fluorescence near 800 nm. Thus, the option of using a PMT with peak

sensitivity at λ=800 nm (H10770PB-50, Hamamatsu Photonics) was installed.

Figure 2.3 shows the microscope design. The laser is scanned with an

XY-galvanometer mirror pair (Cambridge Technologies, 6125H), and then ex-
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Figure 2.3: Custom-built upright multiphoton microscope. The laser beam is
controlled laterally by XY scan mirrors. Dichroic mirror 1 (DM1) transmits
the laser light to a high numerical aperture objective with low magnification.
Fluorescence is epi-collected back through the objective and directed to the
detector arm by DM1. Dichroic mirror 2 (DM2) splits the fluorescence into
two channels: red and green. The green channel fluorescence is measured by
photomultiplier tube 1 (PMT1) and the red channel fluorescence is measured
by photomultiplier tube 2 (PMT 2).

panded via a Plössl scan lens (40 mm) and tube lens (200 mm) to fill the back

aperture of the microscope objective (XLUMPLFLN20XW 20X, Olympus).

Fluorescence is epi-collected and directed to the PMT detectors by dichroic

mirror DM1 and split into two channels by dichroic mirror DM2. The col-

lected PMT signal is synchronized with the regenerative amplifier. Custom

LabVIEW software, which is described in Section 2.7, controls the image ac-
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quisition.

2.3.2 Design 2

In effort to perform wide field of view (FOV) deep-tissue imaging, I

redesigned the scanning optics with the purpose to both increase FOV without

vignetting on the edges and decrease the optical aberrations on the edges of

the images. For Design 2, I approached the design with the notion that the

limiting factor should be the microscope objective acceptance angle at the

back aperture, θo, or equivalently the optical invariance of the objective’s back

aperture; this approach was motivated by Bumstead et al.’s exquisite journal

article detailing the design of large field of view microscopes for MPM [69].

The optical invariant, I, is related to the acceptance angle of collimated light,

θo, via the relationship

I = ro sin(θo) (2.1)

where ro is the beam radius of the collimated light [69]. To determine θo at

the back aperture of the microscope objective, we must relate it to values that

are provided by the manufacturers of microscope objectives. Typical values

provided are the microscope NA, magnification M , and field number FN. The

diameter of the FOV for a microscope objective can be calculated using the

field number and magnification via the relationship

FOV =
FN

M
. (2.2)
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And the acceptance angle of collimated light at the back aperture of the ob-

jective can be calculated using the field number via the relationship

θo = sin−1(
FN

2ft
) (2.3)

where ft is the focal length of the tube lens.

I designed the scanning optics assuming that the Olympus XLUMPLFLN20XW

20X microscope objective would be used as this has proven to be the most reli-

able objective for deep-tissue in vivo imaging. The Olympus XLUMPLFLN20XW

20X has a magnification of M=20X, field number FN=22 mm, 18 mm back

aperture diameter, 2 mm working distance, and a numerical aperture ofNA=1.0.

The high numerical aperture is crucial for deep-tissue imaging and the 2 mm

working distance enables a possible imaging depth of about 1.7 mm before

concerns arise for the objective to hit the cranial window. There is an inher-

ent trade off between high NA for deep-tissue imaging and wide FOV imaging.

The goal of the optical design is to maximize the FOV while imaging at least 1

mm deep within mouse brain tissue, thus the high NA objective is prioritized

over a larger FOV. Therefore, the scanning optics are dictated by the choice

of using the Olympus XLUMPLFLN20XW 20X microscope objective.

The maximum acceptance angle at the back aperture for the objective

is

θo = sin−1(
FN

2ft
)

= sin−1(
22 mm

2(180 mm)
)

= 3.5◦ ,

(2.4)
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corresponding to a maximum field of view of

FOV =
FN

M

=
22 mm

20

= 1.1 mm .

(2.5)

I note here that microscope manufacturers quote a field number that corre-

sponds to minimal optical aberrations and vignetting; larger field of views are

possible albeit with increased aberrations and possible vignetting.

The optical invariant of the back aperture of the objective is

Iobj = ro sin(θo)

= (9 mm) sin(3.5◦)

= 0.550 .

(2.6)

Following the analysis of Bumstead et al [69], I next evaluated the scan angle

of the galvanometer mirrors. There are two galvanometer mirrors correspond-

ing to X and Y translation of the beam. The X-galvo is a 6M2105X60 mirror

(Cambridge Technology) and Y-galvo is a 6M2105R60 (Cambridge Technol-

ogy) with dimensions shown in Fig 2.4. Both mirrors are driven by respective

single axis analog servo drivers (671 Series, Cambridge Technology). The ab-

solute maximum scan angle for the galvanometer mirrors is ±15◦. To avoid

routinely causing the galvanometer mirrors to scan at their maximum scan

angle which may cause them to fail, the maximum scan angle typically used

during imaging is ±12◦ corresponding to a ±4 Volt scan angle on the Lab-

VIEW software. The mirrors overscan the desired field of view by 10% along
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Figure 2.4: Galvanometer mirror dimensions for the (a) X-galvo and (b) Y-
galvo.

the “fast axis” in order to ensure the image is collected over the linear portion

of the galvanometer mirror waveforms; thus, the fast axis galvanometer mirror

scans at ±13.2◦ for an image collection over ±12◦.

An important design consideration is that the incident beam footprint

is not larger than either galvanometer mirror at the maximum scan angle. The

beam is first incident upon the X-galvo (the “fast axis”) at an angle of 45◦

relative to the optical axis. The beam is then directed to the Y-galvo (the

“slow axis”) which is at 45◦ to the X-galvo, equating to a sum total of a 90◦

turn of the beam, illustrated in Fig. 2.5. Based on Fig. 2.4(a), the X-galvo

has a clear aperture, W , of 8.7 mm. The maximum scan angle of the X-galvo,

θg(X-galvo), relative to the optical axis for a d=4 mm diameter incident beam is

θg(X-galvo) = 2[cos−1(
d

W
)− 45◦]

= 2[cos−1(
4 mm

8.7 mm
)− 45◦]

= 35.3◦

(2.7)

before the incident beam size would have a footprint larger than the aperture
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of the X-galvo.

The same evaluation applies for the Y-galvo. Based on Fig. 2.4(b), the

Y-galvo has a clear aperture, W , of 9.4 mm. The maximum scan angle for the

Y-galvo, θg(Y-galvo), relative to the optical axis for a d=4 mm diameter incident

beam is

θg(Y-galvo) = 2[cos−1(
d

W
)− 45◦]

= 2[cos−1(
4 mm

9.4 mm
)− 45◦]

= 39.6◦

(2.8)

before the incident beam size would have a footprint larger than the aperture

of the Y-galvo. In summary, a 4 mm beam will pose no footprint issues with

the XY-galvo pair.

I note here that for a 4.5 mm beam diameter, θg(X-galvo)=27.7◦ and

θg(Y-galvo)=32.8◦. And for a 5 mm beam diameter, θg(X-galvo)=19.8◦ and θg(Y-galvo)=25.7◦.

Thus even for a 5 mm diameter beam, footprint issues do not arise until scan-

ning at ±19.8◦.

The next consideration is to compare the optical invariance at the back

aperture of the objective, which I determined to be Iobj=0.550, to the optical

invariance at the galvanometer mirror pair. Assuming a beam radius of 2 mm

and maximum scan angle of ±12◦, the optical invariance at the galvanometer

mirror pair, Igm, is

Igm = ro sin(θo)

= (2 mm) sin(12◦)

= 0.4158 ,

(2.9)
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which is less than Iobj. To remedy this, the beam can be expanded to 5 mm at

the XY-galvo pair without any footprint issues to result in an optical invariance

of

Igm = ro sin(θo)

= (2.5 mm) sin(12◦)

= 0.520 .

(2.10)

Igm=0.520 is still slightly below the optical invariance at the back aperture of

the objective found to be Iobj=0.550. Another possibility is to slightly increase

the maximum scan angle from the cautious ±12◦. To account for the overscan

along the fast axis, the maximum scan angle for which the image could be

acquired is ±13.6◦, resulting in an optical invariance of

Igm = ro sin(θo)

= (2.5 mm) sin(13.6◦)

= 0.588 ,

(2.11)

which is indeed greater than Iobj=0.550. A scan angle of ±13.6◦ would not pose

any footprint issues and would fulfill the requirement that the galvanometer

mirrors not limit the microscope objective acceptance angle. However, we

only need Igm to equal Iobj, not exceed it; this would enable the galvanometer

mirrors to scan at slightly less than their absolute maximum which is favorable

for longevity of the mirrors. I find that a scan angle of ±12.7◦ is sufficient to

match Iobj=0.550 for a 5 mm beam.

Next, I evaluated various configurations of scan and tube lenses to

ensure they would not further limit the acceptance angle of the objective. In
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Design 1 of the scanning optics, I was worried about a mysterious luminescence

signal reported in Dr. Estrada’s dissertation [9]. Dr. Estrada hypothesized

that the signal was due to the laser “excitation source exciting metal dopant

ions in the optical glass material and that these ions subsequently return to

their ground states via radiative decay.” Thus, I opted to use a plano-convex

lens for the tube lens in Design 1 instead of an achromatic doublet since

plano-convex lens use significantly less dopants. However, I had not witnessed

any signs of the mysterious luminescent signal during imaging after upgrading

the scanning optics to Design 1, likely because I used an OPA at an output

wavelength near 1,300 nm instead of a Ti:S laser with an output at 800 nm.

Since an achromatic doublet has significantly less aberrations than a plano-

convex lens, I explored designs using achromatic doublets. I found the best

tube lens design to be two achromatic doublets each with f=400 mm (Thorlabs

AC508-400-C) in a Plössl design configuration for an effective focal length of

f=200 mm. I chose 2 inch outer diameter optics instead of 1 inch for the

tube lens to ensure the beam would not clip. I opted for the Thorlabs C-

coating from 1050-1700 nm to optimize the transmission for the OPA system,

ytterbium fiber laser, and diamond laser.

For the scan lens, I explored various lenses and configurations. The

constraints were that:

1) the effective focal length needed to be between 40 and 50 mm to ensure the

beam expanded to overfill or nearly overfill the microscope back aperture,

2) the maximum scanning angle of the scan lens match or exceed the accep-
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tance angle of the objective back aperture,

3) the pupil diameter match or exceed the maximum beam diameter at the

galvanometer mirrors which is 5 mm, and

4) the antireflective coating (AR) needs to be optimized for wavelengths be-

tween 1,000 and 1,400 nm.

Unfortunately, no scan lens satisfies all of these constraints. It is diffi-

cult to create a scan lens with a short focal length and large acceptance angle;

further, few lenses have AR coatings optimized for the OPA wavelengths. I

opted to use the Thorlabs SL50-2P2 scan lens as it satisfies requirements #1,

3, and 4, and nearly satisfies #2. The SL50-2P2 scan lens has an effective focal

length of 50 mm, pupil diameter of 5 mm, ±11.5◦ maximum scanning angle,

and wavelength range from 680 to 1600 nm such that it can be used with Ti:S

laser systems, ytterbium and erbium fiber laser systems, optical parametric

amplifier systems, and diamond lasers.

I used Zemax to model the optical layout of Design 2: Thorlabs SL50-

2P2 scan lens and two Thorlabs AC508-400-C in a Plössl design configuration

for the tube lens. The modeled 3D layout is shown in Fig. 2.5. It assumes that

the laser beam is collimated and has a 5 mm beam diameter incident on the

X-galvo mirror (which has a clear aperture of W=8.7 mm), then is directed at

the Y-galvo mirror (which has a clear aperture of W=9.4 mm) at 45◦ relative

to the optical axis and separated by the X-galvo mirror by 9 mm, and then

directed to the scan lens at 45◦. The Zemax lens “blackbox” file for the scan

lens is from Thorlabs since the SL50-2P2 is proprietary. The tube lens file
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Figure 2.5: 3D layout for the Design 2 scanning optics. The scan lens is a
Thorlabs SL50-2P2 with an effective focal length of 50 mm and the tube lens
is two Thorlabs AC508-400-C in a Plössl design configuration with an effective
focal length of 200 mm.

is provided by Thorlabs in its entirety; a gap of 1 mm is assumed between

the two achromatic doublets for the Plössl configuration. The objective is

approximated with a paraxial approximation. The Zemax lens data is shown

in Fig. 2.6.

Figure 2.6: Zemax lens data for Design 2 of the scanning optics.
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In Zemax, I optimized the design for wavelengths at 1,000 nm and

1,300 nm, weighting the performance of 1,300 over 1,000 nm by two times. I

evaluated the optimal distances between the:

1) second galvanometer mirror and front surface of the scan lens or d1,

2) back surface of the scan lens and front surface of the tube lens or d2, and

3) back surface of the tube lens and back aperture of the objective or d3.

Using a custom merit function, I found the optimal distances to be d1=37.78

mm, d2=221.6 mm, and d3=116.27 mm.

I analyzed the wavefront errors of the design. Fig 2.7 plots the RMS

wavefront error for the X- and Y-axis as a function of scan angles. For both

Figure 2.7: Wavefront errors (RMS) for Design 2 as function of scan angles.

the X- and Y-axis, the design is diffraction-limited for scan angles of 4◦ and

below. This is likely an artifact of the paraxial approximation of the objective
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breaking down at scan angles near 5◦ and greater. For scan angles greater

than 7◦, vignetting starts to occur.

2.4 Collection Optics and Photomultiplier Tube Mod-
ule

Collection optics of the microscope should relay as much light as possi-

ble from the back aperture of the microscope objective to the photomultiplier

tube (PMT) detectors. The collection optics were originally designed by Dr.

Arnold Estrada and are outlined in his dissertation [9]. In Dr. Estrada’s thesis,

he outlines that to achieve the best combination of high quantum efficiency

and low dark current in photomultiplier tubes, manufacturers place a ther-

moelectric cooling unit on the PMT casing. Unfortunately, the cooling unit

reduces the acceptance angle of the PMT photocathode, which is the part

of the PMT that converts the light into electron signal via the photoelectric

effect (Thanks Einstein!). There is thus a trade off between acceptance angle

of the photocathode, which determines the percentage of the collected light

that can be detected by the PMT, and the dark current. In Dr. Estrada’s first

design iteration using a PMT module with a thermoelectric cooler (H7422P-

40, Hamamatsu), the cooling unit created a 7.2 mm diameter aperture lo-

cated 8.9 mm from the photocathode which equates to a numerical aperture

of NA=0.37. To improve upon this design, Dr. Estrada opted to use a PMT

assembly that contained the same photocathode unit but without a thermo-

electric cooler (H10770PB-40, Hamamatsu). The PMT assembly has a 10 mm

53



diameter aperture that is 1.5 mm from the photocathode, resulting in an ef-

fective NA of 0.95 - a marked improvement in NA. The improved NA comes

at the cost of a 60X greater dark current, but due to the low pixel dwell time

of approximately 2 µs when scanning at 511,000 kHz there is still less than

one dark count per second per pixel.

