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Abstract	  
	  

In	   recent	  years,	  multispectral	  optoacoustic	   tomography	   (MSOT)	  has	  emerged	  

as	   a	   powerful	   preclinical	   imaging	   modality	   and	   offers	   promising	   prospects	   in	  

clinical	   practice,	   particularly	   to	   monitor	   cancer	   development.	   MSOT	   uniquely	  

combines	  high	  optical	  contrast	  provided	  by	  optical	  imaging	  and	  high	  resolution	  at	  

deep	   locations	   delivered	   by	   acoustic	   imaging.	   Thereby,	  MSOT	   permits	   the	   non-‐

invasive	   	   acquisition	   of	   anatomical	   and	   functional	   information	   in	   a	   single	  

experimental	   data	   set.	   Important	   considerations	   to	   further	   the	   capabilities	   of	  

MSOT	   are	   the	   development	   of	   probes	   to	   enhance	   detection	   sensitivity	   of	  

molecular	   targets	   and	   the	   design	   of	   new	   hardware	   to	   improve	   the	   spatial	  

resolution.	  

Efficient	   probes	   are	   those	   capable	   of	   providing	   strong	   optoacoustic	   signals	  

with	  a	  relative	  low	  injected	  dose	  and	  therefore	  reducing	  toxicity	  and	  side	  effects.	  

First,	   optoacoustic	   efficiency	   is	   studied	   using	   common	   probes	   for	   small-‐animal	  

optical	   imaging.	  Moreover,	   we	   developed	   an	   optoacoustic	   spectrometer	   for	   the	  

analysis	  of	  the	  optoacoustic	  spectra	  of	  contrast	  agents	  at	  different	  concentrations	  

in	   solution.	   Since	   measuring	   microenvironment	   gradients	   in	   solid	   tumors	   is	  

important	   for	   pre-‐clinical	   and	   clinical	   research	   as	   well	   as	   development	   of	  

theranostic	   methods,	   we	   next	   sought	   to	   study	   probes	   identified	   as	   efficient	   in	  

tumor-‐bearing	   animals	   with	   optoacoustics.	   A	   novel	   mesoscopic	   MSOT	   system	  

with	   enhanced	   resolution	   was	   then	   developed	   to	   examine	   microenvironment	  

gradients.	  This	  mesoscopic	  system	  provides	  cross-‐sectional	  optoacoustic	   images	  

with	   in-‐plane	   resolution	   of	   50	   µm	   and	   vertical	   resolution	   of	   300	   μm	   at	   tissue	  

depths	  of	  about	  15	  mm.	  The	  system	  delivers	  superior	  three-‐dimensional	   images	  

of	   nanoparticle	   distribution,	   heterogeneous	   vascular	   profiles	   and	   functional	  

gradients	  within	  and	  around	  solid	  tumors	  in	  animal	  models.	  
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(MB)	  Mirror	  block	  

(MPE)	  Maximum	  permissible	  exposure	  

(MSOT)	  Multispectral	  optoacoustic	  tomography	  

(NO)	  Nitric	  oxide	  

(N2)	  Nitrogen	  gas	  

(OAT)	  Optoacoustic	  tomography	  

(OD)	  Optical	  density	  

(OPO)	  Optical	  parametric	  oscillator	  

(O3)	  Ozone	  

(RM-‐MSOT)	  Rotational	  Mesoscopic	  MSOT	  

(ROI)	  Region	  of	  interest	  

(SHG)	  Second	  harmonic	  generator	  
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(SIR)	  Signal	  impulse	  response	  

(SNR)	  Signal	  to	  noise	  ratio	  

(TSI)	  Thin	  slice	  imaging	  

(2-‐D)	  2-‐Dimensions	  

(3-‐D)	  3-‐Dimensions	  
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1 Objectives	  

Optoacoustic	   imaging	   has	   emerged	   as	   a	   powerful	   technique	  with	   the	   unique	  

capacity	   to	   non-‐invasively	   acquire	   anatomical,	   functional	   and	   molecular	  

information	   of	   biological	   samples	   using	   a	   single	   experimental	   setup.	   Being	   a	  

hybrid	   technology,	   optoacoustic	   imaging	   combines	   key	   advantages	   provided	   by	  

optical	   excitation	   in	   terms	   of	   rich	   contrast	   and	   ultrasound	   detection	   regarding	  

resolution	   and	   penetration	   depth.	   In	   this	   way,	   by	   exciting	   biological	   tissues	   at	  

several	   optical	   wavelengths,	   multispectral	   optoacoustic	   tomography	   (MSOT)	  

enables	   visualization	   of	   deep-‐seated	   endogenous	   and	   exogenous	   optical	  

absorbers	  with	  a	  much	  higher	  resolution	  than	  diffuse	  optical	  imaging	  techniques.	  

Thereby,	  MSOT	  is	  becoming	  one	  of	  the	  most	  promising	  imaging	  technologies	  for	  

preclinical	  studies,	  with	  unprecedented	  capabilities	  in	  biological	  studies	  of	  cancer	  

diagnosis	  and	  treatment	  monitoring.	  Recently	  clinical	  optoacoustic	  systems	  have	  

also	  been	  developed,	  exploiting	   the	  exclusive	  advantages	  of	  MSOT	   in	   the	  clinics,	  

and	  promising	  prospects	  of	  optoacoustic	   imaging	   in	  the	  translation	  of	  biological	  

studies	  are	  then	  expected.	  

Important	  next	   steps	   to	  advance	  on	   the	  capabilities	  of	  MSOT,	  particularly	   for	  

molecular	   imaging	   applications,	   include	   the	   amplification	   of	   the	   detection	  

sensitivity	   of	   molecular	   targets	   and	   improvement	   of	   the	   achievable	   spatial	  

resolution.	   Thereby,	   the	   objective	   of	   this	   thesis	  was	   two-‐fold.	   On	   one	   hand,	  we	  

embarked	   on	   studying	   the	   efficiency	   of	   optical	   probes	   in	   the	   generation	   of	  
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optoacoustic	  signals.	  On	  the	  other	  hand,	  we	  aimed	  to	  develop	  and	  characterize	  a	  

high-‐resolution	  MSOT	  system	  for	  preclinical	  studies.	  

One	   of	   the	   important	   aspects	   in	   the	   practical	   applicability	   of	   MSOT	   is	   the	  

selection	  of	  an	  efficient	  probe	  that	  can	  originate	  a	  strong	  optoacoustic	  signal	  with	  

a	   low	  dose	  concentration,	   thus	  minimizing	   toxicity	  and	  other	  adverse	  effects.	   In	  

order	  to	  get	  an	  estimation	  of	  the	  efficiency	  of	  probes,	  defined	  as	  the	  optoacoustic	  

signal	   generated	  per	   concentration	  unit,	  we	   studied	  different	  exogenous	  probes	  

inserted	   into	   tissue-‐mimicking	   phantoms	   by	   imaging	   in	   a	   small-‐animal	  

optoacoustic	  system.	  Furthermore,	  we	  designed	  an	  optoacoustic	  spectrometer	  in	  

order	   to	   measure	   the	   intensity	   of	   the	   optoacoustic	   signals	   originated	   by	  

endogenous	   and	   exogenous	   contrast	   agents	   at	   different	   concentrations	   and	  

illumination	  wavelengths.	  

The	   spatial	   resolution	  of	   the	   imaging	   system	   is	   also	  an	   important	   element	  of	  

MSOT.	  Particularly,	  examination	  of	  microenvironment	  gradients	  in	  solid	  tumors	  is	  

a	   key	   factor	   for	   preclinical	   and	   clinical	   research,	   as	   well	   as	   development	   of	  

theranostic	   methods.	   However,	   imaging	   with	   enhanced	   resolution	   is	   needed.	  

Thereby,	   we	   aimed	   to	   develop	   and	   calibrate	   a	   novel	   mesoscopic	   optoacoustic	  

imaging	   system	   capable	   of	   generating	   high-‐resolution	   optoacoustic	   images	   of	  

tumor	  models.	  In	  this	  way,	  we	  intended	  to	  achieve	  superior	  capacities	  for	  three-‐

dimensional	   imaging	   of	   external	   contrast	   agents	   distribution,	   heterogeneous	  

vascular	   profiles,	   and	   functional	   gradients	   within	   and	   around	   solid	   tumors	   in	  

preclinical	   cancer	   models.	   We	   expect	   that	   the	   results	   obtained	   with	   the	  

mesoscopic	   optoacoustic	   imaging	   system	  have	   a	   high	   potential	   to	   contribute	   to	  

new	   insights	   in	   the	   challenging	   field	   of	   molecular	   imaging	   in	   oncology,	   in	  

particular	   by	   providing	   detailed	   information	   regarding	   neovascular	   and	  

microenvironment	  gradients.	  

This	  dissertation	  is	  organized	  as	  follows.	  The	  main	  objectives	  are	  summarized	  

in	   chapter	   1.	   In	   chapter	   2,	   the	   optoacoustic	   theory	   and	   imaging	   principles	   are	  

introduced.	   In	   chapter	   3,	   a	   study	   on	   the	   experimental	   measurement	   of	   the	  
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optoacoustic	   efficiency	   of	   different	   probes	   is	   presented.	   The	   description	   and	  

characterization	   of	   the	   novel	   rotational	   mesoscopic	   optoacoustic	   system	   is	  

showcased	   in	   chapter	  4	   along	  with	   the	   tumor	  experiments	  performed	  with	   this	  

system.	  Finally,	  the	  conclusions	  of	  the	  work	  and	  outlook	  are	  given	  in	  chapter	  5.	  
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2 Optoacoustic	  imaging	  background	  

2.1 The	  photoacoustic	  effect	  

The	   principle	   of	   optoacoustic	   imaging	   is	   based	   in	   the	   physical	   generation	   of	  

acoustic	   waves	   due	   to	   light	   absorption	   and	   localized	   thermal	   expansion	   in	   a	  

sample.	  The	  photoacoustic	  effect	  was	  first	  reported	  by	  Alexander	  Graham	  Bell	  in	  

1880	   with	   the	   invention	   of	   the	   “photophone”,	   in	   which	   a	   sunlight	   beam	   was	  

reflected	   by	   a	   vocally	   modulated	   mirror	   and	   recovered	   with	   an	   ordinary	  

telephone	  receiver	  attached	  to	  a	  selenium	  solar	  cell	  [1].	  The	  speaker	  directed	  his	  

voice	   to	   a	   plane	   mirror	   of	   flexible	   material	   and	   the	   surface	   became	   convex	   or	  

concave,	   modulating	   the	   light	   with	   scattering	   or	   condensation.	   The	   receiver	  

system	  used	   a	   selenium	   cell	   at	   the	   focus	   of	   a	   parabolic	  mirror	   to	  modulate	   the	  

current	  into	  the	  circuit	  and	  convert	  it	  into	  sound	  in	  the	  earphone	  (Figure	  2.1).	  On	  

June	  21,	  1880,	  with	  the	  help	  of	  his	  assistant	  Charles	  Sumner	  Tainter,	  Bell	  was	  able	  

to	  transmit	  a	  wireless	  voice	  message	  from	  the	  roof	  of	  the	  Franklin	  School	  to	  the	  

window	  of	  Bell’s	  laboratory	  (213	  meters	  away).	  The	  results	  were	  published	  in	  the	  

American	  Association	  for	  the	  Advancement	  of	  Science	  the	  same	  year.	  
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Figure	   2.1:	   Invention	   of	   the	   photophone.	   Alexander	   Graham	   Bell	  

developed	   the	   system	   for	   a	   wireless	   communication	   in	   1880.	   The	  

transmitter	  is	  shown	  in	  the	  top	  image,	  presenting	  the	  path	  of	  the	  reflected	  

light	   before	   and	   after	   being	  modulated	   by	   the	  mirror.	   The	   lower	   image	  

displays	   the	   receiver	   and	   the	   conversion	   of	   the	   modulated	   light	   into	  

audible	   sound	   (collected	   at	  Washington	   Post	   Library	   on	  March	   4,	   1947.	  

Reproduction	  from	  the	  original).	  

Graham	  Bell	  observed,	  while	  experimenting	  with	  the	  photophone,	  that	  a	   light	  

beam	  interrupted	  rapidly	  (on	  the	  order	  of	  kHz)	  by	  rotating	  a	  slotted	  disk	  and	  then	  

focused	  in	  a	  solid	  sample,	  was	  able	  to	  produce	  sound	  waves	  [2].	  He	  noticed	  that	  

the	  acoustic	  waves	  were	  dependent	  on	  the	  absorbing	  material	  sample	  and	  also	  on	  

the	   intensity	   of	   the	   absorbed	   light	   beam.	   Bell	   additionally	   worked	   with	   non-‐

visible	   light	   (infra-‐red	   and	   ultra-‐violet)	   and	   also	   detected	   sound	   in	   different	  

samples.	  

As	  a	  result	  of	  Bell’s	  discovery,	  he	  invented	  a	  device	  called	  the	  “spectrophone”	  

in	  1881	  to	  use	  the	  optoacoustic	  effect	  in	  spectroscopy	  and	  spectral	  identification	  

of	  materials	  (Figure	  2.2).	  This	  device	  was	  a	  simple	  spectroscope	  equipped	  with	  a	  

hearing	  tube	  instead	  of	  an	  eyepiece,	  where	  a	  chopped	  source	  of	  light	  was	  applied	  
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[3].	  Bell	  noted	  that	  the	  ear	  was	  not	  as	  good	  as	  the	  eye	  while	  examining	  the	  light	  

spectrum	   and	   this	   technique	   was	   early	   abandoned	   until	   the	   development	   of	  

intense	   light	  sources	  and	  sensitive	  detectors.	  He	  demonstrated	   the	  optoacoustic	  

effect	  in	  the	  solid	  phase	  of	  matter	  and	  some	  years	  later,	  John	  Tyndall	  and	  Wilhelm	  

Roentgen	  performed	  subsequent	  experiments	  with	  liquids	  and	  gases	  [4].	  

Figure	  2.2:	   Spectrophone.	  The	   setup	   consists	   of	   a	   common	   spectroscope	  

with	   a	   hearing	   tube	   instead	   of	   an	   eyepiece.	   Samples	   could	   be	   analyzed	  

using	   the	   photoacoustic	   effect	   (image	   taken	   from	   Popular	   Science	  

Monthly	  Volume	  19).	  	  	  

Tyndall	  was	  the	   first	  person	  to	  report	   that	   the	   intensity	  of	   the	  sound	  created	  

was	   proportional	   to	   the	   amount	   absorbed	   heat	   or	   applied	   light	   in	   the	   samples.	  

Some	  years	  later,	  in	  1938,	  the	  photoacoustic	  effect	  was	  applied	  in	  gas	  analysis	  [5].	  

Mark	   Leonidovich	   Veingerov	   measured	   CO2	   concentrations	   in	   N2	   gas	   down	   to	  

0.2%	  by	  volume	  with	  the	  photoacoustic	  effect.	  However,	  his	  measurements	  were	  

affected	   by	   the	   low	   sensitivity	   of	   his	   microphone	   and	   the	   photoacoustic	   signal	  

excited	  in	  the	  glass	  chamber.	  

The	   development	   of	   lasers	   in	   the	   1960s	   [6]	   brought	   the	   advantages	   of	   high	  

intensity	   light	  and	   tunable	   frequencies,	   increasing	   the	  amplitude	  and	  sensitivity	  

of	  the	  optoacoustic	  signals	  and	  a	  wider	  use	  of	  this	  technology.	  As	  an	  example,	  the	  
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optoacoustic	   effect	   was	   used	   to	   measure	   the	   O3	   depletion	   cause	   by	   nitric	   NO	  

emission	  with	  a	  detector	  transported	  by	  a	  balloon	  in	  the	  early	  1970s	  [7].	  

2.2 Ultrasonic	  transducers	  

Sound	   waves	   with	   frequencies	   higher	   than	   the	   human	   hearing	   range	  

(approximately	  20	  KHz)	  are	  referred	  to	  as	  ultrasound.	  An	  ultrasonic	  transducer	  is	  

a	   device	   that	   converts	   mechanical	   energy	   in	   the	   form	   of	   sound	   to	   electrical	  

energy.	   The	   most	   widely	   used	   type	   of	   ultrasonic	   transducer	   is	   based	   on	  

piezoelectric	   elements	   [8].	   In	   this	   work,	   the	   optoacoustic	   signals	   are	   collected	  

with	  this	  type	  of	  transducers.	  Thereby,	  a	  brief	  description	  of	  the	  components	  and	  

ultrasound	   field	   parameters	   of	   piezoelectric	   transducers	   is	   provided	   in	   this	  

section.	  

2.2.1 Components	  

The	  principal	  components	  of	  a	  piezoelectric	  transducer	  are	  the	  active	  element,	  

backing	   and	   wear	   plate	   (Figure	   2.3).	   The	   core	   of	   the	   transducer	   is	   the	   active	  

element,	  which	  is	  made	  of	  a	  piezoelectric	  material.	  The	  active	  element	  transforms	  

electrical	  energy	  into	  acoustic	  energy	  and	  vice	  versa	  with	  a	  polarized	  element	  and	  

electrodes	  attached	  to	  the	  two	  opposite	  faces.	  The	  most	  commonly	  used	  materials	  

are	  polarized	  ceramics	  that	  can	  be	  cut	  in	  different	  ways	  in	  order	  to	  create	  special	  

wave	  modes.	   The	  backing	   is	   a	   dense	  material	   that	   controls	   the	   vibration	   of	   the	  

transducer,	  absorbing	  the	  energy	  coming	  from	  the	  back	  face	  of	  the	  active	  element.	  

The	   wear	   plate	   protects	   the	   transducer	   element	   from	   the	   environment.	   In	   the	  

case	  of	  immersion	  transducers	  (detectors	  used	  in	  this	  work),	  the	  wear	  plate	  also	  

acts	  as	  a	  matching	  layer	  reducing	  the	  acoustic	  impedance	  mismatch	  between	  the	  

active	   element	   and	  water.	  With	   the	  matching	   layer	  being	   a	  ¼	  wavelength	   thick	  
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(λ/4)	  and	  an	  active	  element	  that	  is	  nominally	  λ/2,	  the	  waves	  created	  in	  the	  active	  

element	   are	   in	   phase	   with	   the	   one	   reverberating	   in	   the	   matching	   layer.	   When	  

signals	  are	   in	  phase	   in	   the	   transducer,	   their	  amplitudes	  are	  additive,	   avoiding	  a	  

disruption	  in	  the	  wavefront.	  

	  

Figure	  2.3:	  Main	  components	  of	  a	  piezoelectric	  transducer.	  

2.2.2 Sound	  field	  parameters	  

	  The	  sound	  field	  of	  a	  transducer	   is	  divided	  in	  two	  regions,	  known	  as	  the	  near	  

field	   and	   the	   far	   field	   [9].	   The	   near	   field	   is	   the	   area	   in	   front	   of	   the	   transducer	  

where	  the	  echo	  amplitude	  has	  several	  maxima	  and	  minima.	  The	  near	  field	  ends	  in	  

the	   last	   maximum	   at	   a	   distance	  N	   from	   the	   transducer.	   This	   distance	  N	   is	   the	  

natural	  focus	  of	  the	  transducer,	  and	  beyond	  it,	  the	  sound	  energy	  gradually	  drops	  

to	  zero	  in	  what	  is	  named	  the	  far	  field.	  The	  near	  field	  length	  is	  a	  function	  of	  several	  

parameters	   of	   the	   transducer,	   including	   the	   element	   diameter	   D,	   the	   central	  
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frequency	  𝑓,	   and	   c	   the	   speed	   of	   sound	   in	   the	   measuring	   medium.	   It	   can	   be	  

estimated	  as	  

	  

𝑁 = 𝐷!𝑓 4𝑐.  

	  (2.1)	  	  

On	  the	  other	  hand,	  diffraction	  effects	  limit	  the	  width	  and	  the	  length	  of	  the	  focal	  

zone	  and	  certain	  spatial	  dimensions	  can	  then	  be	  defined.	  

	  

Figure	   2.4:	   Focal	   zone	   of	   a	   transducer.	   The	   beam	   width	   (BW)	   is	  

represented	  in	  the	  left	  and	  the	  beam	  length	  in	  the	  right	  (BL).	  

The	   -‐6	  dB	  pulse-‐echo	  beam	  width	  (𝐵𝑊)	  for	   cylindrically-‐focused	   transducers	  

(Figure	  2.4)	  can	  be	  first	  approximated	  with	  

	  

𝐵𝑊 =
1.02𝐹𝑐
𝑓𝐷 ,	  

(2.2)	  

where	  𝐹	  is	  the	  focal	  length	  of	  the	  transducer.	  The	  drop	  of	  -‐6	  dB	  of	  the	  amplitude	  

limits	  the	  beam	  length	  (𝐵𝐿)	  in	  Figure	  2.4	  and	  is	  given	  by	  
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𝐵𝐿 =
2𝑁𝑆!!

1+ 0.5𝑆!
,	  

(2.3)	  

where	  𝑆! 	  is	  the	  normalized	  focal	  length	  defined	  as	  

	  

𝑆! = 𝐹 𝑁.	  

(2.4)	  

Although	  near	  field	  interference	  and	  the	  exact	  shape	  of	  the	  transducer	  are	  not	  

considered	  in	  Eqs.	  (2.1)	  to	  (2.4)	  some	  important	  parameters	  can	  be	  approximated	  

while	  imaging,	  like	  the	  vertical	  and	  in-‐plane	  resolution.	  

2.3 Acoustic	  wave	  excitation	  and	  transmission	  

We	  review	  herein	  the	  mechanisms	  governing	  generation	  of	  ultrasound	  waves	  

and	  subsequent	  transmission	  through	  an	  acoustic	  medium.	  In	  this	  way,	  a	  forward	  

optoacoustic	  model	  is	  established	  that	  is	  then	  applied	  for	  deriving	  reconstruction	  

strategies	  to	  form	  an	  image	  in	  OAT	  [10].	  	  

	  

2.3.1 Stress	  and	  thermal	  confinement	  

Two	  parameters	  are	   important	   for	  optoacoustic	   excitation	  when	   laser	  pulses	  

illuminate	  biological	  tissue.	  First,	   the	  stress	  relaxation	  time,	  which	  describes	  the	  

pressure	  propagation,	  is	  defined	  as	  
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𝜏! =
𝑑!
𝑐 ,  

(2.5)	  

where	  𝑑! 	  is	  the	  characteristic	  dimension	  of	  the	  heated	  region	  and	  c	  is	  the	  speed	  of	  

sound.	   When	   the	   laser	   pulse	   duration	   𝜏!"#$% 	  is	   much	   shorter	   than	   𝜏! ,	   the	  

excitation	   pulse	   is	   referred	   as	   been	   in	   stress	   confinement,	   which	   allows	   the	  

assumption	  of	  neglecting	  the	  stress	  propagation	  in	  tissue.	  The	  stress	  confinement	  

condition	  is	  then	  expressed	  as	  

	  

	  

𝜏!"#$% ≪ 𝜏!.	  

(2.6)	  

The	  thermal	  relaxation	  time	  is	  defined	  as	  

	  

𝜏!! =
𝑑!!

𝛼!!
,	  

(2.7)	  	  

with	  α!"	  expressing	  the	  thermal	  diffusivity	  (m! s).	  When	  the	  laser	  pulse	  width	  is	  

much	   shorter	   than	   the	   thermal	   relaxation	   time,	   it	   is	   said	   that	   it	   is	   working	   in	  

thermal	  confinement	  and	  the	  heat	  propagation	  during	  the	  pulse	  can	  be	  neglected.	  

The	  thermal	  confinement	  condition	  is	  then	  expressed	  as	  

	  

𝜏!"#$% ≪ 𝜏!! .	  

(2.8)	  
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For	  laser	  pulse	  durations	  shorter	  than	  100	  ns,	  both	  confinement	  conditions	  are	  

satisfied	   and	   the	   photoacoustic	   equation	   is	   further	   simplified.	   The	   laser	   pulse	  

widths	  used	  in	  the	  experimental	  setups	  described	  in	  this	  dissertation	  were	  below	  

this	  value.	  

2.3.2 Heating	  function	  

The	  heating	   function	  𝐻(𝑟, 𝑡)	  refers	   to	   the	   thermal	  energy	  conversion	  per	  unit	  

volume	  and	  unit	   time	  during	  a	   time	  shorter	   than	   the	   thermal	  confinement	   limit	  

described	  above	  [11].	  It	  is	  defined	  as	  

	  

𝐻 𝑟, 𝑡 = 𝜌𝐶!
𝜕𝑇(𝑟, 𝑡)
𝜕𝑡 ,	  

(2.9)	  

where	  𝜌	  is	   the	  mass	   density,	  𝐶! 	  the	  medium’s	   specific	   heat	   capacity	   at	   constant	  

volume,	  and	  (!"
!"
)	   the	  change	  of	   temperature	  over	  time.	  This	   formula	  relates	   the	  

energy	  change	  according	  to	  the	  temperature	  variation.	  