Here, I note that while Dr. Estrada’s calculation of an effective NA of

0.95 is a valid approach, it is not an approach that makes it easy to compare

different collection designs in effort to optimize light collection. I will outline

Dr. Estrada’s reasoning and assumptions, which he detailed to me in-person

(private communication, 19 January 2018), and then detail a more standard-

ized approach to motivate my design of the collection optics. In his thesis,

Dr. Estrada shows the following diagram (Fig. 2.8) of the PMT H10770PB-40.

Based on Fig. 2.8, Dr. Estrada assumes there is a 1.5 mm spacing between

the window and photocathode. And from that calculates an NA of 0.95 based

on the following calculation, where n is the index of refraction of the medium

(assumed to be 1.0 for air) and θ is the half-angle of the opening aperture:

NA = n× sin(θ)

= 1.0× sin(tan−1(
5

1.5
))

= 0.957

' 0.95 .

(2.12)

While this is valid, this is the NA of the center of the photocathode to the back

surface of the window. A more useful NA would be from the photocathode to

the front surface of the window as the front surface is the limiting aperture,
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Figure 2.8: Image of PMT H10770PB from Dr. Estrada’s doctoral disserta-
tion [9]

.

not the back surface. Looking at Fig. 2.8, the window has a physical size of

1.5 mm and thus the spacing from the photocathode to the front surface of

the window is 3 mm. This results in an effective NA of 0.86 for the center of

the photocathode. However, since the photocathode has a surface area of 5

mm, numerical aperture is not the ideal characterization because the NA will

be spatially dependent - that is, the NA at the center of the photocathode is

the greatest, and the NA at the edges of the photocathode is lower because

it is being restricted more by the window. The effective NA at the top of the

photocathode, where θ1 is the half-angle from the top of the photocathode to

the top of the window and θ2 is the half-angle from the top of the photocathode
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to the bottom of the window, is:

NA = n× sin(θ)

= 1.0× (
sin(θ1)

2
+

sin(θ2)

2
)

= 1.0× (
sin(tan−1(2.5

3
))

2
+

sin(tan−1(7.5
3

))

2
)

= 1.0× (
0.640

2
+

0.928

2
)

= 1.0× (0.320 + 0.464)

' 0.78 .

(2.13)

We thus find that the effective NA of the top of the photocathode to the front

surface of the window is 0.78 whereas the effective NA of the center of the

photocathode to the front surface of the window is 0.86. Due to the spatial

dependence of the NA across the photocathode, an approach that is spatially

independent would be better for standardizing. An alternative approach is to

use the acceptance angle of the photocathode based on the limiting aperture.

Since the front surface of the window is the limiting aperture, the angle we

are interested in is from the front top surface of the window to the top of the

photocathode, or equivalently from the front bottom surface of the window to

the bottom of the photocathode. This is the same angle we calculated above

referred to as θ1, which I will calculate again here for completeness:

θ1 = tan−1(
2.5

3
)

= 39.81◦ .

(2.14)

Due to the symmetry of the distances between the top front surface of the

window to the top of the photocathode and the bottom front surface of the

56



window to the bottom of the photocathode, the acceptance angle of the pho-

tocathode is 2 times θ1. Thus, we can conclude that the acceptance angle of

the photocathode for PMT H10770PB-40 is 79.6◦.

With this acceptance angle, we can optimize the amount of light relayed

from the back aperture of the objective to the PMT. The front surface of

collection lens #1 (f=100 mm lens, Thorlabs AC508-100-A) is positioned 100

mm from the back aperture of the objective. Collection lens #2 consists of first

a f=50 mm lens (Edmund Optics, NT32-971) and second a f=40 mm aspheric

lens (Optosigma, 023-2550) for an effective focal length of 25 mm. The front

surface of the first lens in collection lens #2 is positioned 120 mm from the

back surface of collection lens #1. PMT H10770PB-40 is positioned 40 mm

from the back surface of the second lens in collection lens #2. This results

in over 90% of the light from the back aperture of the objective reaching the

PMT.

2.4.1 Upgrade of PMTs

The unfortunate flood on Christmas of 2017 may have damaged the sen-

sitivity of the pair of H10770PB-40 PMTs. I took this opportunity to explore

other options for PMTs. The same constraints applied as discussed above,

however I also wanted to avoid an issue I experienced with the H10770PB-40

PMTs. The H10770PB-40 PMT does not come wired to detect the current

output, thus I had to wire the current output to a BNC cable. Since the pair of

PMTs are positioned close to each other in the microscope, the current output
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wires are also close to each other and they contain no casing until they reach

the BNC connectors. I thus suspect there was crosstalk between the two PMT

current signals, which could be seen in the resulting images. Though the cross

talk was weak, it would be apparent at low signal levels such as deep imaging.

To avoid this problem, the H10770PB-40 PMTs were replaced with the

Thorlabs PMT2101. A diagram of the photocathode and electronic schematic

for PMT2101 is show in Fig. 2.9. The acceptance angle of the photocath-

Figure 2.9: Schematic diagram of PMT 2101 from Thorlabs. On the left is the
photocathode schematic. On the right is the electronic schematic.

ode for PMT2101 is 79.6◦, which matches exactly that of the previous PMT

H10770PB-40. This makes sense because PMT2101 contains the Hamamatsu

PMT H10770PB-40 module inside of an outer casing that Thorlabs attached.

I determined the acceptance angle of the PMT H10770PB-40 above for this

reason - to compare it with the Thorlabs PMT2101 module to ensure the

microscope collection optics would still be optimized for PMT2101, and in-

deed they are. The benefit of the PMT2101 module is seen on the right side
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of Fig. 2.9 outlining the electronics. The PMT2101 contains a built-in tran-

simpedance amplifier to convert the PMT output current signal to a voltage

signal, and there is a SMA connector on the PMT module such that a BNC

cable can be directly attached to the casing of the PMT. This eliminates any

stray wires carrying the current signal, and thus mitigates crosstalk between

the PMT channels.

2.5 Z-translation system

In order to reconstruct three-dimensional images, the laser focal spot

needs to move axially in the Z-direction. In the initial design of the microscope,

Z-translation was performed by moving the microscope objective up and down

along the Z-axis. This has the benefit that it does not require the sample to

move, however it changes the length between the tube lens and objective (d3)

while imaging. To reduce optical aberrations and vignetting, d3 should be set

to 142.5 mm and not altered. From an optics perspective, it is better to move

the sample along the Z-axis while keeping d3 constant.

To implement a Z-translation system that moves the sample vertically

instead of the objective, I placed a Z-translation system under the sample. I

opted for a motorized vertical stage from Thorlabs with a travel range of 50

mm and 20 kg max load (MLJ150, Thorlabs); I will refer to this stage as the

“LabJack.” The LabJack is controlled by the LabVIEW software (discussed

below) such that the mouse moves in the Z-axis during image acquisition.

The LabJack can perform axial steps down to 100 nm, however I typically
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take 5 µm steps during imaging as a trade off between speed of acquisition

and resolution.

2.6 Data Acquisition

A high speed data acquisition (DAQ) device (PCI-6259, National In-

struments) synchronizes the laser source, scanning mirrors, and detector col-

lection within the MPM system. The PCI-6259 has four 16-bit analog outputs

and 32 16-bit analog inputs; the analog inputs can be sampled at 1 MS/s.

The PCI-6259 is housed within a computer (CPU #1) and connected to two

breakout boards (BNC 2100, National Instruments) through PCI (Peripheral

Component Interconnect) slots. The breakout boards have BNC connections

to send analog voltage outputs and measure analog voltage inputs. Two of the

analog outputs are used to control the pair of galvanometer mirrors. When

using the OPA laser, the galvanometer mirrors are synchronized with the OPA

laser pulses such that each pixel in the image corresponds to one or a few laser

pulses. To perform fast image acquisition with the OPA, each laser pulse will

equate to a single pixel in the MPM image - that is, the galvanometer mirrors

scan each successive OPA laser pulses a distance of one pixel (the distance

of one pixel is determined by the field of view and number of pixels in the

image as input by the user through the software control). This is in contrast

to MPM imaging with light sources that have repetition rates on the order of

tens of millions of pulses per second such as a Ti:S laser. The seed Ti:S laser in

the OPA system has a repetition rate of 76 MHz. For imaging at a repetition
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rate of 76 MHz, each pixel corresponds to about 200 pulses, and thus there is

not a need to precisely control the galvanometer mirrors with each Ti:S laser

pulse as the detector measures a sum of the collective fluorescence at each

associated pixel in the image. However, in the case of OPA imaging, the de-

tector measures the fluorescence from a single OPA laser pulse and thus must

be synchronized with the OPA laser clock which also drives the galvanometer

mirrors.

During in vivo deep-tissue imaging, the OPA laser source is typically

operated at its maximum repetition rate of 511 kHz - equating to each laser

pulse spaced by 1.96 µs. A synchronization clock is used to properly time the

OPA laser pulse, galvanometer mirrors, and detector. The synchronization

clock originates from the regenerative amplifier’s custom synchronization and

delay generator (SDG). The SDG enables the regenerative amplifier to operate

at a repetition rate up to 511 kHz by controlling the injection of the Ti:S seed

pulse with an external clock that it creates internally. This clock defines the

repetition rate of the regenerative amplifier and thus the OPA. The SDG

outputs a trigger pulse at the repetition rate of the regenerative amplifier, and

it is this clock that it used to synchronize the OPA pulse with the galvanometer

mirrors - I will refer to this trigger as the “RegA clock.” The RegA clock is

connected to one of the analog input channels of the PCI-6259 DAQ through

a breakout board.

The RegA clock dictates the timing of the galvanometer mirror pair

waveforms. The galvanometer mirror waveforms are shown in Fig 2.10. One
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Figure 2.10: Waveforms to drive the galvanometer mirrors for MPM imaging
with the OPA operating at a repetition rate of 511 kHz. (a) Triangle waveform
for the slow axis. Each triangle represents the scanning of one image and
extends 633 ms in time, equating to a frame rate of 1.58 Hz. (b) Sawtooth
waveform for the fast axis. Each rise and fall correspond to a new scan line.
The scan rate is approximately 400 Hz for the fast axis. (c) The slow (red
line) and fast axis (white line) waveforms overlaid for a ±4 Volt scan.

of the mirrors, termed the “slow axis,” has a triangle waveform (Fig 2.10(a))

such that the mirror scans the beam linearly down one axis of the image.

When it finishes the line, it returns to the top of the line and repeats. Each

triangle thus represents a single image. The time length of a single trial is 633

ms when operating at 511 kHz. The other mirror, termed the “fast axis,” has

a sawtooth waveform (Fig 2.10(b)) such that the mirror raster scans the beam
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back and forth across the axis. Each rise and fall of the sawtooth represents

a single line in the reconstructed image. When imaging with the OPA at 511

kHz, the line rate is approximately 800 Hz, equating to a scan rate of 400 Hz

and frame rate of 1.58 Hz.

The amplitude of the waveforms is dictated by the image field of view

requested by the user through the software control. Fig 2.10(c) shows both

waveforms overlaid for a single maximum field of view image which is a ±4

Volt scan of the galvanometer mirrors. For a single image, the slow axis (red

line) has one linear ramp from -4 to 4 Volts while the fast axis (white line)

oscillates quickly in a sawtooth fashion from -4.4 to 4.4 Volts; the fast axis

mirror is overscanned by 10%, equating to 0.4 Volts for a ±4 Volt scan, on

each side of the sawtooth in order to ensure the image is collected over the

linear part of the sawtooth waveform.

A diagram of the data acquisition connections is shown in Fig. 2.11.

The PMT detector sources also need to be synchronized with the OPA clock

in order to sample the fluorescent signal at its peak. A digital delay generator

(DDG) performs this synchronization and time offset. The RegA clock is

connected to the input of the DDG, whose output is then connected to the

DAQ breakout box. The DDG enables the RegA clock to be adjusted in time

with picosecond temporal resolution. The proper timing offset is determined

by adjusting the timing to find the maximum signal count which corresponds

to the detector sampling immediately after the laser pulse has excited the

fluorophores within the focal volume.

63



Figure 2.11: Schematic of the hardware connections to acquire data with the
MPM system. The PCI-6529 data acquisition (DAQ) card interfaces the hard-
ware connections with computer (CPU) #1. Two breakout boards house the
physical analog output (AO), analog input (AI), and digital output (DO) con-
nections. The galvanometer (galvo) mirrors are connected through AO0 and
AO1. The clock for the OPA timing comes from the synchronization and
delay generator through AI1. PMT 1 and 2 are connected to AI2 and AI3,
respectively. The half-wave plate (HWP), and X,Y, and Z linear stages are
connected through USB to CPU #1. The photon counting board is located
in CPU #2. PMT 1 or 2 can be connected to the photon counting board for
lifetime acquisition; DO1 serves as the trigger from the LabVIEW software on
CPU #1.

The PMT detector output is a current proportional to the measured

fluorescent signal. To convert the current to a voltage to be read by the
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DAQ, the PMT current is sent to a transimpedance amplifier (SR570, Stan-

ford Research Systems). It is important to have the proper settings for the

transimpedance amplifier to ensure the bandwidth and noise settings are op-

timized. The output voltage of each transimpedance amplifier, corresponding

to the two respective PMT channels, is sent to the DAQ breakout box. The

detector channels, termed “PMT 1” and “PMT 2,” take up two of the ana-

log input channels. The software reconstructs the 2D images based on the

digitized reading of the analog voltage inputs.

A photon counting board (DPC 230, Becker and Hickl) is also inte-

grated into the MPM system. A switch, controlled by the software, can redi-

rect the PMT output from a single channel to the photon counting board

which is connected to a second computer (CPU #2).

2.7 Software Control

The software control for the MPM system was developed in LabVIEW

(Laboratory Virtual Instrument Engineering Workbench), a graphical pro-

gramming environment from National Instruments. The user interface (UI) of

LabVIEW is called the front panel. The graphical code is on the block diagram

which is the associated back end for the front panel.

To handle the various desired imaging abilities of the MPM system,

the LabVIEW software architecture is configured in a state machine. A state

machine allows the software to enter different “states” or modes depending on

the user requested action. The desired imaging capabilities are:
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1) Acquire a 2D image,

2) Acquire a 3D stack,

3) Acquire lifetimes at multiple points in a 2D image, and

4) Acquire a linescan in a 2D image.

To handle the desired imaging capabilities, the LabVIEW software contains

the following states:

0) Timeout (idle state),

1) Initialization (initializes necessary variables),

2) Configure Hardware (connects to hardware devices),

3) 2D or 3D Scan (sets up waveforms for image acquisition),

4) 2D Acquisition (executes 2D image acquisition),

5) Lifetime Acquisition (executes lifetime acquisition),

6) Linescan Acquisition (executes linescan acquisition),

7) 3D Acquisition (executes acquisition of 3D image stack), and

8) Main Stop (resets hardware controls and ends program).