	  

2.3.3 Initial	  photoacoustic	  pressure	  

Taking	   into	   account	   that	   the	   heating	   and	   subsequent	   expansion	   due	   to	  

pressure	   increment	   produces	   the	   photoacoustic	   waves,	   the	   derivation	   of	   the	  

initial	  photoacoustic	  pressure	  starts	  with	  the	  Hooke’s	  Law	  for	  thermal	  expansion	  

[12]	  
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𝛻𝜉 𝑟, 𝑡 = −𝜅𝑝 𝑟, 𝑡 + 𝛽𝑇 𝑟, 𝑡 .	  

(2.10)	  

Here	  𝛻𝜉 𝑟, 𝑡   describes	   the	   fractional	   volume	  expansion	  (!"
!
)	  in	   the	   form	  of	   a	  

medium	   displacement;	   𝑝 𝑟, 𝑡 	  represent	   the	   acoustic	   pressure	   and	   𝑇 𝑟, 𝑡 	  

symbolizes	   the	   temperature	   rise	   at	   time	   t	   and	   location	   r.	   The	   isothermal	  

compressibility	  𝜅	  is	  defined	  as	  

	  

𝜅 = −
1
𝑉

𝜕𝑉
𝜕𝑝 !

=
𝐶!

𝜌𝑐!𝐶!
.	  

(2.11)	  

The	   parameter	  𝜌 	  is	   the	   mass	   density,	  𝐶! 	  is	   the	   specific	   heat	   capacity	   for	  

constant	   pressure	   and	  𝐶! 	  the	   equivalent	   specific	   heat	   capacity	   for	   constant	  

volume.	  𝛽 	  in	   Eq.	   (2.10)	   is	   the	   thermal	   volume	   expansion	   coefficient	   and	   is	  

expressed	  as	  

	  

𝛽 =
1
𝑉

𝜕𝑉
𝜕𝑇 .	  

(2.12)	  

2.3.4 General	  photoacoustic	  equation	  

The	   motion	   equation	   (linear	   inviscid	   force	   equation)	   associates	   the	   force	  

applied	  as	  a	  pressure	  change	  to	  the	  acceleration,	  given	  as	  a	  second	  derivative,	  i.e.,	  

[12]	  
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𝜌
𝜕!

𝜕𝑡 𝜉 𝑟, 𝑡 = −𝛻𝑝 𝑟, 𝑡 ,	  

(2.13)	  

	  

where	  𝜉 	  represents	   the	   medium	   displacement.	   Taking	   the	   divergence	   of	   Eq.	  

(2.13),	  it	  results	  in	  

	  

𝜌
𝜕!

𝜕𝑡! 𝛻𝜉 𝑟, 𝑡 = −𝛻!𝑝 𝑟, 𝑡 .	  

(2.14)	  

Eq.	   (2.14)	   can	   be	   replaced	   in	   Eq.	   (2.10)	   to	   obtain	   the	   general	   photoacoustic	  

equation	  [13]	  

	  

𝛻! −
1
𝑐!

𝜕!

𝜕𝑡! 𝑝 𝑟, 𝑡 = −
𝛽
𝜅𝑐!

𝜕!𝑇 𝑟, 𝑡
𝜕𝑡! .	  

(2.15)	  

Substituting	   Eq.	   (2.9)	   in	   Eq.	   (2.15),	   the	   photoacoustic	   equation	   can	  

alternatively	  be	  expressed	  as	  

	  

𝛻! −
1
𝑐!

𝜕!

𝜕𝑡! 𝑝 𝑟, 𝑡 = −
𝛤
𝑐!
𝜕𝐻 𝑟, 𝑡
𝜕𝑡 ,	  

(2.16)	  

where	  the	  Grueneisen	  parameter	  𝛤	  is	  defined	  as	  
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𝛤 =
𝛽

𝜅𝜌𝐶!
=
𝛽𝑐!

𝐶!
.	  

	  (2.17)	  

When	  the	  confinement	  conditions	  are	  satisfied,	  the	  energy	  absorption	  function	  

can	  be	  expressed	  as	  [14]	  

	  

𝐻 𝑟, 𝑡 = 𝐻! 𝑟 𝛿 𝑡 ,	  

(2.18)	  

where	  𝛿(𝑡)	  is	   the	   Dirac	   delta	   function.	   Eq.	   (2.16)	   can	   be	   simplified	   with	   the	  

previous	  calculation	  as	  

	  

𝛻! −
1
𝑐!

𝜕!

𝜕𝑡! 𝑝 𝑟, 𝑡 = −
𝛤
𝑐!𝐻! 𝑟

𝛿 𝑡
𝜕𝑡 .	  

(2.19)	  

Eq.	   (2.19)	   defines	   the	   conversion	   of	   heat	   into	   ultrasonic	   pressure	   waves.	  

Tomographic	   acquisition	   of	   these	   signals	   around	   the	   sample	   with	   ultrasonic	  

detectors	   is	   the	   basis	   of	   optoacoustic	   tomographic	   imaging	   as	   described	   in	   the	  

next	  section.	  
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2.4 Optoacoustic	  tomography	  

The	  photoacoustic	  effect	  is	  also	  the	  basic	  principle	  of	  biomedical	  optoacoustic	  

(photoacoustic)	   imaging	  and	   tomography.	   Specifically,	   the	  excitation	  of	   acoustic	  

waves	   within	   biological	   tissues	   consists	   of	   several	   steps.	   Initially,	   short	   light	  

pulses	   are	   typically	   used	   to	   illuminate	   the	   sample	   and	   the	   light	   energy	   is	  

absorbed.	   Then,	   the	   irradiated	   molecules	   become	   thermally	   excited,	   which	  

subsequently	  leads	  to	  a	  volumetric	  expansion	  of	  the	  material	  and	  the	  creation	  of	  

an	   acoustic	   pressure	   wave	   that	   propagates	   through	   the	   sample.	   Acoustic	  

detectors	   are	   eventually	   employed	   to	   acquire	   the	   acoustic	   pressure	   at	   several	  

positions	  around	  the	  illuminated	  sample	  (Figure	  2.5).	  	  

Figure	  2.5:	  The	  photoacoustic	  effect.	  

Optoacoustic	   tomography	   (OAT)	   is	   able	   to	   recover	   the	   spatial	   distribution	  of	  

optical	   absorption	   in	   biological	   samples	   by	   collecting	   optoacoustic	   signals	   at	  

several	   locations	   around	   it	   and	   subsequent	   processing	   with	   a	   reconstruction	  

algorithm	   [15–17].	   Although	   the	   photoacoustic	   phenomenon	   was	   discovered	  

more	  than	  one	  century	  ago,	   it	  was	  not	  used	  in	  medicine	  until	  nanosecond-‐range	  

Incident pulsed light 
Acoustic detector 

Pressure waves 

Light absorbers 
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pulsed	   lasers	  and	  sensitive	   transducers	  were	  commercially	  available.	  After	   local	  

illumination	  with	  short	  laser	  pulses,	  individual	  transducers	  or	  ultrasonic	  detector	  

arrays	   around	   the	   sample	   recover	   the	   generated	   acoustic	   waves.	   While	   the	  

photoacoustic	  effect	  can	  be	  produced	  with	  any	  electromagnetic	  radiation	  able	  to	  

create	   an	   increase	   of	   temperature,	   such	   as	   microwaves	   [18],	   light	   has	   the	  

important	   advantage	   of	   rich	   contrast	   provided	  by	   the	   interaction	   of	   visible	   and	  

near-‐infrared	  photons	  with	  molecules	  making	  up	  biological	   tissues	  [19,20].	  OAT	  

provides	   a	   spatial	   resolution	   in	   the	   order	   of	   a	   few	  hundred	  microns	   or	   less	   for	  

imaging	  depths	  of	  several	  millimeters	  to	  centimeters,	  which	  is	  at	  least	  an	  order	  of	  

magnitude	   higher	   as	   compared	   with	   other	   optical	   small-‐animal	   whole-‐body	  

methods.	  

While	   anatomical	   images	   can	   be	   produced	   with	   OAT	   at	   single	   wavelengths,	  

multiwavelength	   illumination	   in	  multispectral	  optoacoustic	   tomography	  (MSOT)	  

offers	   the	   opportunity	   to	   distinguish	   different	   absorption	   profiles	   of	   contrast	  

agents	   over	   background	   absorption	   after	   applying	   unmixing	   tools	   [21,22].	  

Common	  tissue	  cromophores	  are	  water,	  hemoglobin,	  melanin,	   lipids,	  etc	  (Figure	  

2.6).	  
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Figure	   2.6:	   Spectra	   of	   principal	   cromophores	   in	   biological	   tissue.	   Each	  

intrinsic	  absorber	  has	  a	  different	  molar	  extinction	  coefficient	  profile,	  and	  

based	  of	  this,	  can	  be	  differentiated	  with	  MSOT	  	  (data	  taken	  from	  [23,24]).	  	  

	  Furthermore,	   a	   large	   range	  of	   photo-‐absorbing	   contrast	   agents	   are	   available	  

with	   absorption	   profiles	   different	   to	   the	   endogenous	   background	   tissue	  

absorbers.	   Thereby,	   as	   OAT	   provides	   good	   contrast	   and	   high	   resolution	  with	   a	  

penetration	  depth	  equivalent	  to	  diffuse	  imaging	  optical	  techniques,	  it	  can	  be	  used	  

to	  noninvasively	  image	  small	  animals	  or	  regions	  of	  the	  human	  body.	  

More	  specifically,	  MSOT	  offers	  the	  following	  advantages	  [25,26]:	  

§ Breaks	   through	   the	   optical	   diffusion	   limit	   due	   to	   the	   low	   scattering	   of	  

ultrasonic	  waves	  in	  tissues.	  

§ Enables	  high-‐resolution	  imaging	  at	  different	  scales	  of	  biological	  structures.	  

§ Reports	   superior	   contrast	   in	   relation	   to	   the	   chemical	   composition,	   using	  

different	  optical	  wavelengths.	  

§ Provides	   optical	   absorption	   with	   100%	   sensitivity,	   higher	   than	   confocal	  

microscopy	  and	  optical	  coherence	  tomography	  techniques.	  
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§ Delivers	   background-‐free	   detection,	   considering	   that	   the	   optoacoustic	  

amplitude	  is	  proportional	  to	  the	  optical	  absorption,	  and	  tissue	  components	  

without	  absorption	  present	  no	  background	  in	  the	  images.	  

§ Involves	   no	   leakage	   of	   excitation	   photons	   into	   detectors,	   contrary	   to	  

fluorescence	  imaging.	  

§ Is	   speckle-‐free,	   contrary	   to	   optical	   coherence	   tomography	   and	  

ultrasonography.	  

§ Can	   potentially	   image	   all	   molecules	   considering	   that	   they	   are	   optically	  

absorbing	  at	  some	  wavelengths.	  

	  

Despite	   the	   large	   number	   of	   benefits,	   some	   factors	   have	   to	   be	   taken	   into	  

account.	  First,	  the	  illumination	  source	  has	  to	  be	  sufficiently	  powerful	  to	  create	  a	  

relatively	  high	  transient	  increase	  in	  the	  tissue	  temperature.	  	  In	  biological	  tissues,	  

the	   excitation	   light	   pulse	   undergoes	   scattering	   and	   absorption	   as	   it	   reaches	  

deeper	   locations	   and	   hence	   decreases	   in	   amplitude.	   The	   generated	   ultrasound	  

waves	   also	   undergo	   different	   acoustic	   phenomena	   as	   they	   propagate	   through	  

tissues.	  For	  example,	  regions	  with	  changes	  in	  the	  speed	  of	  sound	  or	  mass	  density	  

lead	   to	   distortions	   in	   the	   acoustic	   wavefront.	   Acoustic	   attenuation	   also	   plays	   a	  

role	   and	   limits	   the	   achievable	   imaging	   depth	   and	   resolution.	   Finally,	   effects	  

specific	   to	   each	   ultrasound	   transducer	   can	   further	   lead	   to	   distortion	   in	   the	  

collected	   signals.	   Therefore,	   as	   image	   formation	   in	   OAT	   depends	   on	   a	  

reconstruction	  algorithm,	   the	  accuracy	  of	   the	   inversion	  model	   to	  account	   for	  all	  

the	   aforementioned	   factors	   conditions	   the	   quantitativeness,	   resolution	   and	  

overall	   image	   quality	   retrieved.	   Different	   reconstruction	   methods	   can	   be	   used,	  

which	  are	  presented	  in	  the	  following	  section.	  
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2.5 Image	  reconstruction	  methods	  

We	  review	  in	  this	  part	  two	  image	  reconstruction	  procedures	  applicable	  in	  the	  

optoacoustic	  tomography	  systems	  employed	  in	  this	  work.	  The	  first	  one	  is	  a	  back-‐

projection	  reconstruction	  algorithm	  commonly	  used	  in	  OAT	  and	  the	  second	  one	  is	  

a	   model-‐based	   inversion	   procedure	   developed	   at	   our	   institute.	   Different	  

variations	  of	  the	  model-‐based	  approach	  are	  described.	  

2.5.1 Back-‐projection	  reconstruction	  

This	   method	   is	   probably	   the	   most	   straightforward	   approach	   for	   image	  

reconstruction	   in	  OAT.	  For	  each	  pixel,	   the	  optical	  absorption	   is	  estimated	  as	  the	  

summation	  of	  the	  time	  dependent	  acoustic	  waves	  measured	  at	  different	  positions	  

(projections)	   [27,28].	   This	   procedure	   can	   be	   used	   for	   reconstructions	   in	   2-‐

dimensional	  (2-‐D)	  and	  3-‐dimensional	  (3-‐D)	  optoacoustic	  systems	  [29].	  
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Figure	   2.7:	   Back-‐projection	   principle.	   The	   transducer(s)	   acquire	   time-‐

dependent	   optoacoustic	   signals	   around	   the	   object	   at	   different	   positions	  

(projections).	   The	   signals	   are	   “back-‐projected”	   in	   spherical	   surfaces	  

shown	  in	  green	  with	  radii	  r=ct	  in	  order	  to	  create	  an	  image.	  	  	  

Poisson’s	  solution	  of	  Eq.	  (2.19)	  for	  a	  uniform	  non-‐attenuating	  acoustic	  medium	  

can	  be	  expressed	  as	  [13]	  

	  

𝑝 𝑟, 𝑡 =
𝛤
4𝜋𝑐

𝜕
𝜕𝑡

𝐻(𝑟′)
𝑟 − 𝑟′ 𝑑

  

!´(!)

𝑆´ 𝑡 ,	  

(2.20)	  

where	  𝑆´(𝑡)	  is	   a	   time-‐dependent	   spherical	   surface	   for	   which	   𝑟 − 𝑟′ = 𝑐𝑡 .	   Eq.	  

(2.20)	   establishes	   that	   the	   acoustic	   pressure	   signal	  𝑝 𝑟, 𝑡 	  at	   a	   certain	  point	   r	   is	  

Incident pulsed 
light 

Back-projected 
ultrasonic 

waves 

Tissue 

Transducer 
projection 1 

Transducer 
projection 3 

Transducer 
projection 2 

Strong absorber 



	  

	   23	  

proportional	  to	  the	  integral	  of	  the	  optical	  absorption	  𝐻(𝑟′)	  at	  locations	  r’	  along	  a	  

spherical	   surface	   centered	   at	   r	   and	   with	   radius	  𝑐𝑡.	   Thereby,	   a	   reconstruction	  

strategy	  consists	  in	  “back-‐projecting”	  the	  measured	  signals	  at	  r	  and	  t	  to	  the	  points	  

where	   such	   signal	   could	   have	   been	   generated	   [27],	   and	   subsequently	   add	   the	  

contribution	  of	  all	  measuring	  positions	  (Figure	  2.7).	  This	  concept	   is	  exploited	   in	  

back-‐projection	   reconstruction.	   For	   example,	   in	   a	   universal	   back-‐projection	  

algorithm	  for	  homogeneous	  acoustic	  media,	  the	  reconstructed	  optical	  absorption	  

field	  Hr(r’)	  is	  given	  by	  	  [28]	  

	  

𝐻! 𝑟′ =
1
𝛤

𝑑𝛺
𝛺 2𝑝 𝑟, 𝑡 − 2𝑡

𝜕𝑝 𝑟, 𝑡
𝜕𝑡

  

! !!
!!!!
!

.	  

(2.21)	  

The	  last	  equation	   is	  derived	  for	  a	  surface	  S	  surrounding	  𝑟,	   i.e.,	   the	  solid	  angle	  

𝛺 = 4𝜋	  (Figure	  2.8).	  The	  differential	  dΩ	  is	   the	   solid	  angle	   for	  an	  element	  𝑑𝑆	  and	  

acts	  as	  a	  weighting	  factor	  in	  the	  reconstruction.	  In	  practical	  cases,	  the	  number	  of	  

measuring	  positions	  is	  finite.	   In	  this	  case,	  the	  reconstruction	  can	  be	  done	  with	  a	  

simplified	  discretization	  of	  Eq.	  (2.21),	  where	  the	  constant	  terms	  are	  not	  included	  

for	  the	  sake	  of	  simplicity,	  as	  [30]	  

	  

𝐻! 𝑟´! = 𝑝 𝑟! , 𝑡!" − 𝑡!"
𝜕𝑝 𝑟! , 𝑡!"

𝜕𝑡
!

,	  

(2.22)	  

being	  𝑟´! 	  the	   position	   of	   the	   j-‐th	   voxel	   of	   the	   reconstructed	   region	   of	   interest	  

(ROI),	  𝑟! 	  the	   position	   of	   the	   i-‐th	   transducer	   and	  𝑡 = 𝑟 − 𝑟′ /𝑐 .	   If	   quantitative	  
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images	  are	  required,	  the	  constants	  that	  have	  been	  omitted	  in	  Eq.	  (2.22)	  need	  to	  be	  

considered.	  

There	   are	   different	   optoacoustic	   systems	   for	   which	   a	   two-‐dimensional	  

geometry	   can	   be	   assumed.	   For	   example,	   if	   a	   thin	   section	   of	   the	   tissue	   is	  

illuminated,	   the	   optoacoustic	  waves	   are	   only	   created	   in	   this	   slice	   of	   the	   sample	  

[31,32].	  Due	  to	  scattering	  of	  light	  in	  deep	  tissue,	  the	  light	  beam	  is	  broadened	  and	  

diffused,	   making	   this	   approach	   not	   practical.	   In	   this	   case,	   cylindrically-‐focused	  

transducers,	  can	  be	  used	  to	  provide	  only	  sensitivity	  in	  a	  cross-‐sectional	  plane,	  so	  

that	  the	  two	  dimensional	  reduction	  is	  also	  applicable	  [33].	  Eq.	  (2.22)	  can	  also	  be	  

applicable	   in	   a	   two	  dimensional	   case,	   being	   computationally	   easy	   to	   implement	  

and	  very	  fast.	  However,	  it	  is	  not	  a	  quantitative	  method	  and	  produces	  artifacts,	  e.g.,	  

streaking-‐type	   artifacts	   due	   to	   the	   limited	   number	   of	   projections	   and	   negative	  

values	   in	   the	   reconstructed	   absorption	   [34].	   Also,	   the	   shape	   and	   size	   of	   the	  

transducer	  is	  not	  taken	  into	  account,	  i.e.,	  point-‐detectors	  are	  assumed,	  which	  may	  

also	  lead	  to	  artifacts	  in	  many	  cases	  [35,36].	  
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Figure	  2.8:	  Reconstruction	  in	  2-‐D	  Back-‐projection.	  A	  cross-‐sectional	  view	  

of	  the	  sample	  is	  displayed	  with	  a	  circular	  scanning	  geometry.	  The	  image	  is	  

created	   after	   projecting	   the	   signals	   from	   all	   the	   detection	   angles	   into	   a	  

grid	  with	  a	  distance=ct	  and	  summing	  them	  up.	  	  

2.5.2 Model-‐based	  reconstruction	  

A	   different	   and	   more	   flexible	   reconstruction	   procedure	   developed	   at	   our	  

institute	  is	  based	  on	  a	  discrete	  approximation	  of	  the	  optoacoustic	  forward	  model,	  

where	  the	  detected	  acoustic	  signals	  are	  modeled	  as	  linear	  function	  of	  the	  optical	  

absorption.	  With	  this	  linear	  model,	  the	  optical	  absorption	  solution	  can	  be	  solved	  

at	   a	   grid	   of	   points	   after	   a	   least-‐squares	  minimization	  of	   the	  difference	  between	  

the	  acoustic	  pressure	  measured	  at	  a	  number	  of	  projections	  and	  time	  points	  and	  

the	  theoretically	  calculated	  pressure	  [37].	  

For	   cross-‐sectional	   reconstruction,	   the	   Poisson-‐type	   integral	   in	   Eq.	   (2.20)	   in	  

arbitrary	  units	  is	  simplified	  to	  two	  dimensions	  as	  [37]	  

	  

Transducer 

Tissue 

r´
!"!

0

r
!

S0 (S)

r´
!"!
– r
"
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𝑝 𝑟, 𝑡 =
𝜕
𝜕𝑡

𝐻!(𝑟′)
𝑟 − 𝑟′ 𝑑

  

!´(!)

𝐿´ 𝑡 ,	  

(2.23)	  

where	   𝐿´(𝑡) 	  represents	   a	   circumference	   for	   which	   𝑟 − 𝑟′ = 𝑐𝑡 .	   Eq.	   (2.23)	  

represents	   the	  pressure	  wave	  (in	  arbitrary	  units)	  detected	  at	  a	  distance	  r	  and	  a	  

time	   t,	   i.e.,	   the	   pressure	   is	   calculated	   as	   the	   derivative	   of	   a	   line	   integral	   of	   the	  

optical	   absorption	   for	   points	  with	   a	   fixed	   radius	  𝑐𝑡	  to	   the	   detector.	   The	  model-‐

based	   reconstruction	   procedure	   described	   in	   this	   section	   is	   based	   on	   a	  

discretization	  and	  inversion	  of	  this	  formula.	  

In	  a	  first	  stage,	  a	  numerical	  approximation	  for	  the	  time	  derivative	  in	  Eq.	  (2.23)	  

is	  done	  so	  that	  

	  

𝑝 𝑟, 𝑡 ≈
𝐼 𝑡 + ∆𝑡 − 𝐼 𝑡 − ∆𝑡

2∆𝑡 ,	  

(2.24)	  

where	  

	  

𝐼 𝑡 =
𝐻!(𝑟′)
𝑟 − 𝑟′ 𝑑

  

!´(!)

𝐿´ 𝑡 .	  

(2.25)	  

The	   integral	   in	   Eq.	   (2.25)	   is	   discretized	   by	   approximating	   of	   the	   curve	  𝐿´(𝑡)	  

with	  a	  number	  of	  M	  points	  corresponding	  to	  the	  intersection	  of	  straight	  lines	  with	  

equally-‐spaced	  angular	  position	  from	  the	  transducer	  position	  [38].	  The	  total	  angle	  
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covered	  by	  these	  lines	  is	  selected	  so	  they	  fill	  the	  imaging	  grid	  i.e.,	  the	  value	  of	  𝛼	  is	  

calculated	  as	  [38]	  

𝛼 = 2𝑎𝑟𝑐𝑠𝑖𝑛
2(𝑛 + 1)∆𝑥𝑦

2𝑅 ,	  

(2.26)	  

where	   n	   is	   the	   number	   of	   pixels	   of	   the	   ROI	   in	   the	   horizontal	   and	   vertical	  

directions,	  ∆𝑥𝑦	  is	  the	  size	  of	  each	  pixel	  and	  R	  is	  the	  distance	  from	  the	  transducer	  

to	  the	  center	  of	  the	  ROI.	  

Figure	  2.9:	  Discretization	  of	   the	  optoacoustic	   forward	  model	   in	  2-‐D.	  The	  

curve	  L’(t)	  is	  estimated	  by	  M	  points	  indicated	  as	  triangles	  in	  the	  figure.	  

ct
x0, y0( )

α 

α/M-1 
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The	   integral	  𝐼 𝑡 	  is	   then	   estimated	   from	   the	  M	   points	   of	   the	   curve	  𝐿´(𝑡)	  with	  

locations	  𝑟′! 	  (triangles	  in	  Figure	  2.9)	  as	  

	  

𝐼 𝑡 ≈
1
2

𝐻 𝑟!!
𝑟 − 𝑟!!

+
𝐻! 𝑟!!!!
𝑟 − 𝑟!!!!

!!!

!!!

𝑑!,!!!,	  

(2.27)	  

	  

or	  alternatively	  

	  

𝐼 𝑡 ≈
1
2

𝐻 𝑟!!
𝑟 − 𝑟!!

!

!!!