When the program starts, it enters “Initialization” to initialize all necessary

variables. Next, it enters ”Configure Hardware” to establish connections with

the hardware components of the MPM system, which include:

1) Motorized half-wave plate to control the OPA laser power,

2) Shutter to block the OPA laser from entering the microscope,

3) XY galvanometer mirror pair,

4) X and Y linear stages which the sample is positioned on,

5) LabJack Z-translation system, and
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6) Linear stage which controls the moving arm of the autocorrelator.

The hardware configuration UI is shown in Fig. 2.12. In the “Imaging Chan-

Figure 2.12: Configuration tab on the front panel of the LabVIEW software.
The hardware connection channels associated to the DAQ break out board
are selected here, as well as imaging parameters associated to the hardware
connections.

nels” box, the analog output channels for the galvanometer mirror waveforms

are selected (“XY Analog Out Physical Channels”) which correspond to the

BNC connections on the DAQ breakout board. For imaging with lasers be-

sides the OPA, the user can select a sampling rate that is internally generated.
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In the “Power Control” box, the user can select to use the HWP (half-wave

plate) to control the OPA output power, or the EOM to control the Ti:S or

regenerative amplifier power. In the “Acquisition Setup” box, the user can se-

lect the PMT channels. Currently, only the top two channels are used for the

two PMTs housed in the microscope, however the software is ready to incor-

porate a third PMT. The user can select the proper pixel offset for the image

which depends on the laser repetition rate and timing scheme. In the “Lab-

Jack” box, the user can toggle the connection to the LabJack. Similarly in the

”Nikon Z-Stage” box, the user can toggle the connection to the Nikon Z-stage.

The Nikon Z-stage was used previously to move the objective during imaging,

however as mentioned above, this method was replaced by moving the sample

with the LabJack. Nonetheless, the LabVIEW software has the capability to

connect to the Nikon stepper. In the “Image Scan Timing Clock” box, the

user can select to use the external RegA clock for timing the image acquisition

which is used for OPA imaging, or the user can select internal triggering at

any requested sampling rate which is used for imaging with a Ti:S laser or

other laser for which each pixel will be associated with tens or hundreds of

laser pulses. In the “Digital Outputs” box, the user selects the channel for the

shutter to block the laser entry into the microscope. The shutter is automati-

cally closed at the end of each image acquisition to ensure the laser beam is not

parked on the brain surface, which can cause significant damage to the brain.

Also in the “Digital Outputs” box, the user can select the channel to trigger

the acquisition of lifetime data. Any changes to the hardware configuration
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UI are made by pressing the “Configure Hardware” button.

After initialization and hardware configuration, the LabVIEW program

waits in the “Timeout” idle state for the user to select an action. Typically,

the user will next want to acquire a 2D or 3D image. The parameters for either

2D or 3D image acquisition are selected by the user on the “Image” tab of the

UI shown in Figure 2.13. The user can press the “2D Scan” for 2D image

Figure 2.13: “Image” tab on the front panel of the LabVIEW software.

acquisition or “3D Scan” for 3D image acquisition. By pressing either button,

the program enters the “2D or 3D Scan” state to prepare the waveforms for the
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image acquisition. Then, the program enters the “2D Acquisition” state if “2D

Scan” was selected or the “3D Acquisition” state if “3D Scan” was selected.

In “2D Acquisition” or “3D Acquisition,” the image acquisition waveforms

are sent to the hardware to perform 2D or 3D imaging, respectively. In both

the “2D Scan” and “3D scan” box, the user can select whether to image

continuously and save the images, and the number of frames to average at

each axial location. The parameters below the “2D Scan” and “3D scan” box

are shared for 2D and 3D image acquisition. If the user selects to save the

images, the file path is selected in the “Save Path” box. The name of the file

is selected in the “Suffix” box; the axial location and time are automatically

added to the file name to organize the data and ensure files are not overwritten.

In the “2D Scan Setup” box, the user selects the field of view of the image

(corresponding to the amplitude of the galvanometer mirror waveforms) and

the number of pixels to sample in a single axis for a square image. In the “3D

Acquisition Parameters” box, the user selects the start and stop Z-position of

the 3D stack, and the axial step size. These distances are relative to the axial

locations set in the “LabJack Z-Positioning” box, in which the user can select

the relative zero Z-position. In the “Velmex XY Stepper Control” box, the

user can move the X and Y stages in both fine and coarse steps. The code for

the X and Y stepper buttons lives outside of the state machine architecture

such that the user can operate them at any time, even during imaging.

During imaging, pop-up window boxes show the image for PMT #1

and PMT #2. These boxes are toggled with the controls in the “Enable PMT
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#1” and “Enable PMT #2” boxes; the false color of the images can also be

selected in the boxes - the default is red and green, respectively. The intensity

scaling for each image is controlled in the “Intensity Scaling Control” box. The

pop-up windows perform real-time averaging if the user selects frame averaging

such that each frame is updated in real-time to show the average of the images

at each axial location. A metadata file is saved for each image acquisition with

the parameters shown in the “Metadata Information” box; this helps the user

identify the imaging setup in post-processing.

After “2D Acquisition” or “3D Acquisition,” the program enters back

into the idle state. If “2D Scan” was previously selected, the most recent image

is loaded into both the “Lifetimes” and ”Line Scanning” tabs.

The “Lifetimes” tab is show in Fig 2.14. To perform lifetime measure-

ments, the user first selects the button “Select Locations for Lifetime Acqui-

sition...” and then selects the points on the image where to acquire lifetime

data. Each point is automatically updated in the “Point Information” ta-

ble. When the user is finished selecting points, the user clicks the “Finished

Picking Points...” button which deactivates the ability for the user to add

more points and prepares the waveforms to move the galvanometer mirrors

to each location. The user can adjust the amount of time for which lifetime

data is acquired at each point in the “Acquisition Time (s)” box. If the user

made a mistake selecting points, the user can press the button ”Clear Selected

Points...” to clear the points from the image and table and then restart the

selection process. If the user has selected points and is ready for acquisition
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Figure 2.14: “Lifetimes” tab on the front panel of the LabVIEW software.

of lifetime data, the user presses the “Start Taking Lifetime Data...” box; this

activates the Becker and Hickl lifetime software to perform lifetime acquisition

at each point. The Becker and Hickl software must be configured to start on

the falling edge of the trigger pulse.

The “Line Scanning” tab is shown in Fig. 2.15. To perform a line scan,

the user selects two points on the left image, which will be the most recent

acquired image. The software automatically draws a line between the points

and updates the pixel and voltage information of the points on the screen.

The user can select the number of lines in the scan (“NumberOfLines”), the

image sampling rate (“ImgSamplingRate Linescan[Hz]”), and the number of
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Figure 2.15: “Line Scanning” tab on the front panel of the LabVIEW software.

pixels per each line (“PixelsPerLine”). To save the line scan, the user must

select the “Save Linescan?” button before acquiring the line scan. To acquire

the line scan, the user selects the “Start Taking Linescan...” button at which

point the controls are deactivated until the line scan is completed. After the

line scan acquisition, the scan appears in the “Linescan Graph” for the user

to visually inspect the image.
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Chapter 3

Fluorophore Characterization

To maximize imaging depth, it is crucial to know what fluorophores

are brightest and at what excitation wavelengths such that the excitation

light is tuned to the absorption peak. The two-photon action cross sections

for most common fluorophores have been characterized for the Ti:S oscillator

wavelength range from 700 to 1,000 nm [7,70–72], including for fluorescent pro-

teins [4]; many of these results are illustrated in Fig. 1.3. This has lead to a rise

in popularity of 2PM with Ti:S oscillators because users can quickly identify

the ideal fluorophore for their application. Unfortunately, there is little liter-

ature characterizing the two- and three-photon cross sections of fluorophores

for wavelengths beyond 1,000 nm.

Based on Fig. 1.2, an excitation wavelength near 1,300 nm minimizes

the effects of scattering in brain tissue while avoiding deleterious water absorp-

tion regions. I sought to characterize numerous fluorophores across the OPA

tuning range of 1,100 to 1,400 nm in order to identify promising fluorophores

to maximize imaging depth for in vivo deep-tissue imaging with an excitation

wavelength near 1,300 nm.
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3.1 Two-photon and Three-photon Excitation of Com-
mon Fluorophores

I first identified multiple common fluorophores that undergo two- or

three-photon excitation at longer wavelengths. To determine whether the flu-

orescence from each fluorophore was the result of two-photon excitation (2PE)

or three-photon excitation (3PE), I measured the dependence of the fluores-

cence on excitation power in a cuvette. The slope of the logarithmic plot

indicates whether the generated fluorescence is due to 2PE or 3PE. Figure 3.1

shows the power dependence for the fluorescent dyes: Fluorescein, Rhodamine

B, Ruthenium, Texas Red, and ICG, and the fluorescent protein: yellow fluo-

rescent protein (YFP). I note that the YFP sample was a thy1-YFP-H mouse

brain slice, not a cuvette. The power dependence was determined by excit-

ing Fluorescein, Ruthenium, and Rhodamine B at λ=1243 nm, Texas Red at

λ=1296 nm, YFP at λ=1330 nm, and ICG at λ=1315 nm. A slope near 3.0

for Fluorescein, Rhodamine B, Ruthenium, and YFP indicate they undergo

3PE. A slope near 2.0 for ICG indicates it undergoes 2PE. Near an excitation

wavelength of 1,280 nm, Texas Red undergoes 2PE at low excitation powers;

however, Texas Red undergoes both 2PE and 3PE at higher excitation powers,

indicated by a slope of 2.53.

3.2 Brightness Characterization of Common Fluorophores

To demonstrate deep-tissue in vivo multiphoton imaging, I opted to

use the fluorescent dyes Texas Red and ICG for visualizing vasculature and

75



2.97

2.00

2.53

3.02

3.01

3.00

1.98

1000

100

10

1

1 10

Figure 3.1: Logarithmic power dependence plot for common fluorophores. The
slope indicates the n-photon excitation.

the fluorescent proteins YFP and tdTomato for neuron imaging. Two-photon

absorption spectra near 1,300 nm were not previously reported for either Texas

Red, ICG, or YFP. I characterized the absorption spectra of Texas Red and

ICG, but was unable to do so reliably for YFP due to the inability to accu-

rately measure a concentration of the amount of YFP in a sample. I did not

characterize tdTomato as previous work by Drobizhev et al. demonstrated

that tdTomato has a two-photon cross section of about 30 GM at 1,140 nm

and falls off significantly above 1,200 nm [4].
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3.3 Methods for Characterization of Common Fluorophores

The action cross section, a product of the n-photon absorption cross

section, σn, and the fluorescence quantum efficiency, η, is a standardized mea-

sure of the brightness of a fluorophore. Accurately measuring the two-photon

and three-photon action cross section of a fluorophore is difficult due to the

many parameters that must be measured. The generalized n-photon action

cross section is defined as

ησn = n〈F (n)(t)〉(fτ)n−1

g
(n)
p

1

φCno

8π3−nλ2n−3

an(NA)2n−4〈P (t)〉n
(3.1)

where n is the number of photons absorbed, 〈F (n)(t)〉 is the time-averaged

fluorescence photon flux, f is the laser repetition rate, τ is the laser temporal

pulse width, λ is the excitation wavelength in vacuum, g
(n)
p is the nth order

temporal coherence of the laser source (g
(2)
p =0.664 and g

(3)
p =0.51 for Gaussian

temporal pulse profiles), φ is the system collection efficiency, C is the concen-

tration of the fluorophore, no is the refractive index of the sample media, an

represents the distribution of the excitation intensity within the diffraction-

limited focal volume (a2=64 and a3=28.1), NA is the numerical aperture of

the objective, and 〈P (t)〉 is the time-averaged incident power [10, 62, 70]. I

note two underlying assumptions for this definition of the action cross section.

One, the fluorescence quantum efficiency is assumed to be irrespective of the

n-photon excitation - that is, η = η1 = η2 = η3. And two, the sample thickness

is much greater than the Rayleigh length, zr, defined as

zr =
πω2

o

λ
(3.2)
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where ωo is the beam waist [62].

Using Equation 3.1, the two-photon action cross section ησ2 is

ησ2 = 2〈F (2)(t)〉(fτ)2

0.664

1

φCno

8πλ

64(NA)〈P (t)〉2
. (3.3)

Following the methods presented in Cheng et al. [10], I measured the two-

photon action cross section of Texas Red and the relative cross section of ICG.

First, I dissolved Texas Red (Thermo Fisher Scientific) in saline and placed

0.5 mL of a 48 µM solution into a cuvette. Similarly, I dissolved ICG (Sigma-

Aldrich) in a 5% bovine serum albumin-saline solution and placed 0.5 mL of

a 100 µM solution into a cuvette. The concentrations of Texas Red and ICG

were determined via spectrophotometry (UV-3600, Shimadzu) using known

extinction coefficients. I then measured the fluorescence from each cuvette

using the setup shown in Fig. 2.3 replacing the objective with one with a

smaller back aperture (CFI Plan 10X/0.25 NA, Nikon) to ensure the objec-

tive focus in the cuvette was diffraction-limited and added a photon counter

(DPC-230, Becker and Hickl) to measure the number of fluorescent photons

detected by the PMT. I then measured the dependence of Texas Red and ICG

fluorescence on excitation power to determine whether the fluorescence was

the result of two-photon excitation (2PE) or three-photon excitation (3PE)

across the tuning range of the OPA. For these measurements, the excitation

power was increased from about 0.3 mW to 1 mW. Next, I measured the cross

sections of Texas Red and ICG with the same setup. For these measurements,

1 mW of power or less was used to ensure the same power range as the power

78



dependence measurements. Following the methods outlined in Cheng et al.

[10], I measured the absolute action cross section of Texas Red using their

reported value of 20.6 GM as the two-photon action cross section of SR101 at

800 nm to calculate the collection efficiency for Texas Red in our system, since

SR101 and Texas Red have very similar emission spectra. I measured the rela-

tive cross section for ICG but was unable to measure the absolute cross section

due to the absence of a dye with a known cross section and similar emission

spectra to ICG. However, I note that Berezin et al. measured ICG in water to

have a two-photon action cross section of 6.3 GM at 1.55 µm excitation [57].

Power dependence measurements for Texas Red and ICG are shown in

Fig. 3.2(a). Between an excitation wavelength of 1,200 and 1,450 nm, ICG un-

dergoes 2PE; Fig. 3.2(a) demonstrates this for 1,350 nm indicated by a slope

of 2.03. Near an excitation wavelength of 1,280 nm, Texas Red undergoes 2PE

as indicated by a slope of 1.97. I note that Texas Red can undergo both 2PE

and 3PE at higher excitation powers as demonstrated in Fig. 3.1. However,

for the imaging experiments with Texas Red shown in Figs. 4.1, 4.3, and 4.7,

I expect that the excitation power at the samples focus is in the 2PE regime.

Figure 3.2(b) shows the two-photon action cross section of Texas Red from

1,150 to 1,360 nm. Figure 3.2(c) shows the relative two-photon cross section

of ICG from 1,200 to 1,450 nm. Measuring the system collection efficiency

of the system is difficult, and the nonlinear dependences of the cross section

on numerous parameters makes the measurements sensitive to errors. The

estimated uncertainty for the cross section measurements is 30%. I chose exci-
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tation wavelengths for in vivo imaging with Texas Red and ICG, respectively,

as a compromise between maximizing the attenuation length in brain tissue,

fluorophore brightness, and laser power.

ICG: slope = 2.03
Texas Red: slope = 1.97
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Figure 3.2: Characterization of Texas Red and ICG. (a) Logarithmic
power dependence plot of Texas Red and ICG. ICG undergoes two-photon
excitation at 1,350 nm indicated by a slope of 2.03. Texas Red undergoes two-
photon excitation at 1,280 nm as indicated by a slope of 1.97. Note that the
power was measured after the objective. (b) Two-photon action cross section
of Texas Red in units of Goeppert-Mayer (GM). Solid line serves as a guide
to the eye. (c) Relative two-photon cross section of ICG. Solid line serves as
a guide to the eye.

Using Equation 3.1, the three-photon action cross section ησ3 is

ησ3 = 3〈F (3)(t)〉(fτ)2

0.51

1

φCno

8λ3

28.1(NA)2〈P (t)〉3
. (3.4)

Following the methods presented in Cheng et al. [10], I measured the three-

photon action cross section of Fluorescein. First, I dissolved Fluorescein (Acros

Organics) in deionized water within a cuvette, and added NaOH until I reached

a pH value near 13; the measured value was 12.94. I then used spectrophotom-

etry as described for Texas Red and ICG to determine the concentration of the

Fluorescein cuvette was 68 µM. Next, I confirmed that the Fluorescein sample
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underwent three-photon excitation across the OPA spectrum. Using Cheng

et al.’s reported value of 32.8 GM for the two-photon action cross section

of Fluorescein at 800 nm, I measured the system collection efficiency for the

Fluorescein. The three-photon action cross section of Fluorescein is shown in

Fig. 3.3. The measurement is in good agreement with one previously published

value [10].
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Figure 3.3: The three-photon action cross section for Fluorescein across the
OPA excitation wavelengths. The literature value is from Cheng et al. [10].
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Chapter 4

In vivo Multiphoton Microscopy Imaging of

the Mouse Cortex

To demonstrate the ability of the OPA laser system to image deep tissue

in the mouse cortex, I perform in vivo multiphoton microscopy imaging with

a diverse array of fluorophores: Texas Red and ICG to label vasculature, and

tdTomato and YFP to label neurons. The OPA laser system has the ability to

image beyond 1 mm, extending the traditional depth limit in 2PM. Parts of

this chapter are adapted with permission from the Optical Society of America

from the journal article “In vivo multiphoton imaging of a diverse array of

fluorophores to investigate deep neurovascular structure,” Vol 8, Issue 7, pp.

3470–3481, Copyright (2017) [11] for which David Miller developed the mi-

croscope and laser instrumentation, designed and performed the experiments,

analyzed the data, and wrote the manuscript.

4.1 Animal Preparation

All animal procedures were approved by The University of Texas at

Austin Institutional Animal Care and Use Committee. Cranial window im-

plants were prepared in C57 mice and left the dura intact as described in [73].
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I note that for imaging Texas Red and YFP simultaneously, thy1-YFP-H mice

from Jackson Laboratory expressing YFP in motor and sensory neurons (par-

ticularly layer V pyramidal cells) were used. Mice were anesthetized with

isoflurane throughout surgery and imaging. Body temperature was maintained

at 37.5◦ Celsius and 0.1 mL subcutaneous injections of 5% (w/v) glucose in

physiological saline were applied every 2 hours. For imaging Texas Red and

ICG, a retro-orbital injection of the fluorescent dye was performed to label

blood plasma in the vasculature. For imaging tdTomato, neurons were la-

beled by cortical injection of adeno-associated viral (AAV) vectors carrying

a tdTomato plasmid. Imaging sessions were performed a week following the

delivery of the viral vectors.

4.2 Imaging Parameters

Multiphoton microscopy images were acquired with the custom micro-

scope shown in Fig. 2.3. Images were separately acquired in different mice

for each fluorophore. Appropriate emission filters were placed in front of each

PMT. For imaging Texas Red, a 750 nm short pass (FF01-750/SP-25, Sem-

rock) and 610 nm band pass (HQ/610/75M, Chroma) were used. For imaging

ICG, a 594 nm long pass (BLP01-594R-25, Semrock) and 830 nm bandpass

(RT-830, Edmund Optics) were used. For imaging tdTomato, a 750 nm short

pass and 609 nm band pass (FF01-609/181-25, Semrock) were used. For imag-

ing Texas Red and YFP simultaneously, I used the aforementioned parameters

for Texas Red and a 680 nm short pass filter (FF01-680/SP-25, Semrock) and
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510 nm band pass filter (FF01-510/84- 25, Semrock) for YFP. For imaging

sessions with Texas Red and tdTomato, respectively, I used a dichroic with a

cutoff at 775 nm (FF775-Di01-52x58, Semrock) for DM1 and removed DM2.

For imaging ICG, I used a dichroic with a cutoff at 875 nm (FF875-Di01-52x58,

Semrock) for DM1 and removed DM2. For imaging Texas Red and YFP, I

used the 775 nm edge dichroic for DM1 and a custom 570 nm edge dichroic for

DM2 to separate the Texas Red and YFP fluorescence. For all imaging sessions

besides ICG, the -40 PMTs were used as they have peak sensitivity at λ=580

nm. For ICG imaging, the -50 PMTs were used which have peak sensitivity

at λ=800 nm. Imaging sessions used either the XLUMPLFLN20XW 20X (re-

ferred to as 20X) or XLPLN25XSVMP2 25X (referred to as 25X) microscope

objective, both from Olympus.

Heavy water was used as the immersion medium to reduce absorption

of the OPA excitation light. All frames are 512 by 512 pixels and all stacks

are in 5 µm depth increments. The laser power was adjusted throughout each

stack with a half-wave plate and polarizing beam splitter to ensure sample

damage did not occur [74]. I observed no damage to vasculature or neurons

and was able to image the mice chronically. Rendering of three-dimensional

(3D) stacks was performed with visualization software (Aviso standard, VSG;

Fiji [75]; and ParaView [76]). For 3D stacks with yellow dotted lines, the line

signifies the reference plane for which all frames below were normalized; all

frames above were normalized individually.
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4.3 Vasculature Imaging

Figure 4.1(a) demonstrates an imaging depth of 1,535 µm for vascula-

ture labeled with Texas Red. I was able to acquire the entire stack in 5 µm

(b)
600-1000 µm

1000-1350 µm 1350-1535 µm

100-600 µm
(a)(a)

Figure 4.1: In vivo two-photon microscopy images of vasculature labeled with
Texas Red. (a) Three-dimensional reconstruction of a 1,535 µm stack. (b) x-y
intensity projections of stack shown in (a). All scale bars are 50 µm unless
otherwise indicated.

depth increments because I performed reasonable averaging (3 frames from 0

to 500 µm, 5 frames from 500 to 700 µm, 7 frames from 700 to 900 µm, 9

frames from 900 to 1,100 µm, 11 frames from 1,100 to 1,300 µm, 14 frames
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from 1,300 to 1,400 µm, 16 frames from 1,400 to 1,500 µm, and 24 frames from

1,500 to 1,535 µm) and imaged at a fast frame rate of 1.58 Hz. I attribute the

minimal averaging, even at depths greaten than 1,000 µm, to the high pulse

energy of the OPA. The excitation power was increased to maintain similar

signal levels down to 1,000 µm, at which point full power was reached equat-

ing to 122 mW at the sample surface (transmission of the 25X objective at

1,215 nm is 67%). All frames were normalized individually. In Fig. 4.1(b),

individual blood vessels can be seen with high contrast beyond 1,000 µm and

still resolved beyond 1,350 µm.

In order to quantify the benefits of the high repetition rate excitation

source, SBR analysis was performed at various imaging depths and laser repe-

tition rates. For these measurements, the SBR was calculated from line profiles

taken through vessels. Figure 4.2(a) compares the highest SBR value obtained

at depths of 100, 300, 600, and 940 µm for repetition rates of 511 (red) and

255 kHz (blue). As the imaging depth increases, the benefits of a 511 versus

255 kHz repetition rate become apparent as an improvement by more than a

factor of
√

2 arises. Figure 4.2(b) compares the SBR of a vessel at z=940 µm

for imaging with a laser repetition rate of 511 kHz versus 255 kHz (the sam-

pling rate was synchronized with the respective laser repetition rate). The raw

images of the vessel for imaging at both 511 kHz and 255 kHz were averaged

over 10 frames, and the yellow line indicates a 6 µm thick line over which the

SBR was calculated. The line profile shows that the SBR is 12.0 for imaging at

511 kHz, and 5.5 for imaging at 255 kHz. Figure 4.2(c) shows the normalized
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Figure 4.2: (a) The SBR as a function of depth for a laser repetition rate
of 511 kHz (red) and 255 kHz (blue). The lines serve as guides for the eye.
(b) Comparison of the SBR for a vessel at z=940 µm for laser repetition
rates of 511 and 255 kHz. The vessel images are a 10-frame average at the
respective repetition rate; the images are shown at full scale. The line profile
is averaged over a 6 µm line indicated by the yellow lines in the vessel images.
(c) Normalized intensity profile for a line through a blood vessel at z=1430 µm,
demonstrating a SBR above 2 (the dotted black line indicates the calculated
background). The yellow line on the vessel image, which is a 16-frame average,
indicates where the line profile was taken. (d) Centerlines of vessels from
1,200 to 1,450 µm depth encoded by color . The centerlines are overlaid on
a maximum intensity projection of the raw data from Fig. 4.1. All scale bars
are 50 µm unless otherwise indicated.
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intensity profile for a line through a blood vessel (indicated by yellow line)

at a depth of z=1,430 µm for the stack shown in Fig. 4.1. The dotted line

indicates the background value calculated by averaging pixel values outside of

the vessel. A 1 pixel median filter was applied to the image before taking the

line profile, however the image histogram was not stretched. The calculated

SBR is 2.09. Due to the high SBR of the deep image data and the rapid stack

acquisition at fine axial steps, the vascular network could be vectorized using

Volumetric Image Data Analysis [77, 78]. Figure 4.2(d) depicts these results

as centerlines of vessels from 1,200 to 1,450 µm for the stack shown in Fig. 4.1

overlaid on the maximum intensity projection of the raw data from 1,200 to

1,450 µm. The color of the centerlines encodes for depth according to the color

map.

Fig. 4.3(a) demonstrates another imaging session of vasculature labeled

with Texas Red for which an imaging depth of 1,200 µm is achieved; thus

demonstrating the repeatability of the OPA to image beyond 1 mm in mouse

cortex. The excitation power was increased to maintain similar signal levels

down to 800 µm, at which point full power was reached equating to 34 mW

at the sample surface (transmission of the 20X objective at 1,280 nm is 32%).

In Fig. 4.3(b), individual blood vessels can be seen with high contrast beyond

800 µm, and still resolved beyond 1,100 µm. During the acquisition of the

3D stack, I averaged for 5 frames from 0 to 500 µm, 10 frames from 500 to

700 µm, and 30 frames from 700 to 1,200 µm. Fig. 4.3(c) demonstrates the

system’s ability to perform line scan in individual capillaries at an imaging
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Figure 4.3: In vivo two-photon microscopy images of vasculature labeled with
Texas Red. (a) 3D reconstruction of a 1,200 µm stack of vasculature labeled
with Texas Red. (b) x-y intensity projections of stack shown in (a). (c) (top)
x-y intensity projection at depth of 1,200 µm. A line scan was performed at
the highlighted red line. (bottom) Line scan at depth of 1,200 µm. All scale
bars are 50 µm unless otherwise indicated.
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depth of 1,200 µm. During a line scan, the laser is scanned back and forth

over a blood vessel, which causes red blood cells flowing through the vessel to

appear as streaks. The streaks are analyzed to reveal the blood flow velocity in

the vessel. In Fig. 4.3(c), the highlighted red line (top) indicates the position

of the line scans (bottom). To the best of my knowledge, this is the deepest

line scan performed in vivo to date. The blood flow speed was measured to

be 1.1 ± 0.1 mm/s.

Figure 4.4(a) shows a 3D rendering of vasculature labeled with ICG

to an imaging depth of 1,000 µm. Blood vessels can be resolved throughout

the stack. Excitation power was increased to maintain similar signal levels

down to 750 µm at which point full power was reached equating to 20 mW

at the sample surface (the transmission of the 20X objective at 1,325 nm

is 28%). ICG is FDA approved for human use and is commonly used for

ICG angiography in ophthalmology; its far-red fluorescence emission near 830

nm reduces the scattering of the fluorescent light which makes it ideal for

translational applications. I expect these results to be of particular interest to

clinicians since ICG is FDA-approved as a contrast agent for humans and is a

promising route to apply multiphoton microscopy to clinical applications [79,

80].

One draw back to ICG for deep imaging is its quick clearance time.

I found that ICG was significantly cleared from cerebral vasculature after

30 minutes, which caused a heterogeneous distribution of fluorescence signal

throughout the 3D reconstruction in Fig. 4.4(a). After the first injection of
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Figure 4.4: In vivo two-photon microscopy images of vasculature labeled with
ICG. (a) Three-dimensional reconstruction of a 1,000 µm stack. (b) x-y in-
tensity projections of stack shown in (a). All scale bars are 50 µm.
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ICG, it took approximately 15 minutes to select a region of the brain without

large surface vessels, which can cause significant out-of-focus fluorescence at

deep imaging depths. Thus, the ICG dye had started to clear by the time the

first 400 µm were imaged, which is why only large vessels are visible in the

first 400 µm. At 400 µm, more ICG was injected and then imaging began

immediately afterwards; thus, there is a clear increase in signal starting at 400

µm. Only two injections of ICG were performed to avoid injecting more than

20% of the mouse’s total blood volume, which limited the number of frames

over which I could average such that the stack could be acquired before the dye

cleared. I performed a 5 frame average from 0 to 700 µm below the surface,

8 frame average from 700 to 800 µm, 10 frame average from 800 to 900 µm,

and 12 frame average from 900 to 1,000 µm.

Figure 4.5 shows a 3D rendering from a second imaging session of vas-

culature labeled with ICG, again demonstrating the repeatability of the OPA

for deep-tissue imaging. Excitation power at λ=1,350 nm was increased to

maintain similar signal levels down to 750 µm at which point full power was

reached equating to 58 mW at the sample surface (the transmission of the 25X

objective at 1,350 nm is 74%). All frames throughout the stack were normal-

ized individually. Figure 4.4(b) shows x-y intensity projections of the stack.

Individual vessels can be seen with high contrast throughout the first half of

the stack. The quick clearance of the ICG dye severely limited frame averaging

throughout the stack. For the 3D reconstruction in Fig. 4.5(a), I performed a

6 frame average from 0 to 400 µm below the surface, 12 frame average from
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Figure 4.5: In vivo two-photon microscopy images of vasculature labeled with
ICG. (a) Three-dimensional reconstruction of a 1,000 µm stack. (b) x-y inten-
sity projections of stack shown in (a). All scale bars are 50 µm.