𝑑!!!,! + 𝑑!,!!! ,	  

(2.28)	  

where	  𝑑!,! = 𝑑!,!!! = 0.	  𝐻(𝑟!!)	  is	  calculated	  by	  interpolation	  of	  the	  pixels	  in	  the	  

ROI.	   After	   combining	   Eqs.	   (2.24)	   and	   (2.28),	   the	   acoustic	   pressure	  𝑝(𝑟! , 𝑡!)	  at	  

position	  𝑟! 	  and	   time	  𝑡! 	  can	  be	  estimated	  as	  a	   linear	   combination	  of	   the	  absorbed	  

energy	  at	  the	  position	  𝑟!! 	  of	  the	  pixels	  in	  the	  ROI,	  i.e.,	  

	  

𝑝 𝑟! , 𝑡! ≈ 𝑎!
!"

!

!!!

𝐻 𝑟!! ,	  

(2.29)	  

being	  𝑁 = 𝑛𝑛	  is	   the	   total	   number	   of	   pixels	   in	   the	   grid.	   The	   values	  𝑎!
!" 	  can	   be	  

calculated	  with	  different	  methods	  of	  interpolation.	  
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The	   discretization	   of	   the	   forward	   model	   in	   a	   medium	   with	   a	   non-‐uniform	  

speed	  of	  sound	  is	  also	  possible.	  In	  soft	  biological	  tissues,	  the	  speed	  of	  sound	  can	  

vary	  between	  ±10%	  compare	  to	  the	  one	  in	  water	  [39].	  In	  this	  case,	  the	  M	  points	  

of	  the	  integration	  curve	  are	  found	  with	  the	  line	  integral	  of	  the	  inverse	  of	  the	  speed	  

of	  sound.	  

The	   pressure	  𝑝 𝑟! , 𝑡! 	  in	   Eq.	   (2.29)	   is	   estimated	   at	   different	  P	   positions	   and	   I	  

time	  instants,	  so	  that	  a	  system	  of	  linear	  equations	  is	  built,	  which	  is	  expressed	  in	  a	  

matrix	  form	  as	  

	  

𝑃 = 𝐴𝐻.	  

(2.30)	  

Eq.	   (2.30)	   corresponds	   to	   the	   theoretical	   acoustic	   pressure	   of	   a	   group	   of	  

transducer	  positions	   and	   time	  points.	   The	  model	  matrix	  A	   depends	  only	   on	   the	  

geometry	  of	  the	  optoacoustic	  set-‐up	  and	  the	  speed	  of	  sound	  distribution.	  H	  is	  the	  

energy	  absorption	  in	  the	  reconstruction	  ROI	  expressed	  in	  a	  vector	  form,	  which	  is	  

calculated	   by	   minimizing	   the	   mean	   square	   difference	   between	   the	   theoretical	  

pressure	  and	  the	  measured	  pressure	  𝑝!	  as	  

	  

𝐻!"# = 𝑎𝑟𝑔𝑚𝑖𝑛! 𝑝! − 𝐴𝐻 !.	  

(2.31)	  

The	   solution	   to	  Eq.	   (2.31)	   can	  be	   calculated	  by	  means	   of	   the	  Paige-‐Saunders	  

iterative	   least-‐square	   QR	   decomposition	   (LSQR)	   algorithm	   [40],	   where	   the	  

sparsity	   of	   the	   model	   matrix	   is	   advantageously	   used	   to	   achieve	   a	   faster	  

reconstruction	  [37].	  

The	  model-‐based	  inversion	  procedure	  renders	  more	  quantitative	  optoacoustic	  

images	   that	   those	   obtained	   with	   back-‐projection	   reconstruction.	   Nevertheless,	  



	  
	  

30	  

the	  computational	  requirements	  are	  much	  higher.	  Generally,	  the	  model	  matrix	  A	  

in	  Eq.	  (2.30)	  needs	  to	  be	  calculated	  several	  times	  to	  calibrate	  the	  reconstruction	  

parameters.	  However,	   once	   the	   calibration	   is	   done,	  A	   can	   be	   stored	   for	   a	   setup	  

with	   fixed	   illumination	  and	  the	  distance	  between	  transducers	  and	  samples	  [41],	  

so	  that	  the	  inversion	  procedure	  is	  fast.	  

2.5.2.1 Thikonov	  regularization	  

It	   has	   been	   experimentally	   demonstrated	   that	   representative	   tomographic	  

reconstructions	   can	   be	   obtained	   with	   Eq.	   (2.31),	   i.e.,	   with	   no	   additional	  

regularization	   of	   the	   inversion,	   when	   the	   signals	   are	   recorded	   at	   locations	  

covering	   3600	   degrees	   with	   respect	   to	   the	   sample	   (full-‐view	   acquisition).	  

However,	   in	   limited-‐view	   cases,	   it	   is	   useful	   to	   regularize	   the	   inversion	   process.	  

Tikhonov	   regularization	   is	   probably	   the	   most	   common	   method	   for	   ill-‐posed	  

problems.	   In	   this	   case,	   the	   reconstruction	   of	   the	   optical	   absorption	   is	   done	   by	  

modifying	  Eq.	  (2.31)	  as	  [42]	  

	  

𝐻!"# = 𝑎𝑟𝑔𝑚𝑖𝑛! 𝑝! − 𝐴𝐻 ! + 𝜆! 𝐿𝐻 !,	  

(2.32)	  

being	  𝜆	  the	   regularization	   parameter,	   which	   controls	   the	   effect	   of	   the	   penalty	  

term	  and	  L	  is	  the	  Tikhonov	  matrix.	  For	  the	  reconstructions	  done	  in	  this	  work,	  the	  

matrix	  L	  was	  chosen	  to	  be	  the	  identity	  matrix.	  

2.5.2.2 Positive	  constrain	  reconstruction	  

Although	   the	   model-‐based	   algorithm	   as	   described	   above	   is	   a	   suitable	  

reconstruction	  method	   to	   estimate	   the	   optical	   absorption	   in	  OAT,	   the	   rendered	  

images	   are	   still	   affected	   by	   negative	   values	   without	   any	   physical	   value.	   In	   this	  
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case,	  it	  is	  useful	  to	  solve	  the	  inversion	  problem	  with	  a	  positive	  constrain	  to	  H,	  i.e.,	  

Eq.	  (2.31)	  is	  modified	  as	  

	  

	  

𝐻!"# = 𝑎𝑟𝑔𝑚𝑖𝑛!!! 𝑝! − 𝐴𝐻 !	  

(2.33)	  

As	  opposed	   to	   the	  unconstraint	   formula	   in	  Eq.	   (2.31),	  which	   can	  be	   inverted	  

directly,	  Eq.	  (2.33)	  can	  only	  solved	  in	  an	  iterative	  manner.	  	  

2.5.2.3 Weighted	  model-‐based	  

	  As	  mentioned	   above,	  model-‐based	   reconstruction	   algorithms	   are	   efficient	   in	  

removing	   common	   artifacts	   related	   to	   the	   use	   of	   back-‐projection	   methods.	  

However,	  artifacts	  associated	  to	  internal	  reflections	  and	  scattering	  of	  the	  acoustic	  

waves	  in	  strongly	  mismatched	  tissues	  may	  appear.	  Weighted	  model-‐based	  refers	  

to	  an	  algorithm	  based	   in	  weighting	   the	   tomographic	  contribution	  of	  each	  of	   the	  

measured	  signals	  at	  a	  given	  detector	  position	  and	  time	  with	  the	  probability	  that	  

the	  signal	  corresponds	  to	  a	  scattered	  or	  reflected	  wave	  [43].	  This	  reconstruction	  

method	   is	   very	   useful	   in	   the	   presence	   of	   organs	   or	   tissues	   with	   high	   acoustic	  

impedance	  variations	  such	  as	  bones,	  lungs,	  etc.	  	  

The	   forward	   model	   in	   Eq.	   (2.30)	   assumes	   the	   straight	   propagation	   of	   the	  

acoustic	  waves	  with	  a	  constant	  speed	  of	  sound	  between	  emission	  and	  reception.	  

Nevertheless,	   there	   is	   a	   probability	   that	   the	   signals	   are	   reflected	   or	   scattered	  

during	   the	   propagation	   before	   reaching	   the	   transducer.	   To	   calculate	   this	  

probability,	   an	   area	  A	  with	   all	   the	  possible	  optical	   absorbers	   (H(r’)≠0),	   acoustic	  

reflectors	  and	  acoustic	  scatterers	   is	  considered	  (Figure	  2.10).	  The	  probability	  of	  
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detecting	  a	  reflected	  or	  scattered	  wave	  (𝑃!!(𝑡!)),	  assuming	  unit	  amplitude,	  at	   the	  

ith	  location	  of	  the	  transducer	  ri	  and	  at	  time	  tj	  can	  be	  expressed	  as	  [30]	  with	  

	  

𝑃!! 𝑡! = 𝑃!!(𝑡!|𝒓′
  

!!"
)𝑓! 𝑟′ 𝑑𝑟!.	  

(2.34)	  

𝑓! 𝑟′ 	  represents	   the	   probability	   density	   function	   in	   a	   location	   where	   a	  

diferential	   energy	   is	   absorbed	   and	  𝑃!!(𝑡!|𝐫′) 	  the	   conditional	   probability	   that	   a	  

reflected	   or	   scattered	   acoustic	   wave	  with	   unitary	   amplitude	   is	   received	   by	   the	  

transducer	  at	  an	  instant	  tj,	  assuming	  that	  all	  the	  energy	  is	  absorbed	  at	  r’.	  All	  the	  

points	   r’	   in	  which	   a	   reflected	   or	   scattered	  wave	  may	   have	   been	   generated	   and	  

detected	   at	   the	   transducer	   located	   in	   ri	   at	   time	   tj,	   are	   inside	   the	   area	   Aij.	  

𝑃!,!"#$  ! (𝑡!|𝑟!)	  is	   the	   probability	   that	   the	   acoustic	   wave	   (measured	   with	   the	   ith	  

transducer	   at	   instant	   tj)	   is	   distorted	   by	   a	   reflected	   or	   scattered	   wave.	   It	   was	  

showed	  in	  [30]	  that	  𝑃!! 𝑡! 	  can	  be	  calculated	  as	  

	  

𝑃!! 𝑡! = 𝑚𝑖𝑛 1,𝜔
𝐴!"
𝐴 .	  

(2.35)	  

Here	  𝜔	  is	   a	   weighting	   factor	   to	   be	   calculated	   heuristically.	   The	   probability	  

𝑃!! 𝑡! 	  	   that	   the	   wave	   is	   not	   affected	   by	   reflection	   or	   scattering	   by	   the	   i-‐th	  

transducer	  and	  time	  tj	  is	  then	  set	  as	  

𝑃!! 𝑡! = 1− 𝑃!,!"#$! 𝑡! .	  

(2.36)	  
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Figure	   2.10:	   Statistical	   weighting	   algorithm.	   All	   the	   optical	   absorbers,	  

potential	  acoustic	  reflectors	  and	  possible	  scatterers	  are	  inside	  the	  area	  A.	  

All	   the	   points	   r’	   where	   a	   reflected	   or	   scattered	   wave	   may	   have	   been	  

produced	  and	  detected	  by	  the	  transducer	  placed	  in	  the	  position	  ri,	  are	  in	  

the	  area	  Aij.	  

The	  statistical	  approach	  improves	  the	  quality	  of	  the	  reconstruction	  method	  in	  

the	   presence	   of	   acoustic	   reflections	   or	   scattering,	   giving	   more	   preference	   to	  

optoacoustic	   signals	   with	   direct	   wave	   propagation	   and	   less	   weight	   to	   the	  

reflected	  or	  scattered	  ones	  in	  the	  reconstruction.	  

The	  adjustment	  in	  Eq.	  (2.29)	  includes	  weighting	  each	  of	  the	  equations	  with	  the	  

probability	   that	   each	   of	   the	   signals	   (related	   to	   the	   several	   time	   points	   and	  

projections)	  is	  affected	  by	  reflection	  or	  scattering	  events.	  As	  a	  result,	  signals	  with	  

a	   direct	   path	   between	   emission	   and	   reception	   are	   weighted	   higher	   in	   the	  

reconstructions.	  Mathematically,	   the	   system	   of	   linear	   equations	   in	   Eq.	   (2.29)	   is	  

modified	  as	  

	  

	  

ctj
r’

ri

A Aij
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𝑃!! 𝑡! 𝑝 𝑟! , 𝑡! = 𝑃!! 𝑡! 𝑎!
!"

!

!!!

𝐻 𝑟!! .	  

(2.37)	  

Therefore,	  the	  resulting	  equation	  is	  expressed	  as	  

	  

𝑊𝑝! =𝑊𝐴𝐻,	  

(2.38)	  

so	  that	  the	  reconstruction	  is	  made	  with	  the	  mean	  square	  difference	  minimization	  

problem	  as	  

	  

𝐻!"# = 𝑎𝑟𝑔𝑚𝑖𝑛! 𝑊𝑝! −𝑊𝐴𝐻 !.	  

(2.39)	  

2.5.2.4 Model-‐based	   reconstruction	   considering	   the	   shape	   of	   the	  

transducer	  

Cylindrically-‐focused	   transducers	   are	   commonly	   used	   since	   the	   optoacoustic	  

problem	   can	   be	   efficiently	   reduced	   to	   2-‐D	   by	   selectively	   acquiring	   signals	  

produced	  in	  the	  imaging	  plane.	  Although	  as	  a	  first	  order	  approximation	  this	  type	  

of	   transducer	   can	   be	  modeled	   as	   a	   point	   detector,	   sophisticated	   reconstruction	  

methods	  have	  been	  explored,	  taking	  into	  account	  the	  geometrical	  characteristics	  

of	  the	  transducers	  [36,44,45].	  The	  model	  matrix	  A	  in	  Eq.	  (2.30)	  assumes	  that	  the	  

optoacoustic	   signal	   was	   recorded	   at	   a	   certain	   position	   (point	   detector)	   when	  

performing	   the	   image	   reconstruction	  of	   the	  optical	   absorbance.	  This	  hypothesis	  

represents	   a	   simplification.	   In	   actual	   scenarios	   the	   optoacoutic	   pressure	   is	  
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spatially	   averaged	   over	   the	   active	   area	   of	   the	   transducer	   so	   that	   the	   collected	  

signal	  can	  be	  approximated	  as	  

	  

𝑃!"# 𝑥! , 𝑡 ≈ 𝑃 𝑥!, 𝑡 𝑑𝑥!,
  

!
	  

(2.40)	  

where	  𝑥! 	  is	  the	  center	  of	  the	  transducer	  and	  𝑆	  is	  the	  detection	  surface.	  Therefore,	  

a	   new	   model	   matrix	   representing	   the	   finite	   size	   of	   the	   detector	   needs	   to	   be	  

calculated.	  There	  are	  different	  approaches	  to	  model	  the	  shape	  of	  a	  transducer.	  For	  

example,	  the	  pressure	  field	  could	  be	  convolved	  at	  different	  measuring	  projections	  

with	   the	   spatially	   dependent	   signal	   impulse	   response	   (SIR)	   of	   the	   element.	  

Alternatively,	   the	   transducer	   surface	   can	  be	  discretized	  by	   a	   number	   of	   surface	  

elements	   with	   the	   optoacoustic	   signal	   superimposed	   on	   to	   each	   of	   these	  

components.	  The	  SIR	  of	  a	  finite	  length	  line	  detector	  can	  be	  estimated	  analytically	  

using	   the	   first	   method	   [35].	   Afterwards,	   one	   cylindrically-‐focused	   transducer	  

could	  be	  modeled	  as	  a	  number	  of	  lines	  having	  each	  a	  different	  impulse	  response.	  

In	  the	  next	  formula,	  the	  estimated	  total	  response	  of	  the	  transducer	  is	  expressed	  as	  

	  

ℎ!"# 𝑥! , 𝑥!, 𝑡 ≈ ℎ 𝑥! , 𝑥!, 𝑡
!

!!!

,	  

(2.41)	  

where	  ℎ(𝑥! , 𝑥!, 𝑡)	  is	  the	  impulse	  response	  of	  each	  of	  the	  lines	  (centered	  at	  xi)	  and	  

𝑥! 	  is	  the	  center	  of	  the	  detector.	  The	  numerical	  convolution	  between	  ℎ!"#	  and	  the	  

model-‐matrix	   A,	   creates	   the	   new	   model-‐matrix	  𝐴!"# 	  so	   that	   the	   theoretical	  

pressure	  can	  be	  calculated	  as	  
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𝑃!"# = 𝐴!"#𝐻!.	  

(2.42)	  

In	  this	  case,	  the	  number	  of	  lines	  to	  approximate	  the	  transducer	  could	  be	  much	  

lower	   than	   the	   number	   of	   points	   in	   the	   second	  method	  mentioned	   before.	   The	  

cylindrically-‐focused	   transducers	   could	   also	   be	   estimated	   as	   single	   lines	   due	   to	  

the	   good	   performance	   of	   the	   detector	   rejecting	   out-‐of-‐plane	   signals	   in	   a	   2-‐D	  

imaging	  plane	  approach.	  In	  this	  way,	  the	  computing	  times	  are	  considerably	  faster	  

than	  having	  a	  transducer	  shape	  modeled	  with	  several	  lines.	  

The	  reconstruction	  of	  the	  optical	  absorbance	  can	  be	  calculated	  with	  the	  LSQR	  

algorithm	  in	  the	  same	  way	  as	  in	  the	  previously	  mentioned	  model-‐based	  imaging	  

methods.	  

2.5.2.5 Model-‐based	  reconstruction	  with	  tomographic	  symmetries	  

One	  of	   the	  problems	  when	  performing	  optoacoustic	   reconstructions	  with	   the	  

model-‐based	  approaches	  described	  above	  is	  the	  memory	  requirements	  needed	  to	  

store	   large	  model	  matrices,	   even	  when	   the	   amount	   of	   non-‐zero	   values	   is	   large	  

(sparse	  matrices).	  This	  problem	  can	  be	  overtaken	  by	  considering	  the	  symmetries	  

in	  certain	  acquisition	  geometries	  [46,47].	  

The	  method	  presented	  in	  this	  section	  reduces	  the	  computation	  time	  of	  model-‐

based	  procedures.	  By	  using	  the	  characteristic	  geometrical	  symmetries	  in	  most	  of	  

the	   optoacoustic	   tomographic	   systems,	   an	   efficient	   model	   matrix	   can	   be	  

calculated	   leading	   to	   less	  memory	   requirements	   and	   faster	   calculation	   periods.	  

This	  algorithm	  discretizes	  the	  time-‐domain	  optoacoustic	  forward	  model	  in	  a	  polar	  

grid	  and	  is	  applicable	  in	  full-‐view	  and	  limited-‐view	  imaging	  situations	  [48].	  

The	   method	   used	   to	   build	   the	   model	   matrix	   A	   in	   a	   polar	   grid	   is	   described	  

herein.	   In	   a	   tomographic	   scan,	   the	   signals	   are	   typically	   acquired	   with	   equally	  
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projections	  angles	  (𝜙 = 1…𝑁!)	   at	  positions	  x’,	   regularly	   instants	   tτ	  (𝜏 = 1…𝑁!)	  

and	  at	  a	  constant	  radius.	  For	  a	  two-‐dimensional	  system,	  Eq.	  (2.25)	  is	  applicable.	  

In	   order	   to	   discretize	   this	   equation,	   a	   polar	   grid	   around	   the	   imaged	   sample	   is	  

described	  with	  equidistant	  circles	  for	  the	  radial	  direction	  (𝑟 = 1…𝑁!)	  and	  angles	  

(𝜑 = 1…𝑁! )	   for	   the	   azimuthal	   direction,	   matching	   each	   of	   the	   transducer	  

positions.	  In	  Eq.	  (2.25),	  𝐿(𝑡)	  is	  an	  arc	  with	  center	  in	  x’	  and	  radius	  𝑐𝑡,	  which	  can	  be	  

approximated	  as	  a	  number	  of	   regularly	  distributed	  points	  Nint	   (red	  diamonds	   in	  

Figure	  2.11).	  
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Figure	   2.11:	   Polar	   grid	   discretization.	   (A)	   Image	   discretization	   and	  

detection	  pattern.	  The	   image	  grid	   is	   represented	  with	  green	  circles.	  The	  

angles	  ϕ	  where	  the	  detection	  is	  done	  at	  a	  given	  location	  x’	  coincide	  with	  

the	   angular	   discretization	   of	   the	   grid	   φ.	   The	   integration	   arc	   can	   be	  

approximated	   by	   a	   certain	   number	  𝑵𝒊𝒏𝒕	  of	   equally-‐spaced	   points	   (red	  

diamonds).	   (B)	   Interpolation	   used	   to	   calculate	   the	  model-‐matrix	  A.	   The	  

integrated	  pressure	  on	  a	  detector	  arc	  for	  a	  given	  point	  (red	  diamond)	  can	  

be	  mapped	  in	  the	  grid	  in	  both	  spatial	  coordinates	  by	  interpolation	  with	  4	  

neighboring	  points	  (green	  circles	  a-‐d).	  	  

Eq.	  (2.25)	  can	  then	  be	  discretized	  as	  

	  

(A) 

(B) 
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𝐼 𝑥!, 𝑡 ≈
1
2

𝐻(𝑥!)
𝑥! − 𝑥!

+
𝐻(𝑥! + 1)
𝑥! − 𝑥!!!

𝑑!.
!!"#!!

!!!

	  

(2.43)	  

The	  optical	  energy	  𝐻(𝑥!)	  can	  be	  interpolated	  from	  the	  four	  neighboring	  points	  

(a-‐d)	  from	  the	  grid	  as	  

	  

𝐻 𝑥! = 1− ∆𝑟! 1− ∆𝜑! 𝐻! + ∆𝑟! 1− ∆𝜑! 𝐻! + ∆𝑟!∆𝜑!𝐻!
+ 1− ∆𝑟! ∆𝜑!𝐻! ,	  

(2.44)	  

where	  ∆𝑟 	  and	  ∆𝜑 	  are	   the	   spacings	   of	   the	   grid	   in	   the	   radial	   and	   azimuthal	  

directions,	  and	  ∆𝑟! = (𝑟 − 𝑟!)/∆𝑟	  and	  ∆𝜑! = (𝜑 − 𝜑!)/∆𝜑.	  Combining	  Eqs.	  (2.24)	  

and	   (2.43),	   the	  pressure	   at	   a	  projection	  𝑥′!	  and	   time	  𝑡!	  is	   given	   as	   a	   function	  of	  

the	  optical	  energy	  at	  the	  different	  points	  of	  the	  image	  grid	  like	  

	  

𝑝!,! = 𝑝 𝑥!! , 𝑡! = 𝐴(𝑥!!!,! , 𝑡!, 𝑟,𝜑) ∙ 𝐻 𝑟,𝜑 = 𝐴!,!,!,! ∙ 𝐻!,!!,! .	  

(2.45)	  

Eq.	   (2.45)	   represents	   a	   special	   expression	   of	   Eq.	   (2.30)	   with	   rotational	  

invariance.	  However,	   in	   this	   case	  only	  a	   submatrix	  of	  𝐴 = 𝐴!,!,!,!	  corresponding	  

to	  a	  projection	  needs	  to	  be	  saved	  and	  subsequently	  used	  for	  inversion.	  The	  rest	  of	  

submatrices	  have	   the	  same	  redundant	   information	  due	   to	   the	   fact	   that	   they	  are	  

just	   rotated	   versions	   of	   the	   first	   one.	   Thereby,	   model-‐based	   reconstruction	   in	  

polar	  coordinates	  can	  be	  performed	  with	  less	  memory	  costs.	  
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2.6 Multispectral	  unmixing	  

As	   mentioned	   before,	   MSOT	   explores	   the	   functional	   and	   molecular	   imaging	  

capability	   within	   biological	   tissues	   by	   illuminating	   the	   sample	   with	   different	  

wavelengths	   and	   recording	   the	   resulting	   generated	   signals.	   In	   this	   way,	   the	  

different	   signatures	   of	   the	   intrinsic	   chromophores	   like	   oxygenated	   and	  

deoxygenated	  hemoglobin	  and	  externally	  administered	  contrast	  agents	   in	   tissue	  

can	  be	  analyzed,	  increasing	  the	  capacities	  of	  single	  wavelength	  imaging	  [49,50].	  

Unmixing	  algorithms	  allow	  estimating	  the	  different	  distribution	  of	  substances	  

by	   accounting	   for	   their	   particular	   spectral	   absorbance.	   Unmixing	   is	   done	   by	  

processing	   the	   set	   of	   images	   corresponding	   to	   different	   excitation	   optical	  

wavelengths	  with	  different	  types	  of	  mathematical	  methods	  [23,51–53].	  Below	  we	  

explain	   the	   spectral	   fitting	   procedure	   [31],	   which	   is	   the	   particular	   mathematic	  

method	  used	  in	  this	  work.	  	  