400 to 750 µm, and 15 frame average from 750 to 1,000 µm. Thus, the ICG

dye was nearly cleared during the acquisition of the stack from about 700 µm

to 1,000 µm which resulted in poor signal at these depths.
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4.4 Neuron Imaging

Figure 4.6(a) demonstrates an imaging depth of 1,160 µm in neurons

expressing tdTomato. Excitation power was increased to maintain similar

(b)(a) 200-210 μm 285-290 μm

310-320 μm 475-500 μm

805-850 μm 1050-1100 μm

0

850

1160

Figure 4.6: In vivo two-photon microscopy images of neurons labeled with td-
Tomato. (a) Three-dimensional reconstruction of a 1,160 µm stack of neurons
within a mouse brain. (b) x-y intensity projections from stack shown in (a).
All scale bars are 50 µm.
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signal levels down to 850 µm at which point full power was reached equating

to 40 mW at the sample surface (the transmission of the 20X objective at

1,140 nm is 52%). The delivery of tdTomato causes roughly a 200 µm by

200 µm transverse area of expression after a week following injection. The

expression is strongest in the center of the transverse area, which is why the

3D reconstruction in Fig. 4.6(a) appears saturated in the transverse center.

Individual neuron bodies and their dendrites are visible throughout the stack,

as shown in the x-y intensity projections in Fig. 4.6(b). Fluorescent proteins

like tdTomato have the advantage that they are not cleared, and they are

typically much brighter than fluorescent dyes. For the 3D reconstruction of

neurons labeled with tdTomato in Figure 4.6(a), I averaged for 5 frames from

0 to 800 µm, 8 frames from 800 to 900 µm, 20 frames from 900 to 1,000 µm,

and 25 frames from 1,000 to 1,1600 µm.

The previous imaging results were acquired at imaging sites 2.5 mm

posterior and 2.5 mm lateral to the bregma. To investigate deep-tissue imag-

ing closer to the bregma, I performed simultaneous imaging of Texas Red and

YFP at a site 0.25 mm anterior and 1.5 mm lateral to the bregma, which is

the most responsive forelimb region of the motor cortex [81]. Figure 4.7(a)

shows a laser speckle contrast image of the mouse craniotomy - the red square

indicates the two-photon imaging location. The bottom of Fig. 4.7(a) is a

300×300×400 µm3 two-photon maximum intensity projection of the surface

vasculature outlined by the red square. Figure 4.7(b) is an x-z intensity pro-

jection for a 1,330 µm stack acquired at the site outlined by the red square
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Figure 4.7: In vivo two-photon microscopy images of vasculature labeled with
Texas Red and neurons labeled with YFP. (a) Laser speckle contrast image of
mouse craniotomy. The red square indicates the two-photon imaging location.
The zoomed view is a 300 × 300 × 400 µm3 two-photon maximum intensity
projection. (b) x-z intensity projection of a 1,330 µm stack of vasculature
(red) and neurons (green). (c) x-y intensity projections of stack shown in (b)
demonstrating neuron cell bodies in layer V and a large blood vessel at a depth
of 1,330 µm. All scale bars are 50 µm unless otherwise indicated.

in Fig. 4.7(a). The vasculature (red) can be seen throughout the stack and

the neurons (green) can be traced down to their cell bodies in layer V. For

the 3D reconstruction in Fig. 4.7(b), I averaged for 3 frames from 0 to 745

µm, 6 frames from 750 to 1,000 µm, 12 frames from 1,000 to 1,300 µm, and

18 frames from 1,300 to 1,330 µm. The top image of Fig. 4.7(c) is an x-y
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intensity projection showing the neuron cell bodies in layer V (green) overlaid

with the microvasculature (red). The bottom image of Fig. 4.7(c) depicts a

vessel at an imaging depth of 1,330 µm. I note that the OPA excitation wave-

length was tuned to λ=1,280 nm which causes two-photon excitation of Texas

Red and three-photon excitation of YFP; thus, the stack demonstrates simul-

taneous imaging of Texas Red undergoing two-photon absorption and YFP

undergoing three-photon absorption.

4.5 Discussion of In Vivo Imaging Results

There are two primary advantages of the OPA laser system for deep

imaging. First, the OPA wavelength can be tuned between 1,100 and 1,400

nm to match the peak two-photon or three-photon absorption of the target

fluorophore. The wide tuning range allows for the excitation of numerous dif-

ferent fluorophores, as demonstrated in Figs. 4.1-4.7 with Texas Red, ICG,

tdTomato, and YFP. Second, the regenerative amplifier can operate at a repe-

tition rate up to 511 kHz while maintaining the same pulse energy as at lower

repetition rates. Ti:sapphire based regenerative amplifiers typically used in

other literature for multiphoton microscopy run at repetition rates at or below

250 kHz [26,82]. Running at a faster repetition rate while maintaining a high

pulse energy enables faster image acquisition and better signal-to-noise ratio.

This is demonstrated in Fig. 4.2 for which I show there is an approximate
√

2

gain in SBR by doubling the repetition rate for depths between 300 and 600

µm, and interestingly, an even greater gain at deeper depths. Combining both
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of these advantages - high pulse energy and long excitation wavelengths at

which scattering in the mouse brain is minimized - enables the OPA system to

extend the traditional imaging depth of 2PM and routinely obtain high quality

images of vessels and neurons labeled with a variety of fluorescent dyes and

proteins deep in mouse brain tissue.

The advantages of the OPA system add significant cost and complexity

to the laser system. Many laboratories and clinics may prefer a simpler system

that is more affordable and easier to use, though these systems typically lack

the ability to tune the excitation light source. However, the cost and complex-

ity enables new investigations into vascular morphology and dynamics. For

example, I demonstrate an imaging depth beyond 1.5 mm (shown in Fig. 4.1)

with 5 µm axial steps. Using fine axial steps, I capture the continuous changes

of vasculature morphology and can track the centerlines of the vessels through-

out the stack (shown in Fig. 4.2(a)). Another group has reached similar depths

- 1.6 mm using 1,280 nm excitation light at 80 MHz (1.5 nJ pulse energy) to

excite Alexa680 [27] - however, they average up to 224 frames to account for

the low pulse energy and take 20 µm axial step sizes in order to capture the

stack in a practical time limit. Large frame averaging and z-step sizes are not

a practical method to chronically study vascular dynamics and morphology.

I am also able to discern functional information about the vasculature

at depths beyond 1 mm. I determined the blood flow speed in a single vessel at

a depth of 1.2 mm (shown in Fig. 4.3(c)), which can be useful for characterizing

the health of blood vessels. The previous reported deepest line scan was at a
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depth of 900 µm performed with a 82 MHz oscillator at 1,280 nm [6]; since

line scans must be performed with little to no averaging in order to capture

the dynamics of blood flow, a high pulse energy laser like the OPA is able to

achieve better SBR in deep tissue and thus record deeper line scans.

An important consideration in choosing a fluorescent dye to label vas-

culature is the clearance time of the dye. Ideally, a dye would maintain a

similar concentration in the blood plasma for the duration of an imaging ses-

sion. However, dyes that clear quickly may limit the maximum pixel dwell

time and frame averaging. I found that ICG was significantly cleared after 30

minutes which severely limited frame averaging throughout both deep imaging

stacks in Figs. 4.4 and 4.5. It took approximately 90 minutes for Texas Red to

clear, allowing for reasonable frame averaging in Figs. 4.1, 4.3, and 4.7. Flu-

orescent proteins like YFP and tdTomato have the advantage that they are

not cleared, and they are typically much brighter than fluorescent dyes. For

the 3D reconstruction of neurons labeled with tdTomato in Fig. 4.6, frame av-

eraging was not an issue but instead the over-expression of tdTomato caused

the image to appear saturated. Optimizing the expression of a fluorescent

protein can be difficult yet is crucial for deep-tissue imaging. One strategy

is to deliver the fluorescent protein only at imaging depths near 1 mm and

not at shallower depths, thus there is limited out-of-focus fluorescence at the

shallow imaging depths when the beam is focused to 1 mm below the surface.

I had mixed success with this approach because it can be difficult to find the

localized area of expression; however, Ouzounov et al. demonstrate the utility
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of this technique by imaging hippocampal neurons labeled with an AAV virus

injection [28].

Imaging depth could be significantly improved with the development

and characterization of new fluorophores that are optimized to have their peak

two-photon absorption near 1,300 nm at which the attenuation length in mouse

brain cortex is maximized. Additionally, it would be advantageous for these

fluorophores to have red-shifted emission spectra (similar to that of ICG) to

reduce the attenuation of fluorescent photons traveling from the excitation vol-

ume to the microscope objective. I characterized the brightness of Texas Red

and ICG, though neither are exceptionally bright fluorophores. Texas Red is

an affordable option for deep imaging near 1,300 nm but not extremely bright,

while Alexa680 is significantly brighter [6] but more expensive. Unfortunately,

few other fluorophores have been characterized for excitation wavelengths be-

yond 1,100 nm. Future work in the MPM field should aim to identify and

characterize fluorescent dyes that are both brighter near an excitation of 1,300

nm and more cost-effective.
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Chapter 5

What is the Maximum Imaging Depth for

Multiphoton Microscopy?

5.1 Theory of Limiting Factor for Imaging Depth

There are two competing theories to determine the maximum imaging

depth, zmax, for 2PM. The first defines the maximum imaging depth when the

signal to background ratio (S/B), defined as

S

B
=

2π(NA)2

λnls
z2exp(−2z/ls) , (5.1)

becomes unity [26]. Here, NA is the numerical aperture of the objective, λ

is the excitation wavelength, n is the index of refraction of the medium, and

ls is the scattering length of mouse brain cortex. The underlying assumption

for this theory is that out-of-focus fluorescence generated at the surface due

to the increasing beam cross section at the surface eventually overpowers the

fluorescent signal generated at the focus. While this condition is certainly true

if there are large surface blood vessels above the focus, the situation can be

avoided by finding brain regions with no large surface vessels.

The second theory bases the maximum imaging depth on the signal-to-

noise ratio, not the signal-to-background ratio. The maximum imaging depth
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is defined as

zmax = ls ln

[√
σ2

nminτf

π(NA)2

hcλ
〈P 〉
]
, (5.2)

where σ2 is the two-photon absorption cross section, nmin is the minimum

number of photon pairs absorbed per fluorophore per unit time, τ is the pulse

width, f is the repetition rate of the laser, h is Planck’s constant, c is the speed

of light in vacuum, and 〈P 〉 is the average power of the laser [26]. This equation

is more accurate as it accounts for the brightness of the target fluorophore σ2

as well as the laser characteristics f and τ . The imaging results presented

in Chapter 4 support this theory, indicating that for excitation pulses with

high energy like the OPA, the limiting factor for imaging depth is the signal-

to-noise ratio. This is in contract to excitation pulses with low energy but

high repetition rate where the limiting factor for imaging depth may be the

signal-to-background ratio.

5.2 Modeling Maximum Imaging Depth

To evaluate whether Eq. 5.2 agrees with experimental results, I eval-

uated zmax for a Ti:S oscillator, regenerative amplifier, optical parametric os-

cillator (OPO), and optical parametric amplifier for typical laser parameters

shown in Table 5.1.

Figure 5.1 shows the maximum imaging depth for each laser assuming a

numerical aperture of NA=1.0, fluorophore two-photon cross section of σ2=50
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Table 5.1: Imaging parameters used for modeling the maximum imaging
depth for a titanium-doped sapphire oscillator (Ti:S), regenerative amplifier
(RegA), optical parametric oscillator (OPO), and optical parametric amplifier
(OPA). Note that 〈P 〉 is the average power at the sample surface.

Ti:S RegA OPO OPA
f (MHz) 76 .250 80 .500
τ (fs) 100 100 140 100
〈P 〉 (mW) 560 45 120 30
NA 1.0 1.0 1.0 1.0
σ2 (GM) 50 50 50 50

GM, and nmin such that

nmin
f
·Np ·Nf = 50 , (5.3)

where Np is the number of pulses per pixel and Nf is the number of frames

averaged at the maximum imaging depth.

Figure 5.1 is in general agreement with experimental results. The pre-

dicted maximum imaging depth for a: Ti:S oscillator is around 800 µm as

found in [22], regenerative amplifier is around 1,000 µm as found in [26], and

OPO is around 1,500 µm as found in [27]. The maximum imaging depth of the

OPA is predicted to be about 150 µm more than the OPO at each wavelength,

a result of higher energy pulses penetrating deeper into tissue. The imaging

results displayed in Chapter 4 demonstrate an imaging depth of 1,535 µm,

which is about 100 µm from the theoretical limit of 1,650 µm (assuming a 50

GM fluorophore). This demonstrates that the OPA results approach the pre-

dicted theoretical imaging depth limit. However, this model is highly sensitive

to the imaging parameters. I modeled the OPA for typical daily operation
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Figure 5.1: Maximum imaging depth for a Ti:S oscillator, regenerative ampli-
fier (RegA), optical parametric oscillator (OPO) and amplifier (OPA).

laser parameters of τ=100 fs and 〈P 〉 = 30 mW at the back surface; however,

the OPA can be optimized to have τ= 42 fs (see Fig. 2.2) and 〈P 〉=122 mW

at the sample surface at 1,215 nm with the 25X objective, and indeed it is at

these optimized laser parameters that I achieved an imaging depth of 1,535

µm, however the fluorophore brightness was significantly less than 50 GM.

Figure 5.1 assumes a fluorophore brightness of 50 GM, however it would

be useful to characterize the imaging depth for each individual fluorophore

based on its wavelength-dependent two-photon action cross section. A com-

plete characterization of the brightness combined with a model predicting max-
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imum imaging depth will help to identify the optimal wavelengths for deep

imaging. Another parameter to consider is the wavelength-dependent output

power of the OPA (only the Ti:S oscillator power was modeled as wavelength-

dependent in Figure 5.1). A future model should incorporate the wavelength

dependence of both absorption cross sections and laser power to better predict

the maximum imaging depth of a laser system and its target fluorophore.

5.3 Toward Reaching the Maximum Imaging Depth for
Multiphoton Microscopy

Maximizing the imaging depth limit for MPM requires optimizing the

many variables that affect imaging depth. As indicated in Eq. 5.2, imaging

depth depends on the excitation wavelength and the corresponding wavelength-

dependent scattering length of mouse brain cortex, the brightness of the flu-

orophore, the numerical aperture of the objective and the immersion liquid,

and the laser repetition rate, pulse width, and output power. Additionally,

there are many more subtle parameters that affect the imaging depth such as

the laser beam quality and alignment accuracy, the design and alignment of

the scan optics and collection optics, and the wavelength-dependent absorption

length of mouse brain cortex. Further, there are many practical considerations

that impact imaging depth. These include the quality of the craniotomy and

clarity of the optical window; inflammation due to the craniotomy surgery can

severely hamper imaging depth and image quality. To maximize MPM imag-

ing depth, each parameter needs to be optimized. These parameters can be
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classified into four areas: laser, microscope, fluorophore, and animal parame-

ters.