2.6.1 Spectral	  fitting	  

The	  most	   common	  method	   for	   spectral	   unmixing	   in	  MSOT	   is	   spectral	   fitting.	  

Optoacoustic	  images	  represent	  the	  distribution	  of	  the	  optical	  absorbance	  energy	  

𝐻(𝑟)	  inside	   tissue.	  At	   one	   single	   illumination	  wavelength	  𝜆! ,	   different	   absorbing	  

substances	  can	  contribute	  to	  the	  map	  of	  optical	  absorbance.	  For	  n	  contrast	  agents	  

or	  components,	  𝐻(𝑟, 𝜆!)	  in	  arbitrary	  units	  can	  be	  expressed	  as	  

	  

𝐻 𝑟, 𝜆! = 𝑈 𝑟, 𝜆! 𝜖! 𝜆! 𝑐! 𝑟 +.    .    .+𝑈 𝑟, 𝜆! 𝜖! 𝜆! 𝑐! 𝑟 ,	  

(2.46)	  
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being	   𝑈 𝑟, 𝜆! 	  the	   light	   fluence	   and	   𝜖! 𝜆! 	  and	   𝑐! 𝑟 	  the	   molar	   extinction	  

coefficient	   and	   concentration	   for	   the	   jth	   absorber	   respectively.	   A	   homogeneous	  

Grüneisen	  parameter	  was	  assumed	  in	  this	  case.	  

For	  w	  acquisition	  wavelengths,	  Eq.	  (2.46)	  can	  be	  expressed	  in	  a	  matrix	  form	  for	  

a	  given	  pixel	  p	  in	  the	  image	  as	  

	  

𝐻! = 𝜖!𝑐!,	  

(2.47)	  

where	  𝐻!	  represents	   a	  w-‐dimensional	   column	   vector	   containing	   the	   absorption	  

𝐻 𝑟!, 𝜆! 	  for	  the	  different	  wavelengths,	  𝑐!	  is	  a	  q-‐dimensional	  column	  vector	  with	  

all	   the	   concentrations	  𝑐! 𝑟! 	  for	   the	   different	   absorbers	   and	  𝜖!	  is	   a	   matrix	   with	  

𝑚  ×  𝑞	  dimensions	  and	  with	  elements	  

	  

𝜖! !,! = 𝑈(𝑟!, 𝜆!)𝜖! 𝜆! .  

(2.48)	  

If	  spatially	   independent	   light	   fluence	   is	  assumed	  for	  each	  of	   the	  wavelengths,	  

Eq.	  (2.47)	  can	  be	  approximated	  as	  

	  

𝐻! ≈ 𝑈 𝑟! 𝜖𝑐!,	  

(2.49)	  

where	  𝑈(𝑟!)	  symbolizes	   the	   average	   value	   of	  𝑈(𝑟!, λ!)	  over	   the	   total	   number	   of	  

wavelengths	  and	  𝝐	  is	  a	  matrix	  with	  the	  elements	  𝜖 𝑖, 𝑗 = 𝜖!(λ!).	  The	  last	  formula	  

can	  be	  resolved	  for	  the	  concentrations	  with	  least	  squares	  minimization	  as	  
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𝑈 𝑟! 𝑐!"#
! = 𝑎𝑟𝑔𝑚𝑖𝑛! 𝐻!!!

! − 𝜖𝑐! !.	  

(2.50)	  

𝐻!"#
! 	  represents	   the	   optical	   absorption	   reconstruction	   for	   the	   p-‐th	   pixel.	   In	  

realistic	   scenarios,	  multispectral	   images	   further	   suffer	   from	  spatial	   light	   fluence	  

variations	   that	  have	   to	  be	   taken	   into	  account	   for	  quantitative	  results.	  Eq.	   (2.50)	  

can	   be	   expressed	   assuming	   constant	   light	   fluence,	   so	   that	   the	   concentration	   in	  

arbitrary	  units	  is	  approximated	  as	  

	  

𝑐!"#
! = 𝑎𝑟𝑔𝑚𝑖𝑛! 𝐻!"#

! − 𝜖𝑐! !.	  

(2.51)	  

When	  all	  the	  pixels	  in	  the	  images	  are	  considered,	  Eq.	  (2.51)	  can	  be	  written	  as	  

	  

𝐶!"# = 𝑎𝑟𝑔𝑚𝑖𝑛! 𝐻!"# − 𝜖𝐶
!.	  

(2.52)	  

Eq.	  (2.52)	  can	  be	  solved	  with	  the	  pseudo-‐inverse	  of	  matrix	  𝜖,	  so	  that	  

	  

	  

𝐶!"# = 𝜖!𝐻!"#.	  

(2.53)
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3 Study	  of	  optoacoustic	  signal	  efficiency	  

with	  different	  probes	  	  

3.1 Introduction	  

As	   any	   other	   molecular	   imaging	   technology,	   MSOT	   relies	   on	   intrinsic	   or	  

exogenous	  agents	  to	  deliver	  particular	  molecular	  information	  (Figure	  3.1).	  Then,	  

parallel	  to	  the	  improvements	  enabled	  with	  novel	  hardware	  designs,	  the	  election	  

and	   development	   of	   new	   contrast	   agents	   is	   a	   key	   aspect	   for	   the	   practical	  

applicability	   of	   this	   technique	   [54].	  MSOT	   can	  potentially	   be	  used	  with	   a	   larger	  

number	  of	  contrast	  agents	  compared	  with	  other	  optical	  imaging	  technologies	  that	  

use	  mostly	  fluorescent	  molecules	  to	  produce	  suitable	  contrast.	  This	  is	  due	  to	  the	  

fact,	   as	   already	   commented,	   that	   any	   substance	   absorbing	   light	   can	   generate	  

spectrally-‐distinctive	   optoacoustic	   signals.	   As	   a	   result,	   chromophoric	   and	  

fluorescent	   dyes,	   nobel	   metal	   and	   carbon	   nanoparticles	   and	   other	   absorbing	  

constructs	  has	  been	  proposed	  as	  MSOT	  contrast	  agents	  [23,31,55–63].	  
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Figure	   3.1:	   Some	   cromophores	   used	   in	   MSOT	   imaging.	   A	   variety	   of	  

endogenous	  and	  exogenous	  contrast	  agents	  can	  be	  employed	  for	  different	  

applications	  (image	  taken	  from	  [64]).	  

The	  selection	  of	  the	  optimal	  contrast	  agent	  to	  use	  depends	  on	  the	  target	  of	  the	  

specific	  application.	  Some	  criteria	  to	  be	  considered	  in	  an	  imaging	  experiment	  are	  

the	   optoacoustic	   signal	   efficiency,	   absorption	   spectrum,	   photostability,	  

dimensions,	   chemical	   composition,	   ability	   to	   attach	   to	   targeting	   moieties	   and	  

drugs,	  biotoxicity	  and	  dynamics	  of	  clearance	  from	  the	  organism	  [65].	  Despite	  the	  

fact	   that	   the	   size,	   shape	   and	   chemical	   composition	   are	   important	   factors	  

regarding	   the	   toxicity	   of	   the	   probe,	   the	   amount	   of	   injected	   dose	   has	   also	   a	  

significant	  role	  in	  the	  toxicity	  and	  crosstalk	  effects	  inside	  the	  body.	  Thereby,	  it	  is	  

of	   high	   interest	   to	   select	   efficient	   probes	   capable	   of	   generating	   a	   strong	  

optoacoustic	   signal	  with	   a	   relatively	   low	  dose.	   A	   probe	  with	   a	   high	   absorbance	  

per	   concentration	   unit	   and	   a	   distinguishable	   spectrum	   from	   the	   background	  

tissue	   absorption	   chromophores,	   like	   hemoglobin	   or	   melanin,	   is	   then	   a	   good	  

candidate	  to	  be	  imaged	  with	  MSOT.	  On	  the	  other	  hand,	  the	  efficiency	  of	  a	  contrast	  

agent	   in	   long	   imaging	  sessions	  with	  optical	   radiation	  can	  be	  reduced	   if	   they	  are	  

not	  photostable.	  For	  example,	   fluorescent	  dyes	  often	  experience	  photobleaching	  
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[66],	  whereas	  laser	  light	  can	  also	  produce	  deformation	  in	  the	  shape	  of	  plasmonic	  

nanoparticles,	  which	  leads	  to	  changes	  in	  their	  absorption	  spectrum	  [67].	  

In	   this	  chapter,	   the	  efficiencies	  of	  different	  exogenous	  probes	  are	  analyzed	   in	  

tissue	   phantoms	   measured	   in	   a	   small	   animal	   imaging	   system.	   Photobleaching	  

effects	   due	   to	   continuous	   light	   exposure	   are	   also	   examined	   for	   different	  

substances.	  Finally,	  a	  self-‐developed	  optoacoustic	  spectrometer	  is	  presented	  and	  

used	  to	  characterize	  spectrally-‐dependent	  optoacoustic	  signals.	  

3.2 Optoacoustic	  efficiency	  

The	  optoacoustic	  efficiency	  of	  a	  probe	  is	  defined	   in	  this	  section.	  For	  a	  certain	  

probe,	   the	   initial	   optoacoustic	   pressure	   excited	   at	   a	   given	  wavelength	   λ	   with	   a	  

pulse	   duration	   satisfying	   thermal	   and	   acoustical	   confinement	   conditions	   can	  be	  

approximated	  by	  a	  temporal	  Dirac	  delta	  as	  

	  

𝑝! 𝜆 = 𝛤𝜇! 𝜆 𝜙 𝜆 ,	  

(3.1)	  

where	  𝛤	  is	   the	   Gruneisen	   parameter,	  𝜇!(𝜆)	  the	   optical	   absorption	   of	   the	   probe	  

and	  𝜙(𝜆)	  the	  light	  fluence.	  The	  wavelength-‐dependent	  optical	  absorption	  𝜇! 𝜆 	  of	  

a	  photo-‐absorbing	  agent	  is	  given	  by	  

	  

𝜇! 𝜆 = 𝜀 𝜆 𝐶  𝑙𝑛(10) ≈ 2.3𝜀 𝜆 C,	  

(3.2)	  	  
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	  where	   C	   is	   the	  molar	   concentration	   and	  𝜀 𝜆 	  is	   the	  molar	   extinction	   coefficient	  

[10].	  So	  we	  define	  the	  wavelength-‐dependent	  molar	  optoacoustic	  efficiency	  of	  the	  

agent	  𝜂!"(𝜆)	  as	  the	  signal	  generated	  by	  unit	  concentration	  and	  fluence,	  i.e.,	  

	  

𝑝! 𝜆 = 𝜂!" 𝜆 𝐶𝜙 𝜆 .	  

(3.3)	  

The	  mass	  optoacoustic	   efficiency	   can	  be	   analogously	  defined	   considering	   the	  

mass	   concentration	   instead.	   Efficient	   contrast	   agents	   are	   desired	   due	   to	   their	  

ability	  to	  create	  strong	  optoacoustic	  responses	  in	  a	  relatively	  small	  concentration.	  

Combining	   Eqs.	   (3.1),	   (3.2)	   and	   (3.3),	   the	  molar	   optoacoustic	   efficiency	   can	   be	  

therefore	  expressed	  as	  

	  

𝜂!" 𝜆 = 2.3𝛤𝜀 𝜆 .	  

(3.4)	  

The	   optical	   absorption	   or	   absorbance   𝐴 𝜆 can	   be	   estimated	   with	   a	  

spectrophotometer.	  However,	  𝜇! 𝜆 	  in	  Eq.	  (3.1)	  refers	  to	  the	  amount	  of	  absorbed	  

optical	   energy	   transformed	   into	   heat,	   hence	   producing	   a	   temperature	   rise.	  

Although	   most	   substances	   transform	   the	   absorbed	   light	   into	   heat,	   fluorescent	  

dyes	   reemit	  part	   of	   this	   energy,	  which	  does	  not	   contribute	   to	   the	   generation	  of	  

optoacoustic	   signals.	   Assuming	   a	   sample	   with	   insignificant	   light	   scattering,	   the	  

absorbance	   as	   measured	   in	   the	   spectrophotometer	   represents	   the	   non-‐

transmitted	  energy	  when	  light	  pass	  throw	  it.	  Therefore,	  the	  percentage	  of	  energy	  

transformed	  into	  heat	  is	  assumed	  to	  be	  the	  one	  not	  reemitted	  as	  fluorescence,	  so	  

𝜇!(𝜆)	  is	  related	  to	  𝐴 𝜆 	  as	  
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𝜇! 𝜆 = 1− 𝛷 𝐴 𝜆 𝑙𝑛(10) ≈ 1− 𝛷 2.3𝐴 𝜆 ,	  

(3.5)	  

where	  𝛷	  refers	  to	  the	  quantum	  yield	  of	  the	  contrast	  agent	  and	  the	  term	  𝑙𝑛(10)	  is	  

implicit	  in	  the	  definition	  of	  OD.	  

3.3 Probes	  preparation	  

Several	   contrast	   agents	   like	   fluorescent	   probes,	   nanoparticles,	   chromophoric	  

dyes	   and	   substrates	   were	   used	   to	   increase	   the	   unspecific	   and	   targeted	  

optoacoustic	  responses	   in	   tissue.	  The	  efficiencies	  of	  usual	  red	  and	  near-‐infrared	  

Alexa	   Fluor	   fluorescent	   dyes	   (Invitrogen,	   Carlsbad,	   CA)	   and	   indocyanine	   green	  

(ICG)	   (Pulsion	   Medical	   Systems,	   Munich,	   Germany)	   were	   studied.	   Also	   gold	  

nanorods	  (AuNR)	  with	  peak	  extinction	  in	  the	  near-‐infrared	  spectrum	  (Nanopartz,	  

Loveland,	  CO)	  were	  analyzed.	  

For	  each	  probe,	  different	  concentrations	  were	  prepared	  by	  dilution	  in	  distilled	  

water.	   The	   optical	   absorption	   peaks	   as	   measured	   with	   a	   spectrophotometer	  

(USB4000,	  Ocean	  Optics,	  Dunedin,	  FL)	  ranged	  from	  2	  to	  0.1	  OD.	  

A	  scattering	  agar	  phantom	  containing	  the	  contrast	  agents	  was	  used	  to	  measure	  

them	  in	  a	  small-‐animal	  imaging	  system.	  Specifically,	  two	  straws	  each	  with	  3	  mm	  

diameter	  were	   embedded	   in	   the	   phantom	   and	   placed	   at	   symmetrical	   positions	  

with	  respect	  to	  the	  Z-‐axis	  in	  the	  system.	  One	  of	  the	  straws	  contains	  the	  probe	  to	  

be	  characterized	  and	  the	  other	  one	  is	  filled	  with	  a	  known	  concentration	  of	  black	  

India	  ink	  (Higgins,	  Illinois,	  USA)	  as	  a	  reference.	  The	  phantom	  in	  the	  small-‐animal	  

imaging	  system	  is	  shown	  in	  Figure	  3.2.	  	  
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3.4 	  Experimental	  system	  and	  signal	  processing	  

A	  macroscopic	  MSOT	   small-‐animal	   imaging	   system	  was	  used	   to	  measure	   the	  

efficiency	   of	   probes	   embedded	   in	   tissue	   phantoms	   [68]	   (Figure	   3.2	   A).	   The	  

optoacoustic	  scanner	  provides	  parallel	  detection	  of	  optoacoustic	  signals	  covering	  

172°	   with	   a	   curved	   array	   of	   64	   cylindrically-‐focused	   ultrasonic	   transducers	   as	  

shown	  in	  Figure	  3.2.	  The	  transducer	  elements	  have	  a	  central	  frequency	  of	  5	  Mhz	  

(Imasonic	  SaS,	  Voray,	  France).	  An	  optical	  parametric	  oscillator	  (OPO)-‐based	  laser	  

(Phocus,	   Opotek	   Incorporated,	   Carsbad,	   California)	   provides	   nanosecond	  

duration	   pulses	   at	   tunable	   optical	   wavelengths.	   The	   beam	   is	   guided	   through	   a	  

silica	   fused-‐end	   fiber	   bundle	   (PowerLightGuide,	   CeramOptec	   GmbH,	   Bonn	  

Germany)	   consisting	   of	   630	   fibers	   divided	   into	   10	   arms.	   The	   laser	   was	   tuned	  

between	   690	   and	   900	   nm	  with	   a	   10	   nm	   step.	   The	   corresponding	   optoacoustic	  

signals	  were	  acquired	  with	  a	  sampling	  frequency	  of	  40	  megasamples	  per	  second	  

and	   20	   averages,	   giving	   an	   approximate	   acquisition	   time	   of	   1.5	   minutes	   per	  

multispectral	  dataset.	  

The	  acquired	  optoacoustic	  signals	  were	  first	  band-‐passed	  filtered	  between	  0.1	  

and	   7	   MHz.	   Tomographic	   two-‐dimensional	   slices	   of	   the	   phantoms	   were	  

reconstructed	   with	   a	   time-‐domain	   model-‐based	   algorithm	   by	   using	   Tikhonov-‐

based	  regularization	  in	  the	  inversion	  [42]	  (Figure	  3.2	  B).	  The	  initial	  optoacoustic	  

pressure	   in	  each	  of	   the	  two	  probes	  (absorber	  and	  reference	   ink)	  was	  calculated	  

with	  a	  ROI	  defined	   in	  each	  of	   the	  straws.	  The	   light	   fluence	  𝜙(𝜆)	  and	  Grueneisen	  

parameter	  Γ	  were	  considered	  to	  be	  the	  same	  within	  both	  straws.	  By	  considering	  

Eq.	  (3.1),	  the	  optical	  absorption	  coefficient	  of	  the	  contrast	  agent	  was	  calculated	  as	  

a	  function	  of	  the	  absorption	  coefficient	  of	  the	  ink	  reference	  as	  
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𝜇!,! 𝜆 =
𝑝!,!(𝜆)
𝑝!,!"#(𝜆)

𝜇!,!"# 𝜆 ,	  

(3.6)	  

where	  𝑝!,!(𝜆)	  and	  𝑝!,!"#(𝜆)	  are	   the	   reconstructed	   image	   values	   for	   the	   contrast	  

agent	  and	  ink	  respectively.	  It	  was	  assumed	  that	  ink	  is	  a	  perfect	  absorber	  with	  an	  

efficiency	   of	   100	  %	  and	   converts	   all	   the	   absorbed	   energy	   into	   heat.	   It	  was	   also	  

hypothesized	  that	  the	  spectrum	  of	  the	  optoacoustic	  signal	  created	  by	  ink	  was	  the	  

same	   that	   the	   OD	  measured	  with	   the	   spectrometer,	   i.e.,	  𝜇!,!"# = 2.3  𝐴(𝜆). Then,	  

the	   relative	   efficiency	   of	   different	   probes	   was	   estimated	   by	   comparing	   the	  

respective	  optical	  absorption	  coefficients	  for	  known	  concentrations.	  
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Figure	  3.2:	  Macroscopic	  MSOT	  system.	  (A)	  Lateral	  view	  and	  frontal	  view	  of	  

the	  system.	  The	  phantom	  with	  the	  two	  straws	  is	  placed	  in	  the	  center	  of	  the	  

transducer	  array	  with	  linear	  stages	  and	  it	  is	  illuminated	  with	  the	  arms	  of	  

the	  fiber	  bundle.	  (B)	  Optoacoustic	  model-‐based	  reconstruction	  of	  the	  two	  

straws	   including	   ink	  as	  a	   reference	  and	  AF750	  with	  2	  OD	  at	   the	  peak	  of	  

the	  spectrum.	  

Extended	  exposure	  to	  optical	  radiation	  can	  lead	  to	  a	  decrease	  of	  the	  extinction	  

cross-‐section	  of	  the	  probe,	  i.e.,	  its	  absorption	  and/or	  fluorescence	  efficiency,	  via	  a	  

chemical	   process	   known	   as	   photobleaching.	   In	   order	   to	   study	   these	   effects,	  

samples	  of	  ICG	  and	  AF750	  with	  2	  OD	  at	  the	  spectrometer	  peak	  were	  embedded	  in	  

the	   phantom	   and	   imaged	   in	   the	   MSOT	   system.	   As	   mentioned	   before,	   each	  

multispectral	   scan	   takes	   approximately	   1.5	   minutes,	   while	   the	   exposure	   was	  

y"

z"

Watertank"

Linear"Stage"

Fiber"
"Bundle" y"

x"

Linear"Stage"

Watertank"

Fiber"Bundle"

Transducer"
"Array"

INK$ PROBE$

max"

min"3"mm"

(A) 

(B) 

Phantom"

Phantom"



	  

	   51	  

maintained	  constant	  during	  approximately	  30	  minutes,	   corresponding	   to	  a	   total	  

of	  20	  datasets.	  

3.5 Results	  

Figure	  3.3	  displays	  the	  spectra	  of	  the	  optical	  absorption	  coefficient	  for	  AF750	  

as	  measured	  with	  the	  MSOT	  system	  for	  750	  to	  900	  nm	  illumination	  wavelengths.	  

The	  optoacoustic	  responses	  of	  AF750	  with	  different	  concentrations,	  ranging	  from	  

8.3	  to	  0.42	  µμM	  (2-‐0.1	  ODs),	  were	  estimated	  from	  the	  reconstructed	  images	  of	  the	  

phantoms.	   The	   respective	   optical	   absorption	   coefficients	   were	   calculated	  

according	   to	   Eq.	   (3.6)	   and	   are	   displayed	   in	   Figure	   3.3	   A.	   The	   equivalent	   OD	  

spectra	   measured	   with	   the	   spectrophotometer	   are	   shown	   in	   Figure	   3.3	   B.	   The	  

peak	  wavelength	  and	  the	  spectra	  shape	   for	  the	  curves	   in	  Figure	  3.3	  A	  and	  3.3	  B	  

are	  very	  similar.	  Figure	  3.3	  C	  plots	  the	  optoacoustic	  value	  for	  the	  peak	  absorption	  

wavelength	  (750nm)	  as	  a	   function	  of	   the	  corresponding	  OD,	  which	  presents	   the	  

expected	   linear	  dependence	   as	   indicated	  by	   the	  high	   value	  of	   the	  R2	  parameter	  

when	   fitting	   the	   points	   to	   a	   line.	   The	   experiments	  with	   the	   other	   probes	   led	   to	  

similar	  results.	  
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	  Figure	  3.3:	  Optoacoustic	  and	  optical	  measurement	  relation	  for	  AF50.	  (A)	  

Optical	   absorption	   coefficient	   calculated	   with	   the	   MSOT	   system	   as	   a	  

function	   of	   the	   illumination	   wavelength.	   (B)	   OD	   measured	   with	   the	  

spectrometer	  as	  a	  function	  of	   illumination	  wavelength.	  (C)	  Optioacoustic	  

results	  as	  a	  function	  of	  the	  optical	  measurements	  at	  750	  nm	  wavelength.	  

The	   constituent	   probe	   molecules	   become	   excited	   due	   to	   laser	   light.	   The	  

electrons	   return	   from	   the	   excited	   state	   to	   the	   ground	   state	   via	   the	   radiative	  

relaxation	   processes	   fluorescence	   and	   phosphorescence	   or	   by	   radiationless	  

relaxation.	  Radiationless	  relaxation	  processes	  create	  local	  heating	  of	  the	  medium,	  

associated	   to	   the	   pressure	   waves	   through	   the	   sample	   in	   the	   optoacoustic	  

principle	  [69,70].	  Therefore	  in	  a	  fluorescent	  dye,	  the	  quantum	  yield	  is	  related	  to	  

the	   slope	   of	   the	   linear	   relation	   between	   the	   optical	   and	   optoacoustic	   data.	   In	  

particular,	   the	   slope	   k	   is	   proportional	   to	   1-‐𝜙	  as	   shown	   in	   Eq.	   (3.5).	   Therefore,	  

fluorescent	  probes	  with	  a	  higher	  quantum	  yield	  are	  expected	  to	  produce	  weaker	  

optoacoustic	  response	  in	  comparison	  with	  other	  probes	  having	  the	  same	  OD.	  The	  
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value	  of	  k	   is	  proportional	  to	  the	  amplitude	  of	  the	  optoacoustic	  signal.	  Figure	  3.4	  

displays	   the	   amplitudes	   of	   the	   optoacoustic	   signal	   generated	   by	   the	   different	  

probes	  studied	  normalized	  to	  the	  signal	  amplitude	  generated	  by	  the	  most	  efficient	  

probe.	  The	  quantum	  yields	  of	   fluorescent	  dyes	   are	   also	  presented	   in	   the	   figure.	  

Generally,	   it	   is	   shown	   that	   the	   optoacoustic	   amplitude	   is	   proportional	   to	   1-‐𝜙,	  

although	  further	  tests	  with	  other	  dyes	  are	  needed	  to	  verify	  this	  hypothesis.	  AuNR	  

presented	  the	  highest	  efficiency	  	  (last	  three	  contrast	  agents	  on	  the	  right).	  