5.3.1 Laser parameters

The laser parameters to optimize for deep imaging include excitation

wavelength, repetition rate, pulse width, and power output. As identified

in Fig. 1.2, the optimal excitation wavelengths are λ=1,300 nm and 1,700

nm. The optimal repetition rate and output power are linked by the total

amount of laser energy reaching the focal volume. Too much energy can cause

harm to the mouse due to ablation. The laser ablation threshold is defined

as the “minimum laser energy per unit surface (fluence) required to induce

detectable changes in the material” [83]. In practice, it is obvious during

MPM imaging when the laser power is significantly above the laser ablation

threshold as cavitation bubbles appear in the image. Based on measurements

of the laser ablation threshold in porcine corneal stroma [83], I estimate that

the laser ablation threshold for mouse brain tissue across the OPA wavelength

spectrum is 2 J/cm2. The focused beam area for the OPA is about 1 µm2,

corresponding to a maximum pulse energy of 20 nJ to reach the laser ablation

threshold of 2 J/cm2. This is within close agreement to Tsai et al.’s calculation

which estimates the ablation threshold to be 10 nJ for a 100 fs pulse focused

to a 1 µm2 area. These calculations are within the limits of experimental

results presented by Nishimura et al. in which they found that a minimum

pulse energy of 30 nJ was required to cut a vessel such that fluorescent dye
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leaked out of the vessel but the vessel remained intact [84]. I used 20 nJ as

the pulse energy upper limit within a focal volume for imaging experiments

performed in Chapter 4.

While it is important to not exceed the laser ablation threshold, the

laser pulse energy should be sufficiently high to saturate the focal volume to

generate as much fluorescence signal as possible without causing any dam-

age. The saturation pulse energy for ultrafast pulses for n-photon excitation,

derived following [7, 10], is:

〈P (t)〉
f

= (
λ2nτn

gnpσnπ
nτ(NA)2n

)1/n . (5.4)

For two-photon excitation (n=2), the saturation pulse energy is:

〈P (t)〉
f

=
λ2
√
τ

π(NA)2
√
g2pσ2

. (5.5)

For parameters λ=1,300 nm, τ=50 fs, NA=1.0, and σ2=10 GM, the saturation

pulse energy is 0.7 nJ for the OPA, which is well below the ablation threshold

of 20 nJ. Performing this calculation for each imaging setup and controlling

the power throughout the entire stack to ensure that the saturation pulse

energy is achieved at each Z-position is a crucial step to not only maximizing

imaging depth but also achieving high image quality throughout the stack; the

3D reconstructed stack may look disjointed if the pulse energy reaching the

focal volume is not maintained at a near constant value - the saturation pulse

energy for optimized deep imaging. The expected attenuation of the light in

the mouse cortex can be predicted using the effective attenuation length [23].
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As imaging depth increases resulting in more attenuation of the excitation

light, the pulse energy will eventually drop below the saturation pulse energy

due to the limitation of output power of the laser. Fortunately, OPA lasers with

ever higher output power are becoming increasingly common due to advances

in non-collinear OPA technology.

In regard to temporal pulse width, imaging depth is optimized when

pulse widths are as short as possible meaning they are Fourier-transform lim-

ited. It is important to note that the pulse should be Fourier-transform limited

at the focal volume. As demonstrated in Fig. 2.1, prisms can be used to pre-

chirp the pulse such that the pulse is nearly Fourier-transform limited after

the objective. Ideally, the pulse would also be pre-chirped by some amount

to account for the pulse broadening within the mouse brain, however this is

difficult to determine. For pulses that are 50 fs or greater, the dispersion for

1 mm of brain tissue should not be large; however for pulses on the order of

10 fs, dispersion may be a factor to consider.

5.3.2 Microscope parameters

Microscope parameters that affect imaging depth include the micro-

scope objective numerical aperture, transmission, and immersion liquid, and

the design and alignment of the scan optics and collection optics.

High numerical aperture objectives are crucial for efficient multipho-

ton excitation and low magnification is necessary for increased collection of

the fluorescence signal. Oheim et al. [85] demonstrate an order of magni-
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tude increase in fluorescence collection in deep-tissue using a 20X objective

(NA=0.95) versus a 63X objective (NA=0.90).

The transmission of the microscope objective is important to con-

sider as it can have a significant impact on the power at the sample sur-

face. The common objective used for in vivo MPM imaging is the Olympus

XLUMPLFLN20XW, referred to as 20X. The 20X objective has relatively high

transmission between 700 and 1,000 nm, making it the typical selection for in

vivo MPM imaging with Ti:S oscillators. It peaks at 75% transmission near

700 nm and drops to 60% at 1,000 nm. For wavelengths beyond 1,000 nm, the

objective’s transmission falls off significantly as it was not designed for long

wavelengths. Recently, Olympus developed the XLPLN 25X series for MPM

imaging with longer wavelengths. The series has coatings optimized for 1600

nm that significantly boosts the transmission for wavelengths beyond 1,000

nm.

The series has the option for a 2, 4, or 8 mm working distance. The

working distance defines the maximum imaging depth as the objective collides

with the cranial window about 100 - 300 µm before the imaging depth matches

the working distance depending on the thickness of the cranial window and

angle of the brain relative to the objective. Additionally, the objective body

may collide with the craniotomy at shallower imaging depths. I note that

the 20X objective has a working distance of 2 mm. During a few deep-tissue

imaging experiments, I found the objective body of the 20X collided with the

sides of the craniotomy near an imaging depth between 1 and 1.5 mm. For

109



this reason, a longer working distance can be favorable, such as 4 mm.
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Figure 5.2: Comparison of the transmission for the Olympus 25X
(XLPLN25XSVMP2) and 20X (XLUMPLFLN20XW) microscope objectives
from 700 to 1,400 nm.

I performed many imaging experiments with the 4 mm working distance

XLPLN 25X objective (XLPLN25XSVMP2), referred to as 25X, to explore the

possibility of imaging deeper than 2 mm. While I did not exceed 2 mm, I did

record an imaging depth of 1,535 µm as shown in Fig. 4.1. The transmission

of the 25X objective across the OPA spectrum is greater than 65%. Figure 5.2

compares the transmission of the 25X and 20X objective. At 1,300 nm, the

25X objective has a transmission of 72%, far better than the 20X which has a
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transmission of 50% at 1,300 nm. I note here that Figs. 4.1, 4.5, and 4.7 were

acquired with the 25X objective and Figs. 4.3, 4.4, and 4.6 were acquired with

the 20X objective.

An additional advantage of the 25X objective is the correction collar

which adjusts for the index mismatch of water and brain tissue. The correction

collar can account for an index of refraction of 1.33 to match water and up to

1.41 to match brain tissue. In practice, I set the collar to the water setting (all

the way to the left when the objective is positioned in an upright microscope)

and rotate the collar to the right with increasing imaging depth. By inspecting

the live image while rotating the collar, the image brightness can be optimized

indicating optimized index matching. I typically rotate the collar every 200

to 400 µm depending on the goals of the imaging session. The collar should

be rotated to the right as imaging depth increases, which compensates for the

rising refractive index that the excitation beam travels when focused deeper

into the brain.

A practical disadvantage of the 25X objective is the large 4 mm working

distance. It can be difficult to get a 4 mm column of water to stay throughout

an imaging session, and typically imaging sessions required multiple applica-

tions of water. It is important to maintain a column of water between the

objective tip and the cranial window regardless of the working distance as this

is necessary to achieve the full numerical aperture of the objective for both

the excitation light, and even more importantly, the fluorescence signal.

Both the 20X and 25X Olympus objectives use water for the immersion
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liquid. For in vivo deep-tissue experiments, heavy water (D2O) should be

used instead of normal water (H2O) to reduce the absorption of the excitation

light by the immersion liquid, thus increasing the laser power that reaches

the focal volume. All images presented in Chapter 4 used heavy water as the

immersion liquid. Heavy water absorbs significantly less than water across

the OPA spectrum; the absorption coefficient of heavy water near 1,300 nm is

about an order of magnitude less than normal water [86].

Maximizing imaging depth also depends on the design and alignment

of the laser beam, scan optics, and collection optics. The scan optics should be

designed to maximize the power reaching the sample surface at all scan angles

as well as minimize aberrations and vignetting. Optical coatings optimized

for wavelength regions near 1,300 nm and 1,700 nm are becoming increasingly

common with the rise in popularity of deep-tissue imaging at these wave-

lengths. Optimized coatings for both scan optics and mirrors can provide a

significant increase in the power reaching the sample surface due to the number

of optical elements typically contained within a multiphoton microscope and

the number of mirrors used to steer the laser beam to the microscope. Similarly

for collection optics, the design should maximize the number of fluorescence

photons that reach the detector. One factor to optimize is the coatings for the

expected fluorescence wavelengths, which are typically in the visible spectrum.

A second factor is the size of the optics; two inch optics or larger can be used

to minimize the number of vignetted fluorescent photons.

Practically, it is important to align the laser beam properly within the
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scan optics. One quick check is to ensure there is no lateral displacement of

the laser beam at the back aperture of the objective while scanning. Addition-

ally, the collection optics should be aligned properly to maximize the system

collection efficiency.

5.3.3 Fluorophore parameters

The selection of a bright, stable fluorophore is vital for routine in vivo

deep-tissue MPM imaging. As discussed in Chapter 1.7, the MPM community

is currently engaged in developing and characterizing bright fluorophores at

longer wavelengths near 1,300 and 1,700 nm. The current brightest option for

vasculature labeling is Alexa680 which has an action cross section of around

55 GM at 1,300 nm [6], however Alexa680 is quite expensive relative to other

fluorescent dyes; further, the action cross section value has only been measured

by one group and has an expected error bar of 30%. Fluorescent proteins tend

to be brighter than fluorescent dyes, however few have been developed for

longer excitation wavelengths. A fluorescent dye and fluorophore with action

cross section values on the order of 100 GM at 1,300 nm would be beneficial

for deep imaging. Additionally, a fluorescent dye that does not clear quickly

and has a red-shifted fluorescence wavelength would add to the increase in

imaging depth. For fluorescent proteins, a more robust and controlled way to

control expression would be beneficial.

113



5.3.4 Animal parameters

The importance of the preparation of the mouse craniotomy cannot

be overstated. Regardless of the laser source, if the craniotomy preparation

is poor, then imaging depth will be severely limited. Inflammation arises

shortly after surgical implantation of the cranial window, if not during the

surgery. In mice, there can be a short time window on the order of hours

before inflammation is significant; however, this requires exquisite surgical

expertise (provided in my case by Dr. Flor Medina and Ahmed Hassan). I

experimented imaging immediately after surgery both with and without an

optical window. Imaging depth in this situation was never as deep as waiting

for about two weeks for the inflammation to recede. I suspect this is because

imaging immediately after surgery puts significant stress on the mouse as the

mouse is under anesthesia for a prolonged period.

Experimentally, I also found that imaging depth was typically greater

for younger mice than older mice. This is seen in other literature as well and

may be due to incomplete myelination of the brain tissue in young mice [85]

which would result in a higher scattering length of the mouse brain tissue.

Further, the scattering length and absorption length are not uniform in each

brain region. In modeling the expected amount of photons to reach a particular

imaging depth, such as 1 mm shown in Fig. 1.2, the brain tissue is often

approximated to have a single effective attenuation length for an excitation

wavelength. However, each layer of the brain has unique properties and thus

different optical properties [23].
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5.4 Looking Ahead

I conclude this chapter with an optimistic view of the future of optical

microscopy. Microscopes are now ubiquitous in biological and neuroscience re-

search. The imaging depth of optical microscopy has been rapidly advancing

with the advent of multiphoton microscopy in 1991. While the theoretical lim-

its appear to cap the imaging depth of in vivo MPM to around 2 mm, I suspect

unforeseen technological advances will keep pushing the imaging depth deeper

and deeper - likely through a combination of higher output power lasers, beam

shape engineering, adaptive optics, brighter and more targeted fluorophores,

sophisticated holographic or computational techniques to overcome scatter-

ing, and in vivo optical clearing methods. One predictive method is to use the

analogy of Moore’s law from electronics which predicts, based on past obser-

vations, that the number of transistors in an integrated circuit doubles every

two years. The question pertinent with respect to multiphoton microscopy

is the number of years to double the imaging depth. Imaging depth has ap-

proximately doubled every 10 years since its development in 1990; further, the

image quality has also increased while the acquisition time of such images has

fallen. Extrapolating this trend, I estimate that multiphoton microscopy or a

derivate of the technique will be able to image the entire mouse brain, which

is approximately 10 mm in diameter, in the next 25 to 35 years. This could

fill a large gap in our understanding of the functional connectivity of the brain

at the cellular level.
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Chapter 6

Proof of Concept Studies

The custom MPM imaging system presented is a flexible system capable

of novel imaging beyond extending the traditional imaging depth of 2PM. Here,

I present proof of concept demonstrations for future research areas with the

MPM system.

6.1 Tiled Multiphoton Microscopy Imaging

One approach to wide field of view MPM imaging is to tile individual

3D stacks together. Figure 6.1 is a 3×3 tiled two-photon microscopy image of

vasculature labeled with Texas Red. Each individual stack is 440 µm × 440

µm in X and Y. For tiling the images, I used a 30% overlap such that the final

tiled image is slightly larger than 1 mm × 1 mm in X and Y. The entire stack

was taken to an imaging depth of 1 mm at 5 µm axial steps. Thus, the entire

volume demonstrates a cubic millimeter volume of vasculature. Figure 6.1(b)

shows a maximum intensity projection of the first 400 µm below the brain

surface. Figure 6.1(a) is a laser speckle contrast image of the entire mouse brain

surface; the red square indicates the location of the tiled two-photon image.

A fiber laser at an excitation wavelength of λ=1055 nm was used to acquire
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1 mm

(a) Speckle Image (b) Two-photon Image

Figure 6.1: (a) Laser speckle contrast image of the entire mouse brain surface.
The red square indicates the location of the tiled two-photon image. (b) Tiled
3×3 two-photon microscopy image of vasculature labeled with Texas Red.

the image in the presented MPM imaging system; the 25X objective was used.

The tiled image has some artifacts from the tiling process; namely, the overlap

at the edges of each individual stack causes some blurriness. This could be

mitigated with smaller axial steps such as 1 µm instead of 5 µm. Additionally,

the two large vein branches cause significant out-of-focus fluorescence nearby

which reduces the image quality. Overall, however, the tiled image reveals the

microvasculature and offers a promising route to image the entire mouse brain

cortical volume.
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6.2 Two-color Two-photon Imaging

Two-color two-photon (2C2P) imaging employs two synchronized ultra-

fast lasers of different wavelengths (λ1 and λ2) to cause two-photon excitation

of a fluorophore, one photon from each laser [87]. The pulses are overlapped

both spatially and temporally to excite the fluorophore at an effective wave-

length λ3 of

λ3 =
2

1
λ1

+ 1
λ2

. (6.1)

Here, the term “two-color” refers to the two wavelengths of the laser. The

advantage of the technique is that multiple fluorophores can be excited with

the two lasers as simultaneous two-photon excitation is possible at all three

wavelengths λ1, λ2, and λ3.