Figure	   3.4:	   Normalized optoacoustic signal vs Quantum yield for different 

probes.	  

The	  bleaching	  effect	  in	  both	  probes	  (ICG	  and	  AF750)	  is	  displayed	  in	  Figure	  3.5.	  

Particularly,	   the	   peak	   of	   the	   optoacoustic	   spectra	   normalized	   to	   its	   maximum	  

value	  is	  plotted	  as	  a	  function	  of	  time.	  These	  results	  show	  that	  the	  amplitude	  of	  the	  

optoacoustic	   signal	   remained	   approximately	   constant	   AF750,	   i.e.	   no	   significant	  

photobleaching	   effects	   were	   perceived.	   However,	   significant	   effects	   of	  

photobleaching	  were	   evident	   in	   the	   case	  of	   ICG,	   for	  which	   the	   amplitude	  of	   the	  

generated	  optoacoustic	  signals	  decayed	  30	  %	  after	  30	  minutes	  of	  exposure.	  ICG	  is	  

a	  particularly	  suitable	  contrast	  agent	  that	  is	  approved	  by	  the	  U.S.	  Food	  and	  Drugs	  	  

Administration	   (FDA)	   for	   human	   use	   in	   medical	   diagnostics	   since	   1959	   [71].	  
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However,	  as	  shown	  herein,	  it	  has	  significant	  photochemical	  destruction	  and	  decay	  

in	  optoacoustic	  efficacy	  over	  time.	  

Figure	  3.5:	  AF750	  and	  ICG	  photobleaching	  over	  time.	  

3.6 Optoacoustic	  spectrometer	  

A	  spectrometer	   is	  one	  of	   the	  tools	  used	  to	  measure	  the	  absorbance	  along	  the	  

electromagnetic	   spectrum	   of	   different	   intrinsic	   and	   extrinsic	   contrast	   agents.	  

Whereas	   the	   optoacoustic	   spectrum	   can	   be	   measured	   with	   the	   small	   animal	  

imaging	  system	  described	  above,	  a	  dedicated	  optoacoustic	  spectrometer	  is	  more	  

convenient	   in	  many	  cases	   for	   the	  measurement	  of	   the	  optoacoustic	  spectrum	  of	  

absorbing	   substances.	   In	   this	   section	  we	  describe	  an	  optoacoustic	   spectrometer	  

developed	  in	  this	  Ph.D.	  project.	  

The	   layout	   of	   the	   optoacoustic	   spectrometer	   is	   depicted	   in	   Figure	   3.6.	  

Illumination	  is	  provided	  by	  means	  of	  an	  OPO	  laser	  (Phocus,	  Opotek	  Inc.,	  Carlsbad,	  

CA,	  USA)	   giving	   nanoseconds	  width	   pulses	  with	   a	   repetition	   rate	   of	   10	  Hz.	   The	  

wavelength	  range	  of	  the	  laser	  is	  700	  to	  900	  nm.	  The	  beam	  was	  guided	  into	  a	  silica	  

fused-‐end	   fiber	   bundle	   (CeramOptec	   GmbH,	   Bonn,	   Germany)	   with	   640	   fibers	  

equally	  divided	   into	  4	  arms.	  Twp	  of	   these	  arms	  were	   fixed	  symmetrically	   in	   the	  
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optoacoustic	   spectrometer	   and	   a	   1	  mm	   inner	   diameter	   Fine-‐Bore	   Polyethylene	  

tube	   (Smiths	   Medical,	   London,	   England)	   containing	   the	   different	   samples	   was	  

placed	  at	  the	  same	  vertical	  position.	  The	  laser	  power	  was	  monitored	  with	  a	  power	  

meter	  FieldMaxII-‐Top	  (Coherent®,	  Santa	  Clara,	  CA,	  USA)	  at	  the	  output	  of	  one	  of	  

the	  free	  fiber	  bundle	  arms.	  The	  optoacoustic	  signals	  originated	  at	  the	  tube	  were	  

acquired	  with	  a	  cylindrically-‐focused	  transducer	  (PNDT	  V382,	  Panametrics	  NDT,	  

Waltam,	  MA,	  USA)	  having	  a	  3.5	  MHz	  central	  frequency	  and	  a	  focal	  distance	  of	  1.5	  

inches.	  The	  transducer	  is	  positioned	  at	  the	  top	  of	  the	  system.	  

Figure	   3.6:	   Optoacoustic	   spectrometer.	   (A)	   Setup	   diagram.	   The	   plastic	  

tube	  with	   the	  probe	   is	   fixed	  with	  2	  screws	  and	   illuminated	  by	   two	  arms	  

fiber	   bundle	   from	   opposite	   directions.	   The	   PNDT	   V382	   transducer	  with	  

3.5	  MHz	  central	  frequency	  received	  the	  optoacoustic	  signals	  coming	  from	  

the	  irradiated	  tube.	  (B)	  Top	  view	  of	  the	  optoacoustic	  spectrometer	  system	  

inside	   the	  water	   tank	  with	  blood	  as	  a	  probe	   to	  measure	   the	  absorbance	  

spectrum	   at	   different	   wavelengths.	   (C)	   Front	   view	   of	   the	   optoacoustic	  

spectrometer	  system	  in	  the	  same	  experiment	  as	  (B).	  

Laser illumination Tubing 

Transducer 

Screws 

(A) 

(B) 

(C) 

z 

y x 



	  
	  

56	  

The	  performance	  of	  the	  optoacoustic	  spectrometer	  was	  first	  tested	  with	  black	  

India	  ink	  (Higgins,	  Illinois,	  USA).	  The	  ink	  was	  diluted	  in	  distilled	  water	  at	  different	  

concentrations	  and	  measured	  by	  using	  750	  nm	  as	   illumination	  wavelength.	  The	  

signals	  were	   averaged	  50	   times.	  The	  OD	  of	   each	  of	   the	   samples	  was	  previously	  

measured	  in	  the	  optical	  spectrophotometer.	  The	  maximum	  of	  the	  recorded	  time-‐

resolved	  optoacoustic	  signal	  is	  plotted	  as	  a	  function	  of	  the	  OD	  in	  Figure	  3.7.	  The	  

trend	  line	  is	  also	  displayed	  with	  equation	  along	  with	  the	  R2.	  As	  expected,	  there	  is	  

a	   linear	   relationship	   between	   the	   readings	   in	   the	   optical	   and	   optoacoustic	  

spectrometers.	  

Figure	   3.7:	   Ink	   measured	   at	   different	   ODs	   with	   the	   optoacoustic	  

spectrometer.	  The	  optoacoustic	  signal	   is	  plotted	  as	  a	   function	  of	   the	  OD.	  

The	  trendline	  and	  R2	  parameter	  are	  also	  shown.	  

The	   optoacoustic	   spectrum	   of	   ink	   was	   also	   measured	   with	   the	   developed	  

system.	   A	   tube	   containing	   2.1	   OD	  was	   scanned	   from	   700	   to	   900	   nm	  where	   50	  

averages	   were	   done	   for	   each	   wavelength.	   The	   maximum	   of	   the	   optoacoustic	  

signal	  for	  this	  tube	  is	  shown	  Figure	  3.8	  before	  and	  after	  correction	  with	  the	  laser	  

power	  at	  the	  different	  wavelengths.	  
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Figure	  3.8:	  Multispectral	  optoacoustic	  spectrometer	  results	  with	   ink.	  (A)	  

Maximum	  of	   the	  optoacoustic	  signal	   from	  ink	  before	  correction	  with	  the	  

laser	  power.	   (B)	   Laser	  power	  measurements.	   (C)	   Ink	   corrected	  with	   the	  

laser	  power	  (A	  divided	  B).	  	  

The	   potential	   of	   the	   optoacoustic	   spectrometer	   for	   actual	   biological	  

experiments	  is	  showcased	  by	  characterizing	  blood	  at	  different	  oxygenation	  levels.	  

Several	   tubes	   were	   prepared	   with	   New	   Zealand	   white	   rabbit	   blood.	   The	  

oxygenation	   level	  was	  controlled	  by	  adding	  sodium	  hydrosulfite	  (Sigma-‐Aldrich,	  

St.	   Louis,	   USA)	   in	   Dulbecco's	   Phosphate-‐Buffered	   Saline	   (DPBS,	   Gibco®|Life	  

Technologies,	   Carsbad,	   CA,	   USA)	   as	   in	   [72]	   and	   checked	   by	   a	   gas	   analyzer.	   The	  

tubes	  were	  scanned	   in	   the	  optoacoustic	  spectrometer	   from	  720	  to	  870	  nm	  with	  

50	  averages	   for	  each	  wavelength.	  Spectral	   fitting	  was	   then	  performed	  using	   the	  

maximum	   of	   the	   integral	   of	   the	   signal	   as	   measuring	   parameter	   in	   this	   case.	   A	  

fewer	  number	  of	  wavelengths	  was	  employed	  in	  this	  case	  to	  prevent	  oxygenation	  

during	  data	   acquisition.	   The	  oxygen	   saturation	   estimated	  with	   the	   optoacoustic	  
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spectrometer	  was	  similar	  to	  the	  one	  obtained	  with	  the	  gas	  analyzer	  as	  shown	  in	  

Figure	  3.9.	  

	  

Figure	   3.9:	   Blood	   oxygenation	   saturation	   level	   measurements.	   (Top)	  

Graph	   obtained	   for	   the	   different	   blood	   tubes	   with	   the	   optoacoustic	  

spectrometer.	  (Botton)	  Comparison	  between	  gas	  analyzer	  measurements	  

and	  optoacoustic	  results	  after	  linear	  fitting.	  
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3.7 Discussion	  

The	  adequate	  selection	  of	  exogenous	  contrast	  agents	  is	  crucial	  while	  enhancing	  

the	   sensitivity	   of	   MSOT.	   A	   wide	   variety	   of	   photo-‐absorbing	   substances	   can	   be	  

used	  as	  probes	  with	   several	   important	   characteristics	  depending	  of	   the	   specific	  

application.	   Some	   of	   these	   features	   involve	   absorption	   spectrum,	   toxicity,	   size,	  

shape,	   chemical	   composition	   and	   targeting	   capacity.	   Absorption	   efficiency	   and	  

photostability	  of	  the	  probe	  are	  important	  parameters	  determining	  the	  necessary	  

dose	   for	   a	   certain	   purpose	   and	   therefore	   its	   kinetics,	   targeting	   efficiency	   and	  

potential	  adverse	  effects.	  

In	   this	   chapter,	   we	   analyzed	   the	   efficiency	   and	   stability	   of	   commonly	   used	  

optoacoustic	   probes	   in	   realistic	   small	   animal	   imaging	   scenarios.	   For	   the	  

experiments,	   the	   near-‐infrared	   spectral	   range	  was	   selected	   due	   to	   the	   superior	  

penetration	  of	  light	  in	  these	  spectral	  wavelengths.	  As	  estimated,	  it	  was	  calculated	  

that	   the	   amplitude	   of	   the	   optoacoustic	   signals	   emitted	   by	   fluorescent	   dyes	   is	  

respectively	   reduced	   by	   their	   quantum	   yield	   in	   comparison	   to	   other	   probes	  

having	  the	  same	  optical	  density	  but	  measured	  with	  a	  spectrophotometer.	  Finally,	  

it	  was	   shown	   that	   the	  bleaching	  effect	  due	   to	   exposure	   to	   the	  nanosecond	   light	  

may	   considerably	   vary	   among	   the	   different	   fluorescent	   dyes.	   A	   self-‐developed	  

optoacoustic	   spectrometer	   further	   allowed	   the	   experimental	   determination	   the	  

optoacoustic	  spectrum	  of	  the	  probes.	  
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4 Rotational	  Mesoscopic	  MSOT	  

4.1 Introduction	  

Heterogeneity	   in	   the	   tumor	   microenvironment	   creates	   gradients	   in	   cell	  

production	   rate	   and	   areas	   of	   hypoxia	   and	   acidity,	   all	   of	   which	   can	   affect	   the	  

sensitivity	  of	  tumor	  cells	  to	  drug	  treatment	  [73].	  In	  vivo	  high	  resolution	  imaging	  

of	   tumors	   can	   thereby	   potentially	   provide	   a	   better	   understanding	   of	   cancer	  

development	   principles	   and	   microenvironment	   gradients	   [74].	   Indeed,	   the	  

administration	   of	   contrast	   agents	   and	   the	   use	   of	   new	   imaging	   systems	   have	  

substantially	   contributed	   to	   the	   understanding	   of	   tumor	   functional	   and	  

histological	  characteristics,	  with	  the	  objective	  to	  progress	  in	  the	  development	  of	  

effective	  anticancer	  therapeutic	  techniques	  [75–82].	  

In	   order	   to	   study	   the	   microenvironment	   gradients	   in	   living	   organisms,	   in	  

particular	   within	   and	   around	   solid	   tumors,	   novel	   MSOT	   setups	   with	   higher	  

resolution	   capacity	   are	   being	   developed.	   	   In	   this	   direction,	   we	   created	   a	   novel	  

Rotational	   Mesoscopic	   MSOT	   (RM-‐MSOT)	   system.	   It	   is	   based	   on	   tomographic	  

detection	   of	   signals	   with	   cylindrically-‐focused	   transducers,	   which	   is	  

advantageous	  for	  many	  optoacoustic	  applications	  [32,68,83–88].	  In	  a	  similar	  way	  

to	   traditional	   MSOT	   setups,	   this	   system	   permits	   the	   simultaneous	   analysis	   of	  
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intrinsic	  and/or	  external	  photo	  absorbers	  for	  anatomic,	  functional	  and	  molecular	  

information	  with	  good	  penetration	  depth	  and	  superior	  resolution.	  In	  this	  chapter,	  

we	  describe	  and	  characterize	  the	  RM-‐MSOT	  and	  present	  its	  application	  for	  ex	  vivo	  

and	  imaging	  of	  tumors	  in	  mice.	  

4.2 Setup	  

The	   Rotational	   Mesoscopic	   MSOT	   (RM-‐MSOT)	   system	   was	   developed	   to	   image	  

solid	  tumors	  in	  preclinical	  studies	  with	  high	  resolution.	  The	  system	  is	  depicted	  in	  

Figure	  4.1.	  Several	  important	  components	  can	  be	  distinguished,	  the	  OPO	  laser	  to	  

provide	   illumination,	   the	  water	   tank	  with	  a	   capacity	  of	  70	  L	  offering	  a	   coupling	  

medium	   for	   the	   optoacoustic	   signals,	   a	   cylindrically-‐focused	   ultrasound	  

transducer	   (a	  detector	  with	  15	  MHz	  central	   frequency	  was	  primarily	  used),	   the	  

motors	  to	  position	  the	  different	  samples	  and	  the	  acquisition	  PC	  system	  to	  register	  

and	  save	   the	  data,	  which	  was	   subsequently	  used	   to	   reconstruct	   the	   images.	  For	  

measurements,	  the	  water	  temperature	  was	  maintained	  at	  a	  constant	  value	  of	  340	  

with	  two	  heaters	  HT200	  (Tetra,	  Melle,	  Germany).	  
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Figure	  4.1:	  Schematics	  of	  the	  RM-‐MSOT	  system.	  The	  sample	  is	  illuminated	  

with	   4	   waterproof	   optical	   fibers	   inside	   a	   water	   tank.	   An	   ultrasonic	  

cylindrically-‐focused	  transducer	  with	  15	  MHz	  central	  frequency	  was	  used	  

to	  receive	  the	  optoacoustic	  signals	  from	  the	  samples.	  An	  animal	  bed	  with	  

a	  plastic	  membrane	  for	  the	  animal	  experiments,	  enabled	  positioning	  the	  

area	  of	   interest	   to	  water.	  All	   the	  components	  of	   the	  RM-‐MSOT	  system	  as	  

well	  as	  the	  acquisition	  card	  and	  motors	  (not	  showed	  in	  this	  figure)	  were	  

controlled	  by	  a	  computer.	  	  	  	  	  

4.2.1 Laser	  illumination	  

The	   illumination	   elements	   of	   the	   system	   were	   mounted	   and	   aligned	   in	   an	  

optical	   table,	   avoiding	   vibrations	   and	   providing	   safe	   operations,	   in	   particular	  

related	  to	  laser	  hazards.	  The	  near-‐infrared	  light	  was	  delivered	  by	  a	  tunable	  OPO	  

class	   IV	   laser	  Vibrant	  5312I	   (OPOTEK,	  Carsbad,	  CA,	  USA),	  being	  pumped	  with	  a	  

flash-‐lamp	  excited	  Nd:YAG	   laser	   (Brilliant,	  Quantel,	  Les	  Ulis,	  France).	  The	  pump	  

laser	  creates	  a	  beam	  at	  a	  wavelength	  of	  1,064	  nm.	  Two	  different	  mirrors	  redirect	  
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this	  beam	  into	  a	  Second	  Harmonic	  Generator	  (SHG)	  where	  is	  transformed	  to	  532	  

nm.	  The	  initial	  laser	  beam	  is	  horizontally	  polarized	  parallel	  to	  the	  table,	  and	  a	  λ/2	  

waveplate	   turns	   the	  polarization	  of	   the	  beam	   in	  order	   to	   adapt	   it	   to	   the	   SHG.	  4	  

dichroic	   mirrors	   guide	   the	   1,064	   nm	   beam	   to	   a	   beam	   block	   to	   prevent	   that	   it	  

reaches	  the	  OPO.	  A	  dichroic	  mirror	  is	  used	  to	  guide	  the	  pump	  beam	  into	  the	  OPO.	  

The	  internal	  prism	  of	  the	  OPO	  retro-‐reflects	  the	  residual	  pump	  beam	  at	  532	  nm	  

back	  towards	  the	  laser.	  Another	  mirror	  redirects	  this	  beam	  away	  from	  the	  laser.	  A	  

wavelength	  separation	  module	   isolates	  the	  signal	   from	  the	   idler.	  The	  OPO	  beam	  

comes	  outside	  the	  laser	  after	  crossing	  the	  attenuator	  module.	  

Figure	  4.2:	  Opotek	  Vibrant	  5312I	  laser	  system.	  The	  principal	  components	  

of	   the	  Vibrant	   are	   the	  Nd:YAG	   laser,	   the	   λ/2	  plate,	   the	   second	  harmonic	  

generator	   (SHG),	   the	   mirror	   block	   (MB)	   and	   the	   optical	   parametric	  

oscillator	  (OPO).	  

The	  OPO	  converts	   the	   input	   laser	  at	  a	  wavelength	  of	  532	  nm	   into	   two	  beams	  

(signal	  and	  idler)	  with	  longer	  wavelengths.	  A	  laser	  beam	  (pump)	  with	  a	  frequency	  

of	  𝜈!	  comes	  into	  a	  cavity	  and	  interacts	  with	  a	  non-‐linear	  crystal,	  creating	  the	  two	  

beams	   already	   mentioned	   with	   frequencies	   𝜈! 	  (signal)	   and	   𝜈! 	  (idler).	   These	  

frequencies	  are	  related	  with	  the	  energy	  conservation	  equation	  as	  [89]	  

λ/2$Plate$ Nd,YAG$

SHG$ MB$ OPO$

Signal:$700,900$nm$

1064$nm$ 532$nm$
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𝜈! = 𝜈! + 𝜈! .	  

(4.1)	  	  

For	  a	  wavelength	  of	  532	  nm	  for	  the	  pump	  beam,	  a	  tunable	  signal	  wavelength	  𝜆!	  

between	  690-‐950	  nm	  and	  a	  tunable	  idler	  signal	  wavelength	  𝜆! 	  in	  a	  range	  of	  1,200-‐

2,450	   nm	   are	   rendered.	   According	   to	   Eq.	   (4.1),	   the	   wavelength	   splitting	   is	   as	  

follows	  

	  

1 532 = 1 𝜆! + 1 𝜆! .	  

(4.2)	  

In	  this	  work,	  only	  the	  signal	  beam	  coming	  from	  the	  laser	  was	  used	  and	  guided	  

with	  a	   custom-‐made	   fiber	  bundle.	  The	  bundle	  has	  an	   input	  diameter	  of	  3.6	  mm	  

and	  it	  consists	  of	  260	  quartz	  fibers	  melted	  together	  in	  the	  input	  side	  and	  arranged	  

to	  4	  waterproof	  output	  arms	  with	  65	  fibers	  each	  (Ceramoptec	  Industries	  Inc.,	  East	  

Longmeadow,	   MA,	   USA).	   The	   arms	   were	   positioned	   in	   a	   symmetric	   way	  

(separated	  by	  an	  angle	  of	  900)	  in	  the	  water	  tank	  around	  the	  sample.	  Each	  of	  the	  

fibers	  had	   a	  diameter	  of	   200/230	  μm	  core/cladding	   and	  a	   length	  of	   1.8	  m.	  The	  

fiber	   bundle	   was	   protected	   by	   a	   flexible	   PVC-‐Kevlar	   compound	   that	   allows	  

contact	  with	  water	  and	  also	   flexibility	   in	   the	  bend	  parts.	  Each	  arm	   finished	   in	  a	  

minimal	  size	  ferrule	  with	  the	  fibers	  located	  next	  to	  each	  other,	  so	  that	  the	  sample	  

is	  illuminated	  in	  a	  slice	  as	  thinner	  as	  possible	  parallel	  to	  the	  optical	  table.	  	  	  

The	   idler	   beam	   presented	   some	   disadvantages	   to	   irradiate	   the	   samples	   like	  

lower	   pulse	   energy	   (1/3	   of	   the	   signal)	   and	   absorption	   in	   the	   coupling	   water	  

medium	  in	   the	  mentioned	  spectral	   range,	  although	  these	  wavelengths	  present	  a	  

higher	  maximum	  permissible	  exposure	  (MPE)	  in	  tissues.	  The	  illumination	  energy	  

on	   the	   sample	   surface	   was	   always	   under	   20	   mJ/cm2	   according	   to	   laser	   safety	  

standards	  [90].	  
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The	  Q-‐switch	  of	  the	  laser	  was	  coupled	  to	  a	  rectangle	  function	  trigger	  signal	  and	  

transmitted	  to	  the	  acquisition	  card	  by	  a	  coaxial	  cable	  in	  order	  to	  synchronize	  the	  

recorded	   optoacoustic	   signals	   to	   the	   transducer	   with	   the	   corresponding	   light	  

pulse.	  

The	   laser	   power	  was	  measured	   in	   the	   first	   experiments	  with	   a	   power	  meter	  

FieldMaxII-‐Top	   (Coherent®,	   Santa	   Clara,	   CA,	   USA)	   and	   saved	   to	   allow	   light	  

fluctuation	  corrections	  during	   later	  analysis.	   In	  an	  accurate	  and	  more	  automatic	  

way,	  a	  photodiode	  DET10A	  from	  Thorlabs	  (Newton,	  NY,	  USA)	  was	  added	  after	  to	  

the	   system	  at	   the	   entrance	   of	   the	   4-‐arms	   fiber	   bundle	   to	   correct	   the	   power	   for	  

each	  laser	  pulse.	  The	  data	  was	  recorded	  by	  one	  of	  the	  channels	  of	  the	  acquisition	  

card	  described	  later	  in	  section	  4.2.3.	  	  	  	  

4.2.2 Ultrasonic	  detectors	  

The	  election	  of	  the	  ultrasonic	  transducer	  in	  optoacoustic	  tomographic	  imaging	  

is	  conditioned	  by	  the	  size	  of	  the	  imaged	  structures	  in	  the	  sample,	  which	  relates	  to	  

the	  frequency	  bandwidth	  of	  the	  emitted	  signals.	  The	  characteristics	  of	  the	  single	  

element	  ultrasonic	  transducers	  used	  in	  this	  thesis	  are	  displayed	  in	  Table	  4.1.	  	  The	  

beam	   width	   and	   length	   have	   been	   calculated	   with	   Eqs.	   (2.2)	   and	   (2.3),	  

respectively.	  
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Transducer	   Focus	  

Central	  

Frequency	  

(MHz)	  

-‐6dB	  

Bandwidth	  

(MHz)	  

Focal	  

Length	  

(mm)	  

Element	  

Diameter	  

(mm)	  

-‐6dB	  

BW	  

(μm)	  

-‐6dB	  

BL	  

(mm)	  

PNDT	  V319	   CF	   15.28	   7.3	   19.1	   13	   150	   1.7	  

PNDT	  V320	   CF	   7.5	   5.8	   25.4	   13	   400	   5.8	  

PNDT	  V382	   CF	   3.5	   2.8	   38.1	   13	   1,281	   24.7	  

Table	  4.1:	  Ultrasonic	  transducers	  used	  with	  different	  parameters.	  PNDT:	  

Panametrics	   NDT,	   CF:	   Central	   Focused,	   BW:	   Beam	  Width	   at	   the	   Central	  

Frequency,	  BL:	  Beam	  Length	  at	  the	  Central	  Frequency.	  