I demonstrate the ability to perform 2C2P imaging with the OPA sys-

tem presented in Fig. 2.1. The OPA converts the λ1=800 nm regenerative Ti:S

amplifier light to a longer wavelength. Since the OPA is synchronized with

the regenerative Ti:S amplifier, the OPA wavelength λ2 can be tuned from

1,100 to 1,400 nm to excite a fluorophore at any wavelength λ3 between 926

and 1018 nm. I demonstrate the ability of the OPA system to excite YFP

at an effective wavelength λ3=960 nm with the OPA tuned to λ2=1,200 nm.

Figure 6.2 shows 2C2P imaging of neurons in fixed mouse brain tissue labeled

with YFP; strong fluorescence is observed when the pulses are overlapped both

spatially and temporally whereas the fluorescence decreases when a temporal

delay is introduced.
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(a) (b)

0 fs delay 400 fs delay

Figure 6.2: Two-color two-photon images of YFP labeled neurons in fixed
mouse brain tissue acquired with the regenerative Ti:S amplifier at λ1=800
nm and OPA at λ2=1200 nm to excite YFP at an effective wavelength of
λ3=960 nm. Strong fluorescence is demonstrated in (a) when there is no delay
offset between the OPA and regenerative Ti:S amplifier, whereas fluorescence
decreases significantly in (b) with a temporal delay of 400 fs (equating to 120
µm pathlength difference) between the pulses.

6.3 Super-resolution Technique SLAM

An interesting feature of 2C2P excitation is the spatial profile of the

excitation at the effective wavelength λ3. The excitation spatial profile, called

the point spread function (PSF), depends on the product of the spatial beam

profile of both lasers. The PSF for λ3 is dictated by the cross terms as seen in

the expansion of the total two-photon excitation:

(I1(r) + I2(r))2 = I21 (r) + I22 (r) + 2I1(r)I2(r) . (6.2)

Thus, the spatial product for the effective wavelength depends on a mixing of

the spatial modes for I1 and I2. This is the central idea for a super-resolution
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technique termed “Switching LAser Mode“ microscopy or SLAM [88]. Akin to

the more common super-resolution technique STED (Stimulated Emission De-

pletion) microscopy, SLAM uses PSF engineering to create a super-resolution

effective spot size (meaning the spot size is smaller than the diffraction limit).

SLAM subtracts a high-resolution image acquired with a typical bright beam

with peak intensity at its center from a second image acquired with a PSF

that has a dark spot at the center, referred to as the dark beam [88]. The

resulting resolution of the subtraction image is defined by the size of the hole

in the dark beam, similar to STED microscopy.

I explored combining 2C2P excitation with SLAM such that the bright

beam and dark beam would be the result of 2C2P from the OPA and regenera-

tive Ti:S amplifier (referred to as RegA). The bright beam is a combination of

the RegA and OPA beams both in transverse electromagnetic mode TEM00.

The dark beam is a combination of the TEM00 OPA beam and the TEM01

RegA beam. The TEM01 RegA beam mimics a doughnut shaped beam. I

modeled several types of spatial beam profiles and computed the difference

between the bright and dark beam. Beam profiles were computed using vecto-

rial diffraction theory for high NA objectives [89]. Figure 6.3 shows the PSF

for the bright beam, dark beam, and difference for a subtraction factor g=0.7.

Figure 6.3(b) shows the marked improvement in resolution of the difference

PSF, which is the result of mode mixing of the spatial products of the beams.

The model shows that the 2C2P effect improves the resolution by 1.8 times

over typical 2PM. Further, the mode mixing effect enables a PSF of about 80
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Figure 6.3: (a) The PSF of the bright beam, dark beam, and difference for
a subtraction factor g=0.7. (b) Cross-section plot of the PSF position for
the difference, dark, and bright beam demonstrating the improvement of the
difference PSF.

nm, nearly a five times improvement over typical 2PM.

To implement 2C2P SLAM, I modified the laser and microscopy imag-

ing system presented in Chapter 2. The setup is shown in Fig. 6.4. Both the

regenerative Ti:S amplifier and OPA have temporal delay lines to properly

align the beams temporally. The azimuthal polarizer (ARCoptix, Switzer-

land), a liquid-crystal device that can generate azimuthal polarization from
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Figure 6.4: Laser schematic of the 2C2P SLAM setup.

linearly polarized light, creates the RegA doughnut beam. When azimuthally

polarized light is focused with a high NA objective, a doughnut shape is cre-

ated similar to a TEM01 beam profile. The beams are recombined through a

875 nm dichroic beamsplitter (Semrock, FF875-Di01-25x36).

Future experiments will demonstrate the utility of 2C2P SLAM to im-

age dendritic spines, which is challenging for 2PM due to the small size of

dendritic spines on the order of 1 µm. Super-resolution imaging of spines

with 2C2P SLAM will enable the characterization of morphological changes

in dendritic spines induced by long-term potentiation.
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6.4 Ruthenium Micelles for Oxygen Sensing

Measuring oxygen concentration levels in cerebral tissue is a useful

proxy for tissue health, in particular for stroke studies. Here, I demonstrate

the ability of the MPM system to measure fluorescence lifetimes of Ruthenium

micelles to perform oxygen sensing. A Ruthenium complex [Ru(dpp)3]
2+ en-

capsulated into a nanomicelle and coated with silica causes collisional quench-

ing with oxygen [90], thus altering the lifetime of the micelle.

With the help of Dr. Andrew Fowler, I prepared a batch of Ruthenium

micelles following the procedure outlined in [90]. A retro-orbital injection of

50 µL of the micelles at a concentration of 0.3 µM was performed to perform

in vivo MPM imaging of the vasculature and lifetimes within a mouse. MPM

imaging was performed with the regenerative Ti:S amplifier in the setup pre-

sented in Fig. 2.1 at a repetition rate of 100 kHz. The laser was routed into

the microscope presented in Fig. 2.3. The photon counting board, outlined in

Fig. 2.11, was used to record fluorescence lifetime data.

I performed two-photon imaging of the vasculature immediately after

the injection of the micelles, shown in Fig. 6.5. Fluorescence lifetime data was

acquired in two vessel regions (ROI 1 and ROI 2) and one region outside of

any vessel (ROI 3), shown in Fig. 6.5. The measured lifetime at ROI 1 was

3.55 µs and at ROI 2 was 2.85 µs. These values correspond to low oxygen

environments. The measured lifetime data at ROI 3 was not discernible as

there was no decay curve, which confirms the micelles were localized to the

blood vessels.
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ROI 1

ROI 3

ROI 2

Figure 6.5: Two-photon microscopy image of vasculature labeled with Ruthe-
nium micelles. Fluorescence lifetime data was taken at ROI 1, 2, and 3 to
evaluate the oxygen levels inside and outside of the blood vessels.

One drawback to the Ruthenium micelles was that they cleared from

the vessels within about 10 minutes. Future work should extend the clearance

time to enable longer in vivo imaging sessions. Additionally, the signal level

was low, in part due to the low concentration of the micelle batch.

6.5 Multiphoton Imaging of Self-assembled Vessels

The MPM system can be used for ex vivo imaging. Here, I demonstrate

the ability of the system to evaluate the growth of vessel networks in a 3D
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matrigel. The 3D matrigel contains pluripotent stem cells that self-organize

into vascular networks. Calcein was used to stain live cells. Figure 6.6 shows a

maximum intensity projection of a 50 µm stack in which vessel networks appear

to be in the initial stages of self-assembly. The deep imaging capabilities of

Figure 6.6: Maximum intensity projection image of a 50 µm thick 3D matrigel
containing pluripotent stem cells that appear to be in the initial stages of
vessel self-assembly. The matrigel is stained with calcein.

the MPM system are beneficial to image thick 3D matrigels. I was able to

image 600 µm thick matrigels with high signal throughout the stack, on par

with the signal-to-background ratios for in vivo deep imaging stacks. I suspect

imaging multiple millimeter thick 3D matrigels is possible.
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6.6 Does Quantum Entanglement Affect Neuron Fir-
ing?

While quantum mechanics and biology seem an unlikely breeding ground

for synergy, recent developments in quantum biology have demonstrated quan-

tum effects can explain some of biology’s most pronounced processes. One such

process is photosynthesis. While the quantum efficiency of state-of-the-art de-

tectors is about 30%, photosynthesis units are able to reach an efficiency of

nearly 100% for transporting light to reaction centers for storage. Engel et al.

present strong evidence that this is due to energy transfer through quantum

coherence, which significantly increases the efficiency of energy transfer [91].

Another potential example from biology is avian magnetoreception in which

certain birds can navigate through sensing Earth’s magnetic field [92]. While

there is certainly more research required to understand the intricacies of these

quantum effects, this suggests that quantum coherence effects in biological

samples at room temperature is possible.

Due to the dependency of neural activity on individual molecules, it

is interesting to consider the role, if any, of quantum mechanics in neural

processes. Certainly the atomic underpinning of the brain’s environment obeys

quantum mechanics - however there is nothing special about the brain in that

regard [93]. Rather, I am interested in applying a quantum biology approach

to neural processes: Do any neural processes utilize quantum mechanics for

improved cognitive ability?

The coherence time of a quantum state describes how long entangle-
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ment can be maintained. Typical measured timescales of quantum coherence

for everyday environments are on the order of picoseconds to attoseconds.

Timescales can be extended to minutes in unique environments at tempera-

tures approaching 0 Kelvin. Thus, the environment of the brain seems not

conducive for quantum operations due to its high temperature and lack of en-

vironmental isolation - quantum coherence on the order of picoseconds seems

too short to affect neural processes in an amplifying computational manner.

However, aforementioned evidence from quantum biology points at the possi-

bility that quantum coherence can be sustained on the order of microseconds

in biological samples at room temperature. At the timescale of microseconds,

this could have an effect on neural processes.

A possibility to explore is the quantum entanglement of ion spins.

Quantum entanglement occurs when two particles, or more, become entan-

gled such that each particle’s state is dependent on the entire system state

- that is, an individual particle state is no longer independent of the others.

MPM imaging offers a route for testing the role of quantum mechanics in the

brain due its ability to image at the cellular level and employment of ultrafast

lasers which can be used to test a violation of Bell’s inequality as proof of

quantum entanglement.

Quantum chemistry predictions identify one candidate molecule for in-

volvement in neural processes that has an extended coherence time. The “Pos-

ner” molecule, Ca9(PO4)6, may have a coherence time up to 5 minutes due to

it having a nuclear spin of 1/2 [94]; other spin 1/2 molecules may similarly
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have long coherence times. The Posner molecule plays a role in presynaptic

processes, thus it is possible that the uptake of multiple Posner molecules in

different presynaptic neurons could induce entanglement between presynap-

tic neurons [94]. One possible experiment to test this hypothesis, inspired

by [94] and crafted with the help of Scott Aaronson (S. Aaronson, personal

communication, August 30 2016) who is a renown quantum theorist, is the

following:

Step 1) Prepare an in vitro mouse brain sample with neurons that

remain active. The sample should be transgenic such that neurons are labeled

with a genetically encoded calcium indicator. The assumption here is that

there exists many entangled Posner molecules within the brain sample.

Step 2) Slice the sample in half to create Sample A and Sample B.

Quickly position Sample A and Sample B under independent microscopes sep-

arated by a distance on the order of 100 meters. The assumption here is that

by slicing the sample, we spatially separate multiple entangled pairs of Posner

molecules. These quantum states may stay entangled for up to 5 minutes. I

note that it takes light 300 nanoseconds to travel 100 meters.

Step 3) In Sample A, lower the pH rapidly. This should cause the release

of chemical bonds between Posner molecules and calcium in Sample A. The

calcium fluorescence is collected by the microscope and analyzed with a half-

wave plate and polarizing beam splitter, then measured by a time-correlated

single photon counting board. Another possibility is to ablate Sample A with

an ultrafast amplified laser which would presumably break any quantum co-
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herence.

Simultaneously, measure the fluorescence signal from Sample B using a

half-wave plate and polarizing beam splitter to analyze the polarization, and

then measure the fluorescence with a second time-correlated single photon

counting board. The assumption here is that Bell’s inequality could be tested

through coincidence and correlations between the fluorescence signal of Sample

A and Sample B to reveal if entanglement was present. As noted previously,

it would take light 300 ns to travel between Sample A and B. Coincidences

below this are detectable with modern photon counting boards.

I investigated the experimental setup for such an experiment. Unfor-

tunately, limitations in detectors and time-correlated single photon counting

boards thwart the experimental realization. The quantum efficiency of de-

tectors is only about 30%, and state-of-the-art time-correlated single photon

counting boards have a temporal resolution on the order of picoseconds for

single photons. If we optimistically assume that 100 entangled pairs existed

in Sample A and B, we need to detect all of these pairs on the picosecond

timescale to test Bell’s inequality, however we are limited to a single photon

measurement on this timescale. While such an experiment may not be able to

test Bell’s inequality, the experiment still offers the potential to put bounds

on measurements of quantum coherence in the brain.
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Chapter 7

Conclusion

7.1 Summary

The deep-tissue multiphoton microscopy imaging system described ex-

tends the imaging depth of traditional in vivo two-photon microscopy. The

novelty of the microscope is the OPA light source. I demonstrate a high pulse

energy (400 nJ), high repitetion rate (511 kHz) light source tunable between

1,100 nm and 1,400 nm can enable imaging depths to 1 mm for a variety of flu-

orescent dyes and proteins. I show imaging depths of 1,535 µm for vasculature

and 1,160 µm for neurons, as well as measure functional blood flow informa-

tion at a depth of 1,200 µm. The high repetition rate and high pulse energy

of the OPA laser system produces high image quality with reasonable image

acquisition times and fine axial steps for deep stacks, enabling the analysis of

vascular morphology at depths to 1.45 mm.

Based on a theoretical model for the maximum imaging depth of mul-

tiphoton microcopy, I estimate the imaging depth of the OPA system could

be extended beyond 1,600 µm and identify future improvements to the system

and in general to realize such depths experimentally. One important aspect of

extending the imaging depth requires the development of bright fluorophores
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with optimal excitation wavelengths near 1,300 nm. I demonstrate many com-

mon fluorophores undergo 2PE and 3PE across the OPA spectrum near 1,300

nm, and characterize the brightness of Texas Red and ICG.

7.2 Future Work

The work presented in this dissertation showcases an empowering neu-

roimaging tool leveraging advances in laser technology and microscope optics

to investigate the rodent brain at unprecedented imaging depth with cellular

resolution. Though these imaging depths will advance basic neuroscience re-

search, the current methods of MPM are limited to studying the rodent brain.