For	   a	   transducer	   with	   a	   short	   focal	   length,	   the	   BW	   is	   shorter	   and	   the	   BL	   is	  

smaller	  (less	  depth	  of	  field)	  than	  for	  a	  transducer	  with	  a	  longer	  focal	   length	  and	  

the	   same	   diameter.	   A	   transducer	   with	   a	   short	   beam	   width	   leads	   to	   a	   better	  

vertical	  resolution	  in	  tomography	  scanning	  due	  to	  the	  ability	  to	  record	  slices	  with	  

thinner	   step	   between	   them.	   From	   the	   transducers	   displayed	   in	   Table	   4.1,	   the	  

transducer	   PNDT	   V319	   probably	   represents	   the	   best	   alternative	   to	   acquire	   an	  

optoacoustic	   3-‐D	   reconstruction	   of	   a	   small	   structure	   like	   a	   tumor	   by	   stacking	  

multiple	   slices	  due	   to	   its	   smaller	  BW	  and	  a	  BL.	  Considering	   that	   the	   transducer	  

focal	   length	   for	   this	   element	   is	   short,	   larger	   samples	   do	   not	   fit	   in	   the	   scanning	  

geometry,	   so	   that	   the	  best	  option	   to	   image	  bigger	  objects	   is	  probably	   the	  PNDT	  

V382.	  For	  this	  transducer,	  the	  vertical	  resolution	  is	  reduced	  but	  the	  field	  of	  view	  

is	   larger.	   The	   deterioration	   in	   the	   tomographic	   reconstructions	   when	   imaging	  

structures	  located	  out	  of	  focus	  can	  be	  partially	  resolved	  by	  modeling	  the	  shape	  of	  

the	  transducers	  in	  the	  reconstruction	  algorithm	  [91].	  
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Figure	  4.3:	  Beam	  shape	  for	  the	  PNDT	  V319.	  

4.2.3 Signal	  amplification	  and	  recording	  

The	   transducers	   were	   connected	   to	   active	   amplifiers	   AU-‐1291	   (Miteq,	  

Hauppauge,	  NY,	  USA)	  with	  a	  gain	  of	  63	  dB.	  After	  amplification	  of	  the	  optoacoustic	  

signals,	  they	  were	  digitalized	  with	  a	  dual	  channel	  acquisition	  card	  Gage	  Octopus	  

Compuscope	  8327	  (Gage,	  Lockport,	  IL,	  USA)	  with	  14	  bit	  vertical	  resolution.	  Due	  to	  

the	   limitation	   of	   the	   acquisition	   card,	   a	   maximum	   of	   two	   simultaneous	  

measurements	   with	   two	   different	   transducers	   was	   performed,	   where	   the	  

transducers	  where	  positioned	  at	  opposite	  sides	   from	  the	  sample.	  The	  recording	  

parameters,	  such	  as	  the	  number	  of	  acquired	  channels,	  amount	  of	  projections	  per	  

slice,	  quantity	  of	  imaging	  slices,	  total	  time	  points	  per	  projection,	  acquisition	  mode	  

(continuous	   or	   stepping	   the	   motors)	   and	   illumination	   wavelengths,	   were	  

controlled	   with	   a	   self-‐developed	   graphical	   user	   interface	   (GUI)	   in	   Labview	  

(National	  Instruments,	  Munich,	  Germany).	  

4.2.4 Stages	  

The	   samples	   were	   placed	   in	   the	   center	   of	   the	   transducer	   focal	   zone	   with	   3	  

motorized	  linear	  stages	  corresponding	  to	  each	  of	  the	  3	  Cartesian	  axes.	  For	  the	  X	  

and	  Y	  directions,	  linear	  stages	  with	  50	  mm	  travel	  distance	  were	  used	  (MTS50-‐Z8),	  

max$

min$

5$mm$
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and	  for	  the	  Z	  direction	  a	  linear	  stage	  with	  100	  mm	  travel	  distance	  was	  employed	  

(NRT100/M).	  A	  motorized	  rotation	  stage	  (PRM1-‐Z8)	  was	  then	  used	  to	  rotate	  the	  

sample	   and	   acquire	   signals	   from	   different	   angular	   projections.	   The	   vertical	  

rotation	   axis	   is	   located	   in	   the	   center	   of	   the	   transducer	   focal	   zone	   and	   fixed	  

illumination	   is	  maintained	   during	   the	   rotation	   scan.	   The	   linear	   stages	   for	   the	   X	  

and	   Y	   coordinates	   and	   the	   rotation	   stage	  were	   connected	   to	   3	  DC	   Servo	  Motor	  

Controllers	   TDC001.	   On	   the	   other	   hand,	   a	   BSC101	   one-‐channel	   stepper	   motor	  

controller	  governed	   the	  Z-‐	  axis.	  The	  motors	  and	  controllers	  were	  manufactured	  

by	  Thorlabs	  (Newton,	  NY,	  USA).	  

Figure	   4.4:	   Stages	   and	   controllers	   in	   the	   RM-‐MSOT	   system.	   The	   linear	  

stages	   for	   the	  Cartesian	   coordinates	  X,	  Y	  and	  Z	  and	   the	   rotation	   stage	  φ	  

with	  a	  holder	  for	  phantoms	  connected	  to	  their	  respective	  controllers.	  

To	  acquire	  different	  cross-‐sectional	  images,	  the	  samples	  were	  moved	  along	  the	  

Z-‐axis	   with	   a	   certain	   step	   after	   finalizing	   a	   complete	   rotation	   scan	   (3600).	   For	  

phantom	  experiments,	  these	  were	  attached	  to	  a	  holder	  fixed	  to	  the	  rotation	  stage	  

as	   presented	   in	   Figure	   4.4.	   When	   experiments	   with	   mice	   were	   performed,	   the	  
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animals	  were	  positioned	   in	  a	  plastic	  bed	  attached	  to	   the	  rotation	  stage	  with	   the	  

tumors	  in	  contact	  with	  water	  as	  a	  coupling	  medium	  as	  explained	  in	  4.5.2.3.	  

The	  maximum	  rotation	  speed	  of	   the	  PRM1-‐Z8	   is	  250/s,	  which	  corresponds	  to	  

complete	   a	   single	   slice	   in	   14.4	   s.	   In	   such	   case,	   a	   rotational	   scan	   consists	   of	  

acquisition	   of	   288	   signals	   for	   a	   laser	   repetition	   rate	   of	   20	   Hz.	   Continuous	  

acquisition	   of	   signals	   while	   rotation	   (no	   averaging)	   corresponds	   to	   the	   fastest	  

method	  to	  acquire	  optoacoustic	  signals.	  The	  rotation	  speed	  can	  then	  be	  adjusted	  

according	  to	  the	  number	  of	  projections	  needed.	  Alternatively,	  step-‐wise	  rotation	  

can	  be	  performed,	  where	  the	  rotation	  scan	  is	  stopped	  at	  each	  projection	  so	  that	  

the	  signals	  are	  averaged	  for	  a	  given	  number	  of	  illumination	  pulses.	  	  

For	   the	   images	   presented	   in	   this	   work,	   continuous	   acquisition	   with	   a	   large	  

number	   of	   projections	  was	   done,	   presenting	   similar	   signal	   to	   noise	   ratio	   (SNR)	  

results	  that	  the	  ones	  done	  in	  the	  same	  time	  with	  less	  projections	  and	  stepping	  the	  

rotation	   stage.	   The	   continuous	   acquisition	   approach	   does	   not	   suffer	   of	   Doppler	  

distortions	  as	  it	  was	  shown	  in	  [92].	  In	  the	  experiments	  explained	  below,	  a	  total	  of	  

4000	   projections	   were	   acquired	   for	   every	   tomographic	   slice.	   This	   number	  

presented	   a	   reasonable	   tradeoff	   between	   SNR	   and	   acquisition	   time	   for	  

experiments.	  

Optoacoustic	  images	  with	  equivalent	  acquisition	  times	  of	  a	  hexagonal	  India	  ink	  

insertion	  in	  a	  scattering	  phantom	  in	  continuous	  mode	  and	  stepping	  the	  rotation	  

stage	  are	  compared	  in	  Figure	  4.5	  A-‐B	  respectively.	  Back-‐projection	  reconstruction	  

was	  used	  in	  both	  cases.	  The	  SNR	  defined	  as	  the	  ratio	  between	  the	  μsignal	  (average	  

signal	   value)	   in	   the	   purple	   area	   and	   the	   σbackground	   (standard	   deviation	   of	   the	  

background)	   in	   the	   yellow	   square	   is	   calculated	   for	   images	   obtained	   with	  

continuos	   acquisition,	   considering	   different	   number	   of	   projections.	   The	   results	  

are	  plotted	  in	  Figure	  4.5	  C,	  where	  the	  SNR	  follow	  a	  non-‐linear	  increase	  with	  the	  

number	  of	  projections	  [93].	  
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Figure	   4.5:	   Optoacoustic	   reconstructions	   with	   different	   number	   of	  

projections.	   (A)	   Optoacoustic	   image	   of	   an	   India	   ink	   insertion	   in	   a	  

scattering	   phantom	   acquired	  with	   4000	   projections	   in	   continuos	  mode.	  

(B)	  Same	  optoacoustic	  slice	  obtained	  by	  stepping	  the	  rotation	  stage	  with	  

91	   angular	   projections	   around	   the	   3600	   and	   18	   averages	   in	   each	  

projection	  (same	  acquisition	   time	   than	   in	  A).	   (C)	  Comparison	  of	   the	  SNR	  

between	  the	  signal	  in	  the	  hexagon	  (purple)	  and	  the	  background	  (yellow)	  

for	  images	  acquired	  as	  in	  A	  using	  different	  number	  of	  projections.	  	  

A	   very	   important	   factor	   while	   performing	   optoacoustic	   acquisition	   in	  

continuous	   mode	   is	   the	   correct	   movement	   of	   the	   rotation	   stage	   without	  

interruptions	   and	   at	   a	   constant	   speed.	   To	   illustrate	   that	   the	   stage	  movement	   is	  
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correctly	  performed,	  a	  sinogram	  of	  3	  microspheres	  with	  100	  μm	  size	  embedded	  

in	   the	   same	   Z-‐plane	   in	   a	   scattering	   phantom	   is	   represented	   in	   Figure	   4.6.	   The	  

illumination	  wavelength	  employed	  was	  750	  nm	  corresponding	   to	   the	  maximum	  

energy	  of	  the	  laser.	  The	  results	  indicate	  a	  smooth	  rotation	  around	  the	  sample	  and	  

a	  correct	  reconstruction	  of	  the	  microspheres	  with	  the	  back-‐projection	  algorithm.	  

Figure	   4.6:	   	   Rotation	   around	   the	   sample	   and	   reconstruction.	   (A)	  

Optoacoustic	   sinogram	   of	   3	   microspheres	   with	   100	   μm	   size.	   The	   time	  

samples	   of	   the	   recorded	   optoacoustic	   signals	   are	   represented	   for	   every	  

projection	  as	  sinusoids.	  The	  three	  curves	  appear	  to	  be	  smooth	  around	  the	  

3600	   showing	   a	   continouos	   movement	   of	   the	   rotation	   motor.	   (B)	   Back-‐

projection	  reconstruction	  of	  the	  same	  microspheres.	  

4.3 Characterization	  of	  the	  system	  

Phantom	  experiments	  were	  performed	   to	   characterize	   the	   resolution,	   optical	  

penetration	   and	   sensitivity	   of	   the	   system.	   The	   characterization	   phantoms	  were	  

done	   using	   1.3%	   (wt./vol.)	   agar	   (Sigma-‐Aldrich,	   St.	   Louis,	   MO,	   USA)	   in	   H2O.	  

Intralipid	   (Sigma-‐Aldrich,	   St.	   Louis,	   MO,	   USA)	   was	   added	   to	   get	   a	   reduced	  

scattering	  coefficient	  μs’	  =	  5	  cm-‐1.	  The	  final	  size	  of	  the	  phantoms	  was	  18	  mm	  in	  
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diameter	  and	  45	  mm	  height.	  No	  optical	  absorption	  was	  added	  to	  the	  phantoms.	  A	  

different	   tissue-‐mimicking	   phantom	   was	   used	   to	   characterize	   the	   optical	  

penetration.	  The	  diameter	  and	  height	  of	  this	  phantom	  were	  30	  mm	  and	  45	  mm,	  

respectively.	   India	   ink	   (Higgins,	   Sanford	   Bellwood,	   IL,	   USA)	   was	   added	   to	   this	  

phantom	   to	   achieve	   a	   μa	   coefficient	   of	   0.25	   cm-‐1	   at	   800	  nm.	   Intralipid	   (Sigma-‐

Aldrich,	   St.	   Louis,	   MO,	   USA)	   at	   a	   concentration	   of	   1.2%	   (vol./vol.)	   was	   also	  

included,	  corresponding	  to	  a	  scattering	  coefficient	  µs’	  of	  10	  cm-‐1.	  	  The	  absorption	  

and	   scattering	   coefficients	   of	   the	   phantom	   mimic	   those	   of	   blood	   at	   one	   of	   its	  

isosbestic	   points	   (800	  nm).	   The	   transducer	   used	   for	   the	   characterization	  

experiments	  was	  the	  PNDT	  V319	  as	  described	  in	  Table	  4.1.	  

4.3.1 In-‐plane	  and	  vertical	  resolution	  

To	   evaluate	   the	   in-‐plane	   resolution	   of	   the	   RM-‐MSOT	   system,	   a	   cylinder	  

scattering	   phantom	   containing	   two	   20	   μm	   diameter	   sutures	   forming	   a	   cross	  

shape	  was	   imaged.	  The	   illumination	  wavelength	  was	  set	   to	  750	  nm	  and	  a	  band-‐

pass	   filter	   was	   applied	   to	   the	   optoacoustic	   signals	   with	   cut-‐off	   frequencies	  

between	  5	  and	  25	  MHz.	  The	  phantom	  was	  scanned	  along	  the	  Z-‐axis	  with	  a	  step	  of	  

50	  µm	  between	  optoacoustic	   slices,	   creating	  a	   total	  of	  50	  different	   tomographic	  

planes	   being	   reconstructed	   with	   back-‐projection.	   In	   Figure	   4.7	   A	   the	  

reconstructed	   3D	   volume	   of	   the	   sutures	   is	   presented.	   To	   calculate	   the	   in-‐plane	  

resolution,	   a	   representative	   2D	   optoacoustic	   slice	   near	   the	   suture	   intersection	  

was	   selected	   from	   the	   acquired	   stack	   (Figure	   4.7	   B).	   The	   central	   profile	   of	   this	  

image	  was	   extracted	   (blue	   in	   Figure	   4.7	   B)	   and	   fitted	   to	   a	   combination	   of	   two	  

Gaussian	  curves	   (red	   in	  Figure	  4.7	  C).	   	  The	   resolution	  was	  defined	  according	   to	  

the	  Rayleigh	  criterion	  by	  taking	  the	  distance	  between	  the	  centers	  of	  the	  Gaussians	  

(green	   and	   black	   curves	   in	   Figure	   4.7	   D).	   The	   measured	   distance	   was	   52	  µm,	  

which	  corresponds	   to	   the	  width	  of	   the	   convolution	  of	   the	  point	   spread	   function	  

(PSF)	  of	   the	   system	   (corresponding	   to	  a	  point	   source)	   and	  a	   square	   function	  of	  
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width	  20	  µm	  (representing	  the	  suture).	  Thereby,	  the	  full-‐width	  at	  half	  maximum	  

of	   the	   PSF	   of	   the	   system	   was	   estimated	   as	   50	  µm,	   representing	   the	   actual	  

resolution.	  

Figure	  4.7:	  In-‐plane	  resolution	  obtained	  with	  the	  RM-‐MSOT	  system.	  (A)	  3D	  

optoacoustic	   reconstruction	   of	   two	   sutures	   forming	   a	   cross	   inside	   agar	  

phantom	  after	   scanning	  with	  RM-‐MSOT	  along	   the	  Z-‐axis	   to	   study	   the	   in-‐

plane	   resolution.	   (B)	   One	   of	   the	   images	   from	   the	   3D-‐stack	   near	   the	  

intersection	   of	   the	   two	   sutures.	   (C)	  Optoacoustic	   signal	   intensity	   profile	  

along	  the	  middle	  of	  image	  B	  (blue).	  Also	  the	  fitting	  for	  the	  profile	  has	  been	  

calculated	   (red).	   (D)	   Gaussian	   curves	   calculated	   after	   the	   fitting	   in	   C	  

(green	  and	  black).	  The	  two	  Gaussians	  have	  been	  move	  until	  matching	  the	  

Rayleigh	  criterion.	  The	  in-‐plane	  resolution	  was	  estimated	  as	  50	  µm.	  

The	  vertical	  resolution	  was	  studied	  with	  a	  suture	  with	  30	  μm	  diameter.	  It	  was	  

scanned	   15	  mm	   along	   the	   Z-‐axis	   and	   parallel	   to	   the	   transducer	   focal	   area.	   One	  

single	   spatial	   projection	   was	   acquired	   without	   rotating	   the	   sample,	   after	   100	  

averages	  with	  a	   step	  of	  10	  µm.	  The	   illumination	  wavelength	  was	  set	   to	  750	  nm	  

and	  the	  same	  filter	  as	  in	  the	  in-‐plane	  resolution	  experiment	  was	  applied	  for	  each	  
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of	  the	  signals	  after	  averaging.	  Figure	  4.8	  presents	  the	  graph	  for	  the	  distribution	  of	  

the	  maximum	   of	   the	   optoacoustic	   signal	   along	   the	   Z-‐axis	   at	   each	  measurement	  

step	  (blue).	  	  After	  applying	  a	  Gaussian	  fit	  (red),	  the	  vertical	  resolution	  measured	  

was	  estimated	  as	  311	  μm	  according	  to	  the	  Full	  Width	  at	  Half	  Maximum	  (FWHM)	  

principle.	   Unlike	   the	   in-‐plane	   resolution,	   the	   vertical	   resolution	   was	   not	  

significantly	  affected	  by	  deconvolution	  taking	  into	  account	  the	  suture	  size.	  

Figure	  4.8:	  Vertical	   resolution	  measurement	  with	  RM-‐MSOT	  system.	  The	  

spatial	   distribution	   of	   the	  maximum	   of	   the	   optoacoustic	   signal	   along	   Z-‐

axis	  for	  each	  of	  the	  10	  µm	  steps	  acquired	  from	  the	  phantom	  containing	  a	  

30	   µm	   thick	   suture	   is	   shown	   (blue).	   	   The	   vertical	   resolution	  measured	  

after	  a	  Gaussian	  fit	  (red)	  was	  311	  µm	  according	  to	  the	  FWHM.	  	  

4.3.2 In-‐plane	  artifacts	  

One	  of	  the	  effects	  produced	  while	  performing	  OAT	  with	  a	  cylindrically-‐focused	  

transducer	  having	  a	  finite	  width	  is	  the	  smearing	  in	  the	  images	  in	  absorbers	  that	  

are	  positioned	  away	  from	  the	  center	  (in-‐plane	  artifacts).	  This	  is	  created	  due	  to	  the	  

fact	   that	   reconstructions	   assumed	   point	   detectors	   in	   the	   model	   and	   not	   a	  

O
pt
oa

co
us
)c
*si
gn
al
,*a
.u
.*

Distance,*mm*

0.02$

0.01$

0.00$
5$ 10$0$ 15$

0.05$

0.04$

0.03$

0.07$

0.06$

FWHM$

Experimental$data$
Gaussian$fit$0.08$

0.09$

0.1$



	  
	  

76	  

transducer	  with	  a	  certain	  surface.	  To	  illustrate	  this	  effect,	  a	  cylindrical-‐scattering	  

phantom	  was	  done	  with	  50	  μm	  size	  microspheres	  located	  at	  the	  same	  plane.	  	  One	  

single	  optoacoustic	  slice	  of	  the	  microspheres	  was	  reconstructed	  with	  direct	  back-‐

projection	  (assuming	  point	  detectors)	  and	  with	  model-‐based	  inversion	  (assuming	  

a	   line	   detector).	   The	   resulting	   images	   are	   showcased	   in	   Figure	   4.9.	   The	   second	  

method	  was	  chosen	  due	  to	  the	  reason	  that	  all	  the	  optoacoustic	  signals	  came	  from	  

the	   same	   2-‐D	   plane	   so	   that	   no	   out-‐of-‐plane	   artefacts	   are	   present.	   In	   Figure	   4.9	  

(right)	  the	  correction	  of	  the	  smearing	  in	  the	  microspheres	  far	  from	  the	  center	  is	  

clear.	  Modelling	  the	  shape	  of	  the	  transducer	  in	  the	  elevation	  direction	  would	  help	  

minimizing	  the	  out-‐of-‐plane	  artefacts,	  which	  are	  not	  present	  in	  the	  example	  above	  

but	  can	  be	  significant	   in	  practical	   cases.	  However,	  a	   three-‐dimensional	  model	   is	  

required	  for	  this	  purpose,	   leading	  to	  unaffordable	  memory	  requirements	  for	  the	  

resolution	  and	  number	  of	  projections	  of	  the	  system.	  Future	  developments	  of	  the	  

model	  are	  however	  expected	  to	  further	  improve	  the	  reconstructions.	  

	  

	  

Figure	  4.9:	  Reconstruction	  of	  microspheres.	  (Left)	  Direct	  back-‐projection	  

optoacoustic	   image	   of	   50	   μm	   size	   spheres.	   (Right)	   Line	   detector	  model-‐

based	   reconstruction	   for	   the	   same	  microspheres	   with	   correction	   of	   the	  

smearing	  effect.	  
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4.3.3 Measurements	  with	  two	  transducers	  

To	   prove	   the	   capability	   of	   the	   system	   to	   detect	   optoacoustic	   slices	  with	   two	  

different	  transducers,	  the	  V319	  and	  V320	  were	  connected	  to	  the	  acquisition	  card	  

symmetrically	  with	   the	  sample	   in	   the	  middle.	   In	   this	  case,	  a	  scattering	  phantom	  

with	  5	  microspheres	  (3	  of	  them	  with	  200	  μm	  and	  2	  with	  100	  μm)	  in	  the	  same	  Z-‐

level	  was	  scanned.	  The	  results	  are	  shown	  in	  back-‐projection	  in	  Figure	  4.10.	  

Figure	   4.10:	   Reconstruction	   of	   microspheres	   with	   2	   transducers.	   (A)	  

Diagram	   of	   the	   phantom	   with	   the	   microspheres.	   (B)	   Optoacoustic	  

reconstruction	   of	   the	  microspheres	   using	   the	   15	  MHz	   central	   frequency	  

transducer.	   (C)	   Optoacoustic	   reconstruction	   similar	   to	   B	   using	   the	   7.5	  

central	  frequency	  transducer	  with	  1800	  difference	  in	  the	  image.	  	  
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4.3.4 Optical	  penetration	  depth	  

To	   study	   the	   optical	   penetration	   capability	   of	   the	   RM-‐MSOT	   system,	   a	  

phantom	  with	  similar	  absorption	  and	  scattering	  properties	  as	  in	  biological	  tissues	  

was	   used	   to	   emulate	   the	   effects	   of	   imaging	   of	   deep-‐located	   structures.	   This	  

phantom	  contained	  a	  2	  mm	  size	  hexagonal	  insertion	  with	  10-‐fold	  absorption	  and	  

same	  scattering	  as	  compared	  to	  the	  background,	  which	  simulates	  a	  possible	  blood	  

vessel.	  A	  single	  optical	  plane	  of	  the	  phantom	  was	  acquired	  at	  800	  nm	  as	  explained	  

above	  in	  Section	  4.2.4.	  Figure	  4.11	  shows	  the	  optoacoustic	  reconstruction	  of	  the	  

insertion	   obtained	   with	   direct	   back-‐projection.	   The	   calculated	   SNR	   ratio	  

(μsignal/σbackground)	  between	  the	  signal	   in	   the	  center	  of	   insertion	  (red	  square)	  and	  

background	   (white	   square)	   was	   11.01,	   which	   was	   in	   agreement	   with	   the	  

measured	   initial	   phantom	   absorption	   characteristics.	   This	   result	   demonstrates	  

the	  capability	  of	  the	  system	  to	  image	  blood	  structures	  at	  depths	  of	  15	  mm	  within	  

biological	  tissues,	  which	  is	  much	  deeper	  than	  the	  tumors	  studied.	  