This is because the human brain is much larger; the human cerebral cortex is

multiple millimeters thick and thus a 1.5 mm imaging depth will not capture

the full structure of the cortex. Future work should aim to further extend the

imaging depth of the MPM system as well as expand the field of view. The

second design of the scan optics (Section 2.3.2) will facilitate an increase in

field of view for the presented system.

High-resolution, large field of view MPM imaging of the human brain

should be attempted - and sooner rather than later. There are many hurdles

to such an endeavor - such as access to willing human patients undergoing

brain surgery necessitating a craniotomy and incorporating an ultrafast laser

system into an operating room - but there is much to be gained from the

possible insights. The work of optical imaging as a whole should move toward

more translational work, particularly for diseases that are poorly understood
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or poorly treated such as neurological disorders and cancers.

The work presented here and of others points to the ability of in vivo

MPM imaging of the entire mouse cortex, and deeper structures such as the

hippocampus, to chronically track both the structure and dynamics of blood

vessel and neural networks. Particularly interesting for understanding the neu-

ral pathways of the brain is the development of systems that can simultane-

ously record traces of thousands of neurons within the mouse cortical volume.

A synergistic development of decoding algorithms and deep MPM imaging

systems will offer new insights into the functional architecture of blood ves-

sel and neural networks. Examining these findings across healthy and disease

state rodent models is an important step in understanding the cellular dy-

namics of neurological diseases. This dissertation demonstrates the ability for

MPM imaging systems as an important tool to chronically track vessel and

neural networks throughout the entire mouse brain cortex. Current prelim-

inary work is applying this system to understand blood vessel and neuron

recovery and reorganization after stroke. The ability to image cellular features

and dynamics of the brain at increasing imaging depths will engender incred-

ible insights into how the brain operates and empower effective neurological

disorder treatments; further, these insights open new possibilities for neural

interfaces to augment cognition in patients with neurological disorders, and

the general public.
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Appendix A

Derivation of Maxwell’s Equations

This appendix is adapted with permission from World Scientific (Bio-

physical Reviews and Letters) from “The Physics of Vision” Vol 9, Issue

2, Copyright (2014) [95] for which David Miller independently wrote the

manuscript and performed the research described within.

For a function W to be a wave, it must satisfy the wave equation

∇2W =
1

v2

∂2W

∂t2
(A.1)

where v is the speed of the wave, and ∇2 is the Laplacian (in cartesian co-

ordinates ∇2 = ∂2

∂x2
+ ∂2

∂y2
+ ∂2

∂z2
) [96]. To determine if light satisfies the wave

equation, we first need a function to describe the properties of light. For a

quantitative description of light, we turn to electricity and magnetism.

In the 1800’s, James Maxwell developed a set of equations to describe

electric fields, E, and magnetic fields, B. Maxwell’s equations in a vacuum,
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such that there are no charges or current present, are:

∇ · E = 0 (A.2)

∇ ·B = 0 (A.3)

∇× E = −∂B

∂t
(A.4)

∇×B = µoεo
∂E

∂t
(A.5)

where t is time, µo is the magnetic constant in vacuum, and εo is the electric

constant in vacuum [96]. The first equation, ∇ · E = 0, represents that there

is no source of electric fields. The second equation, ∇ · B = 0, represents

that there are no sources for the magnetic field as a magnetic charge has

never been found. The third equation, ∇ × E = −∂B
∂t

, represents that a

magnetic field changing in time creates an electric field. The fourth equation,

∇ × B = µoεo
∂E
∂t

, represents that an electric field changing in time creates a

magnetic field. Notice the beautiful symmetry in Maxwell’s equations for a

vacuum - an electric field changing in time can create a magnetic field changing

in time which in turn can create an electric field changing in time and the

process can continue indefinitely.

Maxwell’s equations can be used to show that electric and magnetic

fields satisfy the wave equation in free space. The wave equation is a second-

order linear partial differential equation involving the spatial and temporal

derivatives of a single function. Thus, to determine if the electric and magnetic

fields satisfy the wave equation, Maxwell’s equations must be decoupled to

isolate the electric and magnetic fields. This can be done for an electric field
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using the vector calculus identity

∇× (∇× E) = ∇(∇ · E)−∇2E (A.6)

and plugging in ∇× E = −∂B
∂t

on the left side of the equation and ∇ · E = 0

on the right to find

∇× (−∂B

∂t
) = 0−∇2E . (A.7)

We can then pull out the partial derivative with respect to time outside of the

curl since the curl is a spatial derivative and does not depend on time:

− ∂

∂t
(∇×B) = −∇2E . (A.8)

Plugging in ∇×B = µoεo
∂E
∂t

and applying the partial derivative with respect

to time, we conclude

∇2E = µoεo
∂2E

∂t2
(A.9)

which illustrates that E satisfies the wave equation. [96]

A similar derivation also shows that B satisfies the wave equation. We

again start with the identity

∇× (∇×B) = ∇(∇ ·B)−∇2B (A.10)

and plug in ∇×B = µoεo
∂E
∂t

and ∇·B = 0. Pulling out the partial derivative

with respect to time and constants on the left side, we find:

µoεo
∂

∂t
(∇× E) = −∇2B . (A.11)
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Next, plugging in ∇ × E = −∂B
∂t

and applying the partial derivative with

respect to time, we conclude that

∇2B = µoεo
∂2B

∂t2
, (A.12)

which illustrates that B satisfies the wave equation. Therefore, both the elec-

tric and magnetic field satisfy the wave equation. Comparing the decoupled

forms of the electric field (Eq. A.9) and magnetic field (Eq. A.12) with the

wave equation (A.1), we find that both the electric and magnetic field travel

in vacuum with a speed of

v =
1

√
εoµo

. (A.13)

εo appears in Coulomb’s Law as a relation between the force on two charges

at a distance; while µo appears in the Biot-Savart Law relating the magnetic

field produced from the current in a wire. The magnetic constant is defined

as µo = 4π × 10−7 Ns2/C2 and the electric constant is experimentally found

to be εo = 8.85× 10−12 C2/Nm2 where N is Newtons, C is Coulombs and s is

seconds. Plugging in these values to Eq. A.13, we find that the electric and

magnetic fields travel at a speed of v = 3 × 108 meters/second. Incredibly,

this is the speed of light in a vacuum and we have thus shown that light is an

electromagnetic wave! The speed of light in a vacuum is called c to distinguish

it from the speed of light in other media, which is defined as

v =
1
√
εµ

(A.14)

where ε and µ are the electric and magnetic constant for the specific medium.

The index of refraction, n, relates the speed of light in a vacuum to other
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media and is defined as:

n =

√
εµ

εoµo
=
c

v
(A.15)

where v represents the speed of light in the specific media. The index of refrac-

tion in vacuum is 1 by definition. All media1 have an index of refraction greater

than 1 meaning that light travels slower in media other than vacuum. [96]

1Except materials with negative indices of refraction.
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Appendix B

Fourier Analysis of Light

This appendix is adapted with permission from World Scientific (Bio-

physical Reviews and Letters) from “The Physics of Vision” Vol 9, Issue

2, Copyright (2014) [95] for which David Miller independently wrote the

manuscript and performed the research described within.

To understand the wave nature of light, let us consider the Fourier

analysis of light. If we view light as a sinusoidal electromagnetic wave that

stretches for infinite time, then we would expect to be able to determine the

exact frequency of the wave, fo, with no uncertainty. This is represented in

Fourier analysis in that the Fourier transform of an infinite sinusoidal wave in

the time domain to the frequency domain is a delta function at the positive and

negative frequency of the wave. However, light does not extend for infinite time

but rather is a localized electromagnetic sinusoidal wave. The temporal length

of the wave, τ , represents the amount of time for which the electromagnetic

wave is a single sinusoidal wave [97].

Fourier analysis of a localized sinusoidal wave in the temporal domain

requires that the amplitude of the wave equal zero at all times where the

wave does not exist. To accomplish this, numerous frequencies are required
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to create destructive interference everywhere except where the localized wave

exists. Assuming the localized electromagnetic wave has a constant maximum

amplitude, then we can view the wave as a convolution of a sinusoidal wave

and square wave. The convolution theorem states that the Fourier transform

of the convolution of two functions is the product of the Fourier transform of

the functions [97]. Thus, the Fourier transform of a localized sinusoidal wave

with constant maximum amplitude is the product of the Fourier transform of

a sinusoidal wave and square wave. The Fourier transform of a square wave

is the sinc function and thus, the Fourier transform of a localized sinusoidal

wave is the product of a delta function and sinc function, depicted in Fig. B.1.

Figure B.1 shows that a continuous set of frequencies is required to create a

localized sinusoidal wave. The central maximum frequency, fo, corresponds

to the frequency of the infinitely long sinusoidal wave - thus, the frequency

of the unlocalized wave contributes the strongest component in the frequency

components of the localized wave.

Amplitude 

Frequency 

2π/τ 

fo 

Figure B.1: The Fourier transform of a localized sinusoidal wave representing
a localized electromagnetic wave. The Fourier transform is a sinc function in
which the central peak, fo represents the frequency of the sinusoidal wave if it
was infinitely long. The half-width of the central peak is 2π/τ .
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The Fourier analysis of light is merely a mathematical model to de-

scribe the localization of an electromagnetic wave. When localization is used

in a spatial sense, it is typically used to describe a particle. At the turn of

the 20th century, Max Planck proposed a radical idea that electromagnetic

radiation - light - is emitted in quantized amounts [98]. Planck applied his no-

tion to explain the “ultraviolet catastrophe” of blackbody radiation in which

classical theories were in disagreement with experimental findings for the elec-

tromagnetic radiation emitted by a blackbody in the ultraviolet region of the

electromagnetic spectrum. Planck solved the “catastrophe” by assuming that

a quantum of light has an energy E that is proportional to its frequency f in

the equation

E = hf (B.1)

where h is Planck’s constant (h = 6.63 × 10−34Joule seconds) [97, 98]. A few

years later in 1905, Albert Einstein explained the photoelectric effect using

Planck’s equation. The photoelectric effect refers to a metal ejecting electrons

when incident light is above a threshold frequency. Einstein pointed out that

electrons were only ejected if the frequency of the incident light was sufficiently

high such that its energy overcame the minimum energy needed to remove

the electron from an atom [98]. Niels Bohr further applied Planck’s idea of

quantization to the hydrogen atom in 1913 [97]. Bohr proposed that the

energy levels of electrons within the hydrogen atom are quantized. Thus,

when an electron drops from a higher energy state to a lower energy state, it

emits a photon with an energy exactly equal to the energy difference in the
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energy levels. This idea is the root of fluorescence. Another interpretation

of an electron dropping from a higher energy state to a lower energy state is

that the electron creates an electric field changing in time which then creates a

magnetic field changing in time and therefore creates an electromagnetic wave.

This interpretation brings the wave-particle duality of light full circle.

Planck’s equation E = hf bridges a gap between the wave and particle

characteristics of light because it relates energy, a particle characteristic, and

frequency, a wave characteristic. We can also substitute wavelength λ into

Planck’s equation since frequency and wavelength are related by the speed of

light c (assuming light is traveling in vacuum) in the equation fλ = c. Thus,

we find that the energy of light is inversely proportional to the wavelength:

E =
hc

λ
. (B.2)

To summarize, light exhibits both wave and particle properties, both

of which are important to understand multiphoton microscopy imaging. The

construction of ultrafast pulses utilizes the wave properties of light in the

intricate balance of destructive and constructive interference to create a pulse

on the order of femtoseconds. The absorption of light by fluorophores uses

the particle-like concept of light in which a molecule absorbs a quanta of

energy to enter an excited state. This idea is also vital for the operation of

photomultiplier tubes which use the photoelectric effect to convert light energy

into a steam of electrons that are proportional to the intensity of the incoming

light. The fluorescent photon that a molecule emits is also a particle-like
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phenomena, however it can also be viewed from a wave perspective in that

fluorescence is stimulated emission from “virtual photons” of the quantum

fluctuations of the universe. The development and optimization of fluorophores

relies on both of these principles.
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[41] L. Gagnon L, S. Sakadžić, F. Lesage, J.J. Musacchia, J. Lefebvre, Q. Fang

Q, M.A. Ycel, K.C. Evans, E.T. Mandeville, J. Cohen-Adad, J.R. Poli-

meni, M.A. Yaseen, E.H. Lo, D.N. Greve, R.B. Buxton, A.M. Dale,

A. Devor, and D.A. Boas. Quantifying the microvascular origin of bold-

fmri from first principles with two-photon microscopy and an oxygen-

sensitive nanoprobe. J. Neurosci., 25:3663–3675, 2015.

[42] C. Stosiek, O. Garaschuk, K. Holthoff, and A. Konnerth. In vivo two-

photon calcium imaging of neuronal networks. P. Natl. Acad. Sci.

USA, 100:7319–7324, 2003.

[43] L.L. Looger and O. Griesbeck. Genetically encoded neural activity

indicators. Curr. Opin. Neurobiol., 22:18–23, 2012.

[44] B.L. Sabatini, T.G. Oertner, and K. Svoboda. The life cycle of ca 2+

ions in dendritic spines. Neuron, 33:439–452, 2002.

[45] J. Akerboom, T.W. Chen, T.J. Wardill, L. Tian, J.S. Marvin, S. Mutlu,

N.C. Calderón, F. Esposti, B.G. Borghuis, X.R. Sun, and A. Gordus.

150



Optimization of a gcamp calcium indicator for neural activity imaging.

J. Neurosci., 32:13819–40, 2012.

[46] L. Tian, S.A. Hires, T. Mao, D. Huber, M.E. Chiappe, S.H. Chalasani,

L. Petreanu, J. Akerboom, S.A. McKinney, E.R. Schreiter, and C.I.

Bargmann. Imaging neural activity in worms, flies and mice with im-

proved gcamp calcium indicators. Nat. Methods, 6:875–881, 2009.

[47] J. Nakai, M. Ohkura, and K. Imoto. A high signal-to-noise Ca2+

probe composed of a single green fluorescent protein. Nat. Biotech-

nol., 19:137–141, 2001.

[48] T.W. Chen, T.J. Wardill, Y. Sun, S.R. Pulver, S.L. Renninger, A. Bao-

han, E.R. Schreiter, R.A. Kerr, M.B. Orger, V. Jayaraman, and L.L.

Looger. Ultrasensitive fluorescent proteins for imaging neuronal activ-

ity. Nature, 499:25–300, 2013.

[49] M. Inoue, A. Takeuchi, S.I. Horigane, M. Ohkura, K. Gengyo-Ando,

H. Fujii, S. Kamijo, S. Takemoto-Kimura, M. Kano, J. Nakai, K. Kita-

mura, and H. Bito. Rational design of a high-affinity, fast, red calcium

indicator R-CaMP2. Nat. Methods, 12:64–70, 2015.

[50] C. Xu and W.R. Zipfel. Multiphoton excitation of fluorescent probes.

Cold Spring Harbor Protocols, 2015.

[51] J. Mütze, V. Iyer, J.J. Macklin, J. Colonell, B. Karsh, Z. Petráek,
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