Figure	   4.11:	   Insertion	   in	   tissue	   mimicking	   phantom.	   The	   estimated	  

measured	   SNR	   ratio	   between	   the	   signal	   (red	   square)	   and	   background	  

(white	  square)	  was	  11.01.	  
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4.3.5 System	  sensitivity	  

To	   estimate	   the	   sensitivity	   of	   the	   RM-‐MSOT	   system	   to	   detect	   external	  

contrast	  agents,	  a	  scattering	  phantom	  with	  a	  3	  mm	  white	  plastic	  straw	  containing	  

either	   liposomes	  with	   indocyanine	   green	   (Lipo-‐ICG)	   or	   AuNR	   disolved	   in	   DPBS	  

(Gibco®|Life	  Technologies,	  Carsbad,	  CA,	  USA)	  to	  achieve	  various	  optical	  densities	  

(0.25,	  0.5,	  1	  and	  2)	  was	  imaged	  at	  the	  peak	  absorption	  wavelengths	  (800	  nm	  for	  

the	  Lipo-‐ICG	  and	  720	  nm	  for	  the	  AuNR).	  Results	  show	  that	  both	  contrast	  agents	  

could	   be	   visualized	   at	   all	   ranges	   of	   ODs	   studied,	  where	   the	   probes	  with	   higher	  

concentration	   (Figure	  4.12	  A)	   present	   higher	   signal	   compared	   to	   the	   ones	  with	  

lower	  concentration.	  The	  dependence	  of	  the	  optoacoustic	  signal	  and	  the	  OD	  of	  the	  

probe	   were	   quantitatively	   studied.	   Therefore,	   the	   average	   optoacoustic	   signal	  

was	   measured	   for	   each	   of	   the	   pixels	   inside	   the	   straws	   containing	   Lipo-‐ICG	   or	  

AuNR	  in	  various	  concentrations	  and	  compared	  with	  the	  previously	  calculated	  OD	  

in	   the	   spectrometer.	   As	   shown	   in	   Figure	   4.12	   B,	   the	   optoacoustic	   signals	   were	  

directly	   proportional	   to	   the	   measured	   OD	   of	   the	   contrast	   agents.	   Linear	  

regression	   equations	   and	   determination	   coefficients	   (R2)	   were	   calculated	   to	  

define	   how	   linear	   was	   the	   dependence	   between	   optoacoustic	   signals	   and	   ODs.	  

The	   linear	   regression	   equations	   for	   Lipo-‐ICG	   and	   AuNR	   were	   respectively:	  

y=6.5605x+2.1973	  and	  y=2.8993x+0.0674.	  The	  calculated	  regression	  coefficients	  

were	   R2=0.9924	   for	   Lipo-‐ICG	   and	   R2=0.9957	   for	   AuNR,	   which	   verified	   the	  

capability	   of	   the	   imaging	   system	   to	   detect	   and	   differentiate	   external	   probes	   at	  

different	  concentrations.	  
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Figure	  4.12:	  System	  sensitivity	  with	  external	  contrast	  agents.	  (A)	  Lipo-‐ICG	  

(green)	   and	   AuNR	   (yellow)	   at	   several	   ODs	   were	   imaged	   showing	   an	  

increasing	  optoacoustic	  signal	  from	  left	  to	  right.	  (B)	  Graph	  of	  the	  average	  

optoacoustic	   signal	   inside	   the	   straws	   in	   dependence	   from	  OD	  measured	  

with	   the	   spectrometer.	   Linear	   regression	   showed	   the	   dependence	   to	   be	  

linear,	   for	   Lipo-‐ICG:	   y=6.5605x+2.1973	   and	   R2=0.9924.	   For	   AuNR:	  

y=2.8993x+0.0674	  and	  R2=0.9957.	  

Figure	   4.13	   shows	   the	   ability	   of	   the	   RM-‐MSOT	   system	   to	   detect	   common	  

external	  contrast	  agents	  used	  for	  studies	  upon	  multispectral	  imaging	  and	  specific	  

signal	   unmixing	   with	   linear	   regression.	   A	   scattering	   phantom	   was	   imaged	   at	  

different	  excitation	  wavelengths	  in	  one	  single	  slice,	  containing	  Lipo-‐ICG	  and	  AuNR	  

in	  3	  mm	  size	  plastic	  white	  straws	  (2	  OD	  each	  probe	   in	   the	  peak	  of	   their	  optical	  

spectrum	  after	  being	  diluted	   in	  DPBS).	  The	   illumination	  wavelengths	  used	  were	  

700,	   720,	   770,	   800,	   830	   and	   860	   nm.	   Model-‐based	   reconstruction	   and	   linear	  

regression	   unmixing	   differentiated	   the	   two	   external	   contrast	   agents	   inside	   the	  

phantom.	  
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Figure	   4.13:	   Unmixing	   of	   external	   contrast	   agents.	   In	   this	   case	   Lipo-‐ICG	  

appears	  in	  green	  and	  AuNR	  in	  yellow	  with	  2	  OD	  in	  the	  peak	  of	  their	  optical	  

spectrum.	  

To	   confirm	   the	   capacity	   of	   the	   RM-‐MSOT	   system	   to	   multispectrally	   unmix	  

intrinsic	   contrast	   agents	   in	  biological	   tissues,	   a	   scattering	  phantom	  was	   imaged	  

with	  oxygenated	  and	  deoxygenated	  New	  Zealand	  white	  rabbit	  blood	  ex	  vivo	   in	  1	  

mm	   inner	   diameter	   Fine-‐Bore	   Polyethylene	   tubes	   (Smiths	   Medical,	   London,	  

England).	   The	   blood	   oxygenation	   level	   was	   controlled	   by	   adding	   sodium	  

hydrosulfite	   in	  Dulbecco's	  Phosphate-‐Buffered	  Saline	  similar	   to	  3.6	  and	  checked	  

by	  the	  gas	  analyzer.	  As	  shown	  on	  Figure	  4.14,	  the	  reconstructed	  images	  by	  model-‐

based	  inversion	  algorithm	  contained	  300	  pixels	  and	  4.3	  mm	  field	  of	  view.	  Spectral	  

fitting	   for	   the	   acquired	   and	   reconstructed	   images	   successfully	   revealed	  

oxygenated	   (HbO2)	   and	   deoxygenated	   hemoglobin	   (Hb),	   the	   principal	   intrinsic	  

absorbers	  in	  mammalian	  blood.	  
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Figure	   4.14:	   Unmixing	   of	   intrinsic	   contrast	   agents.	   Oxygenated	   blood	  

appears	  in	  red	  and	  deoxygenated	  	  blood	  in	  blue.	  

4.4 Image	  reconstruction	  and	  unmixing	  methods	  

4.4.1 Reconstruction	  with	  different	  algorithms	  

To	   compare	   the	   performance	   of	   different	   reconstruction	   methods	   in	  

optoacoustic	   imaging,	   the	   same	   acquired	   data	   with	   the	   RM-‐MSOT	   system	   was	  

reconstructed	   with	   different	   approaches.	   Specifically,	   a	   HT29	   tumor	   after	   24	  

hours	   injection	  of	   Lipo-‐ICG	  was	   selected	  as	   a	   reference	   (same	   tumor	   studied	   in	  

Section	  4.5.3.2).	  The	  images	  obtained	  are	  shown	  in	  Figure	  4.15.	  Figure	  4.15	  (i-‐x)	  

are	   anatomical	   images	   of	   the	   tumor	   acquired	   at	   800	   nm	   (peak	   of	   the	   optical	  

absorption	  spectrum	  of	  Lipo-‐ICG).	  	  

The	   first	   one	   (Figure	   4.15	   (i)),	   corresponds	   to	   the	   direct	   back-‐projection	  

reconstruction,	  where	   for	  each	  of	   the	  4000	  projections,	   the	  optoacoustic	  signals	  

recorded	   are	   “back-‐projected’’	   in	   time	   and	   sum	   in	   each	   of	   the	   possible	   source	  

pixels.	  It	  is	  the	  fastest	  and	  most	  memory	  demanding	  method	  and	  is	  normally	  used	  

to	  render	  a	  qualitative	  image	  of	  the	  structures	  in	  the	  sample.	  It	  is	  generally	  a	  good	  
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approach	   in	   devices	   with	   several	   detectors	   or	   arrays,	   giving	   real	   time	  

optoacoustic	  images	  of	  tissues	  [94].	  

The	   next	   one	   (Figure	   4.15	   (ii)),	   tries	   to	   resolve	   the	   common	   problem	   of	  

negative	   values	   with	   no	   physical	   meaning	   in	   a	   simple	   way,	   namely	   setting	  

negative	   values	   to	   zero.	   In	   a	   first	   impression,	   most	   of	   the	   background	   noise	  

disappears	   and	   the	   borders	   of	   the	   tumor	   are	  more	   defined	   but	   the	   inner	   parts	  

remain	  without	  information.	  

On	   the	   other	   hand,	  model-‐based	   reconstruction	   represents	   a	  more	  memory-‐

consuming	   approach.	   The	   image	   retrieved	   with	   this	   procedure	   is	   presented	  

Figure	  4.15	  (iii).	  The	  main	  problem	  is	  the	  time	  to	  calculate	  the	  model-‐matrix	  A	  as	  

already	   mentioned	   in	   Eq.	   (2.31),	   where	   the	   solution	   for	   the	   absorption	   was	  

obtained	  with	   the	  LSQR	  algorithm.	  This	  matrix	   is	  dependent	  of	   the	  geometry	  of	  

the	  setup	  and	  the	  speed	  of	  sound.	  Then,	  the	  same	  model-‐matrix	  cannot	  be	  used	  in	  

two	  transducers	  with	  different	  focal	  distances	  acquiring	  data	  at	  the	  same	  time	  in	  

the	   RM-‐MSOT	   system.	   Furthermore,	   in	   many	   cases	   the	   speed	   of	   sound	   is	   not	  

known	  and	   the	  model-‐matrix	  has	   to	  be	  built	   several	   times	   for	  optimizing	   image	  

quality.	  The	  reconstruction	  shows	  a	  better	  view	  of	  the	  inner	  part	  of	  the	  tumor	  and	  

more	  characteristic	  vessels.	  

In	  Figure	  4.15	  (iv)	   the	  results	  obtained	  with	  model-‐based	  reconstruction	  and	  

Tikhonov	   regularization	   are	   displayed.	   Using	   the	   RM-‐MSOT	   system,	   the	  

optoacoustic	   reconstructions	   do	   not	   need	   of	   regularization	   because	   the	   whole	  

360	   degrees	   are	   covered	   (full-‐view	   acquisition).	   In	   a	   limited-‐view	   scenario,	  

Tikhonov	   regularization	   is	   a	   convenient	   method	   in	   the	   inversion	   process.	  

Depending	  of	  the	  parameter	  λ	  (already	  explained	  in	  Eq.	  (2.32))	  the	  penalty	  term	  

is	  affected,	  thereby	  the	  reconstructions.	  With	  a	  λ=1	  the	  results	  are	  the	  same	  than	  

in	  Figure	  4.15	  (iii).	   In	   this	  case,	   the	  regularization	  parameter	  was	  designated	  as	  

the	  result	  of	  the	  Frobenius	  norm	  of	  the	  model-‐matrix	  A.	  

Figure	   4.15	   (v)	   displays	   the	   image	   reconstructed	   with	   the	   weighted	   model-‐

based	   reconstruction	   algorithm,	  which	   attempts	   to	   reduce	   the	   effect	   of	   internal	  
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reflections	  and	  scattering	  of	  the	  acoustic	  waves	  in	  each	  of	  the	  detector	  projections	  

around	   the	   tumor.	   The	   probability	   of	   the	   acoustic	   waves	   at	   a	   given	   detector	  

position	  and	  time	  of	  being	  reflected	  or	  scattered	  during	  their	  propagation	  paths	  is	  

taken	   into	   account,	   trying	   to	   give	   a	   more	   realistic	   view	   of	   the	   real	   absorption	  

distribution	  in	  tissue.	  

The	  negative	  values	  retrieved	  in	  model-‐based	  reconstructions	  can	  be	  avoided	  

with	   a	   LSQR	  minimization	   and	   a	   positive	   constrain	   to	   the	   optical	   absorption	  H.	  

The	  image	  retrieved	  with	  this	  reconstruction	  method	  is	  displayed	  in	  Figure	  4.15	  

(vi).	  As	  opposed	  to	  the	  unconstraint	  formula	  in	  Eq.	  (2.31)	  that	  can	  be	  computed	  

directly,	   the	   model-‐based	   with	   positive	   constrain	   can	   only	   determined	   in	   an	  

iterative	  way.	  

One	  of	  the	  principal	  problems	  while	  performing	  optoacoustic	  reconstructions	  

with	  model-‐based	  algorithms	  is	  the	  computational	  requirement	  needed	  to	  invert	  

huge	   model	   matrices	   with	   a	   large	   amount	   of	   nonzero	   values,	   which	   makes	  

difficult	   also	   the	   work	   with	   sparse	   time-‐domain	   model	   matrices.	   Polar	  

coordinates	   model-‐based	   reconstructions	   decreases	   the	   computation	   time	   of	  

standard	   model-‐based	   procedures,	   trying	   to	   get	   the	   advantage	   of	   knowing	   the	  

geometrical	   symmetries	   in	  most	   of	   the	   optoacoustic	   tomographic	   systems.	   The	  

image	   retrieved	  with	   this	  approach	   is	  displayed	   in	  Figure	  4.23(vii).	   In	   this	  way,	  

the	  computation	  of	  an	  efficient	  model	  matrix	  with	  less	  memory	  requirements	  and	  

faster	   calculation	   periods	   is	   done.	   In	   the	   already	   mentioned	   methods,	   4000	  

projections	  were	  used.	   In	   this	   case	  a	  polar	  grid	  with	  4000	  angle	  pixels	  and	  500	  

radius	  pixels	  were	  used.	  Here	  also	  a	  positive	  constrain	  to	  the	  LSQR	  inversion	  was	  

done.	  The	   final	  results	  were	  similar	   to	   the	  ones	  obtained	   in	  Figure	  4.15	  (vi)	  but	  

with	  a	  better	  use	  of	  computational	  resources.	  

In	  the	  already	  presented	  images,	  the	  signals	  are	  assumed	  to	  be	  recorded	  with	  a	  

single	   point	   detector,	   although	   the	   acoustic	   pressure	   is	   detected	   in	   a	   surface	  

(active	  area	  of	  the	  transducer).	  The	  image	  in	  Figure	  4.15	  (viii)	  corresponds	  to	  an	  

attempt	   to	  model	   the	   shape	   of	   the	   transducer	  with	   a	   single	   central	   line	  with	   a	  
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length	   equal	   to	   the	   diameter	   of	   the	   transducer.	   Assuming	   that	   cylindrically-‐

focused	   detectors	   are	   not	   so	   sensible	   to	   out-‐of-‐plane	   signals,	   the	   optoacoustic	  

problem	  can	  be	  simplified	  to	  a	  2-‐D	  slice.	  A	  positive	  constrain	  was	  also	  introduced	  

in	  this	  case.	  The	  results	  confirm	  that	  the	  assumption	  that	  only	  one	  line	  is	  needed	  

is	  not	  accurate	  in	  practice	  due	  to	  the	  fact	  that	  a	  sample	  like	  a	  tumor	  with	  a	  certain	  

volume	   and	   hence	   produces	   out-‐of-‐plane	   signals	   when	   measured	   with	   a	  

cylindrically-‐focused	   transducer.	   With	   this	   configuration	   of	   detectors	   and	  

compare	  to	  other	  type	  of	  transducers,	   the	  acoustic	  waves	  coming	  from	  different	  

planes	  are	  not	  so	  strong	  although	  the	  best	  solution	  is	  to	  model	  the	  transducer	  in	  

the	  whole	  active	  surface.	  This	  approach	  needs	  a	  large	  amount	  of	  memory	  and	  is	  

not	  practical	  in	  conventional	  computers.	  

The	  image	  in	  Figure	  4.15	  (ix)	  is	  obtained	  with	  the	  same	  type	  of	  reconstruction	  

as	  in	  Figure	  4.15	  (vi),	  but	  in	  this	  case	  with	  light	  fluence	  correction	  as	  explained	  in	  

Section	  4.4.2.	  In	  order	  to	  estimate	  the	  light	  fluence	  distribution,	  the	  boundary	  of	  

the	   phantom	  was	  manually	   segmented	   and	   a	   simulation	   was	   done	   assuming	   a	  

homogeneous	  absorption	  and	  scattering	  coefficients	  within	  the	  tissue.	  The	  result	  

of	   normalizing	   the	   model-‐based	   tomographic	   reconstruction	   obtained	   with	  

positive	   constrain	   with	   the	   light	   one	   obtained	   from	   the	   simulation	   shows	   the	  

inner	  components	  of	  the	  tumor	  brighter.	  

Figure	  4.15	  (x)	  displays	  the	  same	  image	  as	  in	  Figure	  4.23	  (ix)	  after	  applying	  a	  

vessel	   filter	   proposed	   in	   [95]	   to	   define	   the	   vasculature	   of	   the	   tumor.	   This	   filter	  

organizes	  the	  eigenvalue	  decomposition	  of	  the	  local	  Hessian	  matrix	  at	  each	  image	  

pixel	   to	   locate	   tubular	   structures.	   In	   optoacoustic	   images,	   it	   is	   a	   very	   effective	  

filter,	  removing	  noise	  and	  highlighting	  vessels.	  The	  parameters	  of	  this	  algorithm	  

need	   to	   be	   used	   very	   carefully,	   since	   is	   very	   easy	   to	   create	   ghost	   vessels	   from	  

artifacts.	  

Figure	   4.15	   (xi)	   uses	   different	   optoacoustic	   images,	   acquired	   at	   different	  

wavelengths	  (700,	  720,	  770,	  800,	  830	  and	  860	  nm)	   like	   the	  peak	  wavelength	  of	  
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the	   external	   contrast	   probe	   in	   Figure	   4.15	   (iii)	   and	   with	   linear	   fitting	   and	   the	  

spectral	  signature	  of	  Lipo-‐ICG,	  the	  probe	  distribution	  is	  mapped.	  	  

Figure	   4.15	   (xii-‐xiv)	   presents	   validation	   images	   of	   the	   same	   coronal	   tumor	  

region	   ex	   vivo	   (hematoxylin	   and	   eoxin	   (H&E),	   epifluorescence	   and	   CD31	  

respectively).	  The	  histological	  validation	  of	  tumors	  is	  described	  in	  Section	  4.5.2.4.	  
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Figure	  4.15:	  Optoacoustic	   images	  and	  validation	  of	  a	  HT29	  tumor	  model	  

reconstructed	   with	   different	   algorithms.	   (i-‐x)	   Optoacoustic	   anatomical	  

images	  of	  the	  tumor	  acquired	  at	  800	  nm	  as	  illumination	  wavelength	  (peak	  

of	   the	  optical	  absorption	  spectrum	  of	  Lipo-‐CIG).	   (xi)	  Functional	   image	  of	  

Lipo-‐ICG	  distribution	   after	   spectral	   fitting.	   (xii-‐xiv)	   Validation	   images	   of	  

the	  same	  coronal	  region	  of	  the	  tumor	  ex	  vivo.	  

4.4.2 Light	  fluence	  correction	  in	  tissue	  

One	   of	   the	   important	   factors	   while	   performing	   imaging	   in	   tumors	   is	   the	  

scattering	   and	   absorption	   that	   light	   undergoes	   while	   travelling	   through	   the	  

surface	  to	  the	  inner	  part	  of	  tissue.	  Consequently,	  the	  reconstructed	  images	  show	  

that	  structures	  located	  deep	  inside	  appear	  to	  have	  a	  lower	  intensity	  as	  compared	  

to	   the	   superficial	   ones	   having	   the	   same	   absorption.	   To	   avoid	   this	   effect,	  

normalization	  with	   the	   light	   fluence	   is	   required.	  However,	   detailed	  modeling	   of	  

the	  optical	  fluence	  is	  a	  difficult	  task	  since	  the	  distribution	  of	  the	  optical	  properties	  

within	  the	  tissue	  is	  not	  known.	  However,	  a	  simple	  model	  of	  light	  propagation	  in	  a	  

uniform	  tissue	  can	  be	  sufficient	  to	  enhance	  the	  quality	  of	  the	  images.	  In	  our	  case,	  

we	   manually	   segmented	   the	   tumors	   and	   considered	   that	   the	   scattering	   and	  

absorption	   coefficients	   were	   uniform	  within	   the	   tissue.	   Specifically,	   the	   optical	  

properties	  were	  chosen	  as	  μa=0.3	  cm-‐1	  and	  μs’=10	  cm-‐1	  [96].	  	  Then,	  we	  calculated	  

the	   light	   fluence	   distribution	   using	   the	   finite	   element	   method	   (FEM)	   [97].	   An	  

example	  of	  the	  estimated	  light	  fluence	  is	  shown	  in	  Figure	  4.16	  A,	  and	  tumor	  image	  

being	  corrected	  for	  light	  attenuation	  is	  displayed	  in	  Figure	  4.16	  B.	  

Epifluorescence, CD31,

xiii, xiv,
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Figure	  4.16:	  Optical	  attenuation	  correction	  in	  4T1	  tumor.	  (A)	  A	  cylindrical	  

uniform	  tissue-‐mimicking	  phantom	  with	  a	  radius	  of	  5	  mm	  (same	  radius	  at	  

the	  tumor	  in	  (B))	  and	  optical	  attenuation	  coefficient	  with	  values	  of	  μa=0.3	  

cm-‐1	  and	  μs’=10	  cm-‐1	  presented	  a	  50	  %	  of	  light	  attenuation	  with	  uniform	  

illumination	   in	   the	   surface	   after	   simulation.	   (B)	   Optoacoustic	  

reconstruction	  in	  direct	  back-‐projection	  with	  negative	  values	  to	  zero	  of	  an	  

ex	  vivo	  4T1	  tumor	  illuminated	  at	  750	  nm	  with	  no	  external	  contrast	  agents	  

injected	  after	  being	  divided	  the	  original	  image	  by	  the	  values	  in	  (A).	  

4.5 Optoacoustic	  imaging	  of	  tumor	  vasculature	  

and	  probe	  distribution	  

4.5.1 Introduction	  

MSOT	  as	  an	  emerging	  modality	   for	  visualization	   in	  nanomedicine	  due	   to	   its	  

spectral	   differentiation	  properties	   [19],	   permiting	   accurate	   resolution	  of	   optical	  

contrast	   agent	   distribution	   in	   tissue.	   The	   RM-‐MSOT	   system	   combines	   these	  

unique	  imaging	  features,	  which	  are	  not	  available	  in	  other	  imaging	  methods.	  RM-‐

MSOT	  is	  ideally	  suited	  to	  map	  optical	  contrast	  in	  3-‐D	  and	  high	  resolution.	  
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While	   endogenous	   contrast	   agents	   correspond	   primarily	   to	   hemoglobin,	  

melanin,	  water	  and	  lipids,	  contrast	  enhancement	  can	  be	  performed	  with	  the	  help	  

of	   probes	   like	   metal	   nanoparticles	   (in	   most	   of	   the	   cases	   gold)	   and	   organic	  

chromophores	   or	   fluorochromes.	   The	   last	   ones,	   while	   desired	   for	   labelling	   in	  

preclinical	   and	   clinical	   optical	   imaging,	   do	   not	   present	   strong	   optoacoustic	  

efficiency	  (as	  it	  was	  proved	  in	  Section	  3.5).	  Gold	  nanoparticles,	  nevertheless,	  have	  

strong	   optoacoustic	   responses	   due	   to	   plasmon	   resonances;	   however	   their	   long	  

retention	  times	  in	  tissue	  make	  them	  not	  so	  easy	  to	  accept	  in	  clinical	  studies.	  

After	  taking	  into	  account	  the	  results	  obtained	  in	  Section	  3.5,	  the	  first	  outcome	  

of	  the	  present	  chapter	  is	  the	  use	  of	  a	  non-‐metal	  nanoparticle	  composed	  of	  organic	  

fluorescent	  dyes	  of	  clinical	  importance	  in	  optoacoustic	  imaging,	  yielding	  stronger	  

optoacoustic	   signals	   than	   the	   “gold	   standard”,	   i.e.	   gold	   nano-‐particles.	   For	   this	  

goal,	   clinically-‐used	   PEGylated	   liposomes	   (the	   basis	   of	   the	   intravenous	   drug	  

DOXIL®)	  were	  re-‐engineered	  and	  combined	  with	  the	  FDA	  approved	  fluorochrome	  

ICG	  [98].	  Liposomes	  can	  be	  designed	  as	  drug	  delivery	  systems	  and	  were	  used	  in	  

several	   fields	   like	   clinical	   medicine	   [99].	   We	   were	   particularly	   interested	   in	  

knowing	   the	   Lipo-‐ICG	   distribution	   within	   the	   entire	   tumor	   mass	   in	   high-‐

resolution,	   a	   capacity	   that	  has	  been	  so	   far	  unachievable.	   Such	   imaging	  potential	  

not	   available	   before	   is	   supposed	   to	   have	   important	   implications	   into	   the	  

validation	   of	   nanoparticle	   distribution	   in	   vivo	   and	   in	   the	   development	   of	  

personalized	  patient	   treatment.	  The	  Lipo-‐ICG	  properties	  as	   theranostic	   contrast	  

agent,	   its	   lower	   photobleaching	   effect	   compared	   to	   ICG	   and	   its	   higher	  

optoacoustic	  efficiency,	  makes	   this	  FDA-‐approved	   liposomal	   form	  a	  probe	   to	  be	  

considered	   in	   the	   RM-‐MSOT	   system.	   Optical	   microscopy	   gives	   an	   incomplete	  

picture	  of	  nano-‐particle	  location	  as	  it	  accesses	  only	  volumes	  of	  about	  (0.5	  mm)3.	  

In	  this	  case,	  the	  small	  field	  of	  view	  achieved	  does	  not	  permit	  understanding	  of	  the	  

capability	  of	  an	  optical	  nanoparticle	   to	  enter	   the	   tumor	  mass.	  RM-‐MSOT	  system	  

shows	  a	   critical	  potential	   for	  non-‐invasively	   study	  and	   longitudinally	   follow	   the	  
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distribution	  of	   liposomes	  within	   tumors.	   The	   system	  was	  particularly	   designed,	  

engineered	   and	   first	   explored	   herein	   to	   study	   the	   spatial	   heterogeneity	   of	  

nanoparticle	   distribution	   in	   tumor	   tissues.	   Such	   imaging	   capabilities	   not	  

previously	  available	  are	  thought	  to	  have	  important	  broader	  implications	  into	  the	  

validation	   of	   nanoparticle	   performance	   and	   in	   the	   design	   of	   patient	   cohorts	   for	  

personalized	  treatment,	  possibly	  based	  on	  the	   tumor	  heterogeneity	  and	  particle	  

distribution	  characteristics	  on	  a	  per	  patient	  basis.	  

In	  a	  secondary	  section,	  the	  use	  of	  gold	  nanoparticles	  as	  optoacoustic	  contrast	  

agents	  in	  tumor	  tissue	  is	  presented.	  Gold	  nanoparticles	  are	  a	  common	  choice	  for	  

contrast	   and	   therapeutic	   agents	   due	   to	   their	   superior	   optical	   properties	   [100–

106],	   biocompatibility,	   and	   facility	   of	   bioconjugation	   with	   biomarkers	   to	   build	  

nano-‐sized	   contrast	   agents	   with	   molecular	   specificity	   [107–109].	   The	   normal	  

approach	   of	   creating	   plasmonic	   optoacoustic	   contrast	   agents	   is	   usually	   done	   to	  

increase	  the	  optical	  absorption	  cross-‐section	  of	  nanoparticles	  by	  controlling	  their	  

size	   and	   shape,	   and	   to	   select	   the	   peak	   position	   and	   the	   relative	   amplitude	   of	  

absorption	   and	   scattering	   cross-‐sections	   [110,111].	   Gold	   nanocages,	   nanoshells	  

and	   nanorods	   have	   shown	   their	   properties	   as	   characteristic	   external	   contrast	  

agents	  with	   tunable	   optical	   absorption	   cross-‐sections	   [112–115].	   In	   this	   thesis,	  

AuNR	  were	   injected	   in	  mice	  bearing	  tumors	  and	  the	  distribution	  of	   the	  contrast	  

agents	  was	  mapped	  with	  the	  RM-‐MSOT	  system	  in	  the	  tumor	  volume.	  

The	   analysis	   of	   spatial	   distribution	   for	   the	   different	   nanoparticles	   was	  

achieved	   along	   with	   the	   visualization	   of	   the	   principal	   intrinsic	   contrast	   agents	  

(HbO2	   and	   Hb)	   in	   order	   to	   study	   vascularization,	   probe	   perfusion	   and	  

extravasation	  within	  the	  tumors.	  In	  a	  similar	  approach	  the	  oxygenation	  in	  tumors	  

was	  studied	  in	  mice	  at	  different	  breathing	  conditions.	  
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4.5.2 Materials	  and	  methods	  

4.5.2.1 Cancer	  models	  

	  All	   practices	   involving	   experimental	   animals	   were	   performed	   in	   agreement	  

with	  German	  federal	  law,	  rules	  and	  regulations	  of	  Government	  of	  Upper	  Bavaria	  

(ref.	   55.2.1.54-‐2632-‐102-‐11).	   The	   female	   8-‐week	   old	   Athymic	   Hsd	   Foxn	   Nude	  

Mice	   (Harlan	   Winkelmann,	   Germany)	   used	   in	   this	   work	   presented	   neither	  

scattering	  of	  sound	  nor	  light	  absorption	  at	  the	  skin	  surface	  due	  to	  the	  absence	  of	  

hair.	  This	  mouse	  line	  is	  also	  immunocompromised	  and	  therefore	  ideal	  for	  tumor	  

growth	  and	  development.	  Two	  tumor	  models	  are	  described	  in	  this	  thesis,	  one	  of	  

them	  representative	  of	  rapid	  growth	  and	  based	  on	  4T1	  murine	  breast	  cancer	  cells	  

(CRL-‐2539)	   [116]	   and	   the	   other	   using	   HT-‐29	   human	   adenocarcinoma	   cells	  

(ATCC-‐HTB-‐38)	   with	   slower	   growing	   time	   [117].	   The	   mice	   were	   injected	  

subcutaneously	  in	  the	  back	  with	  cell	  suspensions	  (either	  0.8	  million	  for	  4T1	  cells	  

or	   1.5	   million	   for	   HT29	   cells)	   in	   50	   µL	   PBS.	   The	   animals	   were	   positioned	   and	  

imaged	  in	  the	  plastic	  bed	  fixed	  to	  the	  rotation	  stage	  of	  the	  RM-‐MSOT	  system.	  The	  

tumor	   size	   was	   approximately	   of	   8-‐10	   mm	   in	   diameter	   at	   the	   time	   of	   the	  

experiments	  with	  the	  RM-‐MSOT	  system.	  

Figure	  4.17:	  Animal	  tumor	  models.	  

HT-29 tumor-bearing mice  4T1 tumor-bearing mice  

4"mm" 4"mm"
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4.5.2.2 Probes	  preparation,	  injection	  and	  imaging	  protocol	  

One	   contrast	   agent	   based	   on	   the	   same	   type	   of	   PEGylated	   liposomes	   used	   in	  

DOXIL	  preparations	  was	  made	  using	  the	  vesicle	  preparation	  protocol	  explained	  in	  

[98].	  With	  a	   lipid	  content	  of	  3.5	  mM	  and	   ICG	  concentration	  of	  75	  µM	   liposomes	  

(Lipo-‐ICG),	  was	   allowed	   to	   self-‐assemble	   to	   create	   vesicles.	   Lipo-‐ICG	   compound	  

showed	  higher	  photo-‐absorbing	  behavior	  than	  the	  equivalent	  free	  ICG	  in	  PBS	  with	  

an	  absorption	  peak	  at	  800	  nm.	  Moreover,	  a	   study	  overtime	  performed	  during	  5	  

days	   showed	   that	   after	   the	   1	   day	   the	   peak	   absorbance	   of	   free	   ICG	   decreased	  

sharphly	   while	   the	   signal	   for	   the	   Lipo-‐ICG	   remained	   almost	   constant	   after	   the	  

total	  period.	  

Optoacoustic	   images	   of	   the	   tumors	   (4T1	   and	  HT29)	  were	   acquired	  with	   the	  

RM-‐MSOT	   system	   at	   different	   time	   points	   (1	   h,	   5	   h	   and	   24	   h)	   ex	   vivo	   or	   after	  

intravascular	  tail-‐vein	  injection	  of	  200	  µL	  of	  Lipo-‐ICG	  corresponding	  to	  a	  sum	  of	  ~	  

15	  nmol	  of	  ICG.	  	  

For	  the	  experiments	  with	  AuNR,	  bearing	  4T1	  tumor	  allografts	  were	  used.	  The	  

tumor	   carrying	   mice	   were	   injected	   in	   the	   tail	   vein	   (i.v.)	   1	   hour	   before	   the	  

optoacoustic	   imaging	   session	   with	   5x1012	   AuNR	   30-‐PM-‐750-‐50	   (Nanopartz,	  

Loveland,	  Colorado,	  USA).	  The	  optical	  absorption	  peak	  of	  the	  probe	  was	  720	  nm.	  

4.5.2.3 Animal	  positioning	  and	  anesthesia	  in	  the	  RM-‐MSOT	  system	  

For	   the	   experiments	  with	   tumors	   in	  mice,	   the	   animals	  were	   positioned	   on	   a	  

plastic	  bed	  fixed	  to	  the	  rotation	  stage	  (Figure	  4.18	  A).	  The	  bed	  had	  a	  hole	  in	  the	  

middle	  to	  ensure	  proper	  tumor	  positioning	  and	  enable	  contact	  with	  water	  as	  an	  

acoustic	   coupling	  medium.	   The	   tumor	  was	   illuminated	   by	   the	   four	   arms	   of	   the	  

fiber	  bundle	  at	  the	  correct	  focal	  distance	  from	  the	  transducer	  (Figure	  4.18	  B).	  
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Figure	   4.18:	   Mice	   positioning	   for	   tumor	   imaging.	   (A)	   RM-‐MSOT	   system	  

with	   plastic	   bed.	   The	   animals	   are	   rotated	   in	   the	   plastic	   bed	   around	   the	  

fixed	   illumination	   sources	   and	   transducer	   with	   the	   tumors	   inside	   the	  

water	   tank	   to	  provide	  acoustic	   coupling	  medium.	   (B)	   Illuminated	   tumor	  

allograft	   and	   PNDT	   V319	   transducer	   with	   approximated	   imaging	  

acquisition	  planes.	  	  	  

	  experiments	   in	   mice	   were	   performed	   with	   either	   injected	   or	   breathed	  

anesthesia.	  In	  the	  first	  case,	  doses	  with	  of	  a	  mix	  of	  Ketamine	  (Bela-‐pharm	  GmbH	  &	  

Co.	   KG,	   Vechta,	   Germany)	   100	   mg/kg	   body	   weight	   and	   5	   mg/kg	   body	   weigth	  

Xylazine	  (Bayern	  Healthcare	  GmbH,	  Leverkusen,	  Germany)	  were	  administered.	  In	  

the	   second	  option,	   an	  anesthetic	   system	   that	   enriches	  medical	   air	   (20	  %	  O2)	  or	  

100	  %	  O2	  with	   Isoflurane	  1.8	  %	  was	  used	  (Figure	  4.19	  A).	  The	  concentration	  of	  

Isoflurane	  was	  administered	  using	  a	  PPVΣ	  vaporizer	  (Penlon,	  Abingdon,	  England)	  

and	   the	   levels	   of	   the	   gases	  were	   controlled	   by	   different	   flow	  meters.	   	   After	   the	  

vaporizer,	  the	  narcosis	  gas	  was	  distributed	  through	  hoses	  and	  valves	  to	  a	  mouse	  

breathing	   mask	   or	   to	   a	   narcosis	   box	   independently.	   A	   vacuum	   pump	   ensured	  

continuous	  flow	  of	  the	  narcosis	  gas	  without	  emissions	  to	  the	  free	  air,	  and	  a	  coal	  

filter	  absorbed	  it	  as	  last	  step.	  The	  mouse-‐breathing	  mask	  was	  fixed	  in	  the	  bed	  and	  

the	  anesthetic	  gas	  was	  administered	   through	  a	   self-‐developed	  part	   that	  enables	  

the	  flow	  from	  a	  static	  hose	  to	  another	  hose	  fixed	  to	  the	  mask	  (Figure	  4.19	  B).	  
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Figure	   4.19:	   Devices	   used	   to	   provide	   Isoflurane	   to	   the	   RM-‐MSOT.	   (A)	  

Anesthetic	  machine	   components.	   (B)	   Anesthesia	   flow	  mechanism	   to	   the	  

breathing	  mask	  in	  the	  rotation	  stage.	  

4.5.2.4 Histological	  validation	  of	  tumors	  

To	   validate	   in	   vivo	   experiments,	   the	   animals	   were	   sacrificed	   by	  

Ketamine/Xylazine	  overdose	  inmediately	  after	  the	  optoacoustic	  imaging	  session,	  

and	   frozen	   to	   -‐80°C	   for	   storage	   until	   analysis	   was	   performed.	   Fluorescence	  

cryosection	   imaging	  (FCSI)	  was	  done	  ex	  vivo	  in	  coronal	  planes	  equivalent	   to	   the	  

optoacoustic	   imaging	   slices	   on	   the	   studied	   tumors	   every	   150	   µm	   from	   top	  

towards	   the	  animal	  body	  after	   embedding	   them	   in	  optimal	   cutting	   temperature	  

media	  (Sakura	  Finitek	  Europe	  B.	  V.,	  Zoeterwonde,	  NL).	  To	  confirm	  the	  presence	  of	  

Lipo-‐ICG,	   color	   and	   fluorescence	   images	   were	   captured,	   using	   a	   RGB-‐filter	   set	  

(Chroma	  xxx)	  for	  the	  reflection	  images	  and	  a	  pair	  of	  740/40	  (Chroma	  Technology	  

Corporation,	   Bellow	   Falls,	   USA)	   and	   785LP	   by	   the	   same	   company	   for	   the	  

excitation	  and	  emission	  of	  ICG	  respectively.	  The	  FCSI	  system	  reported	  elsewhere	  

[118]	   was	   based	   on	   a	   cryotome	   (CM	   1950,	   Leica	   Microsystems,	   Wetzlar,	  

Germany),	  which	  was	  equipped	  with	  a	  NIR	  sensitive	  electron	  multiplying	  charge-‐

coupled	  device	  (EMCCD)	  Luca-‐R	  (Andor,	  Belfast,	  Northern	  Ireland),	  a	  white	  light	  

source	   KL2500LCD	   (Schott,	   Mainz,	   Germany)	   and	   2	   filter-‐wheels,	   both	   for	   the	  

excitation	  and	  emission	  paths.	  
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20	  µm	  thick	  cryo-‐slices	  in	  representative	  planes	  were	  obtained	  and	  imaged	  by	  

an	  epi-‐illumination	   fluorescence	  system	  based	  on	  a	  Leica	  Z16	  macroscopic	   lens.	  

In	   the	   case	   of	   AuNR	   detection,	   the	   Leica	   Z16	   fluorescent	  microscope	  was	   used	  

with	   dark	   field	   setup.	   Further	   sections	   were	   stained	   by	   conventional	   H&E	   as	  

described	  in	  [119].	  Immunohistochemistry	  was	  done	  on	  frozen	  sections	  by	  using	  

antibodies	  against	  CD31	  (Dianova	  GmbH,	  Hamburg,	  Germany)	  a	  marker	  for	  blood	  

vessel	   endothelia.	   The	   antibody	   reaction	   was	   visualized	   with	   Alexa	   594-‐

conjugated	   secondary	   antibody	   (Invitrogen,	  Darmstadt,	  Germany).	  The	  negative	  

controls	  were	  performed	  with	  adjacent	  sections	  treated	  in	  the	  same	  way,	  but	  with	  

omitted	  primary	  antibody.	  H&E	  as	  well	  as	  CD31	  stained	  slices	  were	  imaged	  with	  a	  

Leica	   DM	   2500	   upright	   microscope	   using	   a	   Leica	   EC3	   color	   camera	   (Leica	  

Microsystems,	  Wetzlar,	  Germany).	  

	  

4.5.3 Results	  

4.5.3.1 Ex	  vivo	  imaging	  of	  tumors	  with	  high	  resolution	  

In	   a	   first	   step,	   the	   spatial	  distribution	  of	  Lipo-‐ICG	  as	   external	   vascular	  probe	  

was	   studied	   ex	   vivo	   to	   see	   the	   capacity	   of	   the	   RM-‐MSOT	   system	   to	   get	   3D	  

rendering	  of	   detailed	   extravasation	   and	  microenvironment	  profiles	  within	   solid	  

tumors.	   The	  mouse	   with	   subcutaneous	   4T1	  murine	   breast	   tumor	   was	   scanned	  

directly	  after	  euthanasia	  at	  the	  peak	  wavelength	  of	  Lipo-‐ICG	  (800	  nm)	  along	  the	  

Z-‐axis	  with	  a	  step	  of	  50	  µm	  between	  consecutive	  slices.	  Figure	  4.20	  illustrates	  the	  

3D	   anatomic	   reconstruction	   of	   the	   peak	  wavelength	   for	   Lipo-‐ICG	   in	   this	   tumor.	  

Optoacoustic	  images	  were	  acquired	  every	  50	  µm	  along	  the	  Z-‐axis	  after	  applying	  a	  

bandpass	  filter	  between	  0.1	  and	  20	  MHz	  to	  the	  signals.	  The	  given	  2D	  image	  stack	  

(Figure	  4.20	  A)	  was	   rendered	   to	  get	   the	  3D	  map	  of	  Lipo-‐ICG	  distribution	   inside	  
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and	  around	  the	  solid	  breast	  tumor	  (Figure	  4.20	  B).	  The	  Lipo-‐ICG	  signal	  was	  found	  

in	  the	  tumor	  periphery	  as	  well	  as	  in	  its	  interior.	  The	  last	  result	  was	  validated	  with	  

a	  3D	  reconstruction	  of	  a	  serial	  cryo-‐slicing	  image	  stack	  for	  Lipo-‐ICG	  signal	  (Figure	  

4.20	   C).	   The	   distribution	   of	   the	   contrast	   agent	   rendered	   with	   the	   RM-‐MSOT	  

system	  matched	  that	  obtained	  with	  cryo-‐slicing	  images,	  showing	  concentration	  of	  

the	   agent	   in	   the	   center	   of	   the	   tumor	   on	   this	   level	   (asterisk)	   and	   some	   blood	  

vessels	   in	   the	  boundary	   (arrow).	   It	   can	  be	  noticed	   that	   the	  optoacoustic	   images	  

revealed	  more	  details	   and	  yielded	   clear	  pictures	   for	   the	   tumor	  part	   adjacent	   to	  

the	  rest	  of	  the	  body,	  also	  visualizing	  vasculature	  around	  the	  tumor.	  

Figure	  4.20:	  Ex	  vivo	  Lipo-‐ICG	  spatial	  distribution	  in	  a	  4T1	  tumor.	  (A)	  Stack	  

of	  optoacoustic	   images	   in	   the	  XY-‐plane	  acquired	  at	  800	  nm	  every	  50	  µm	  

along	  the	  Z-‐axis.	   (B)	  3D	  rendering	  of	   the	  distal	   tumor	  part,	  which	  shows	  

Lipo-‐ICG	  distribution	   inside	  and	   in	   the	  periphery	  around	   the	  4T1	   tumor	  

allograft.	  The	  color	  bar	  displays	  the	  level	  of	  Lipo-‐ICG	  optoacoustic	  signal	  

in	  arbitrary	  units	  (a.u.).	  (C)	  3D	  rendering	  validation	  made	  of	  serial	  cryo-‐

slicing	  epi	  fluorescence	  images	  for	  Lipo-‐ICG	  in	  the	  same	  tumor	  as	  imaged	  

by	  mesoscopy	  MSOT	  in	  B.	  The	  inner	  signal	  appears	  in	  both	  validation	  and	  

optoacoustic	   3D	   reconstruction	   (asterisk)	   and	   also	   in	   some	   peripheral	  

vessel	  (arrow).	  
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The	   result	   after	   applying	   to	   each	   of	   the	   4000	   projections	   of	   the	   same	   4T1	  

tumor	   different	   bandpass	   filters	   is	   shown	   in	   Figure	   4.21.	   The	   results	   showcase	  

that	  most	  of	  the	  information	  was	  contained	  in	  lower	  frequencies.	  

Figure	  4.21:	  Optoacoustic	  ex	  vivo	  4T1	  tumor	  images	  with	  different	  filters.	  	  

4.5.3.2 In	  vivo	  imaging	  of	  Lipo-‐ICG	  in	  heterogenic	  solid	  tumors	  

To	   show	   the	   Lipo-‐ICG	   kinetics	   of	   particles	   distribution,	   the	   two	   different	  

animal	  tumor	  models	  (HT29	  and	  4T1)	  were	  each	  scanned	  at	  different	  time	  points.	  

After	  injecting	  intravenously	  Lipo-‐ICG,	  the	  mice	  were	  positioned	  in	  the	  plastic	  bed	  

and	   slices	   were	   acquired	   at	   1,	   5	   and	   24	   hours,	   displaying	   the	   tumor	  

microenvironment	  at	  a	  high	  resolution	  [98].	  

In	  Figure	  4.22	  C	   (i	   and	  vi),	   coronal	   slices	   through	   the	  4T1	  and	  HT29	   tumors	  

respectively	   obtained	   at	   the	   illumination	   wavelength	   of	   800	   nm	   are	   displayed,	  

providing	   high-‐resolution	   anatomical	   views	   of	   the	   tumors.	   The	   results	   reveal	   a	  

reach	  vascular	  pattern	  in	  the	  core	  of	  4T1	  tumor,	  although	  an	  avascular	  part	  in	  the	  
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tumor	  periphery	  is	  to	  be	  noted,	  as	  also	  proved	  in	  the	  rendered	  3-‐D	  reconstruction	  

on	  Figure	  4.22	  B.	  The	  image	  stack	  that	  had	  created	  the	  3-‐D	  reconstruction	  is	  given	  

in	  Figure	  4.22	  A	  with	  a	  vertical	  step	  of	  250	  μm	  between	  slices.	  Compared	  to	  the	  

4T1	  tumor,	  the	  HT29	  provides	  another	  appearance	  with	  large	  peripheral	  vessels	  

but	   less	   vascular	   density	   in	   its	   core.	  With	   the	  multispectral	   capabilities	   of	   RM-‐

MSOT	   system,	   the	   recognition	   of	   Lipo-‐ICG	   based	   on	   its	   absorption	   signature,	  

could	  be	  achieved	  at	  high	  resolution.	  

In	  Figure	  4.22	  C	  (ii-‐iv)	  the	  images	  of	  Lipo-‐ICG	  distribution	  in	  the	  4T1	  tumor	  at	  

1	  h,	  5	  h	  and	  24	  h	   time	  points	  are	  given	  after	   linear	   fitting	  unmixing.	  The	  results	  

reveal	  a	  specific	  distribution	  of	   the	  Lipo-‐ICG	  over	  time	  in	  the	  central	  part	  of	   the	  

tumor,	   which	   by	   the	   5	   h	   time	   point	   has	   taken	   a	   large	   portion	   of	   the	   vascular	  

pattern	  (Figure	  4.22(ii)).	  However,	  there	  is	  a	  characteristic	  absence	  of	  Lipo-‐ICG	  in	  

the	   avascular	   part	   of	   the	   tumor.	   This	   pattern	   is	   validated	   by	   the	   fluorescence	  

cryosection	   in	   Figure	   4.22	   C	   (v)	   and	   consistent	   with	   the	   already-‐mention	  

optoacoustic	  images.	  

In	   Figure	   4.22	   C	   (vi-‐ix)	   the	   analogous	   measurements	   from	   the	   HT29	   tumor	  

model	   are	   shown.	   Compared	   to	   the	   4T1	   model	   reconstructions,	   the	   displayed	  

Lipo-‐ICG	  distribution	  present	  a	   limited	  extravasation	   in	   this	   type	  of	   tumor	  even	  

after	  24	  h,	  as	  also	  confirmed	  with	  the	  HT29	  fluorescence	  cryoslice	  images	  (Figure	  

4.22	  C	  (x)).	  The	  results	  permit	  understandings	  not	  only	  the	  Lipo-‐ICG	  distribution	  

but	   also	   the	   spatial	   heterogeneity	   of	   tumors,	   showing	   lower	   vessel	   density	   and	  

permeability	   for	   the	  HT29	   tumor	   vs	   the	  4T1	   tumor.	   Figure	  4.22	  C	   (x)	   has	  been	  

scaled	  with	  a	  higher	  gain	  than	  the	  one	  in	  Figure	  4.22	  C	  (v)	  so	  the	  intensities	  are	  

not	  comparable	  in	  these	  two	  images.	  
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Figure	  4.22:	  Kinetics	  of	  accumulation	  of	  Lipo-‐ICG	  in	  4T1	  and	  HT29	  tumor	  

models	  at	  different	   time	  points.	   (A)	  Optoacoustic	  stack	  of	   images	   from	  a	  

4T1	  tumor	  with	  a	  step	  of	  250	  μm	  between	  slices	  along	  the	  Z-‐axis	  and	  800	  

nm	  as	   illumination	  wavelength.	   (B)	   3-‐D	   reconstruction	   created	  with	   the	  

images	  in	  A	  cut	  by	  an	  angle	  plane.	  (C	  i)	  Optoacoustic	  coronal	  plane	  image	  

of	  a	  4T1	   tumor,	  acquired	  at	  800	  nm	   illumination	  wavelength,	  24	  h	  after	  

injection	  of	  the	  contrast	  agent.	  (C	  ii-‐iv)	  Lipo-‐ICG	  signal	  after	  unmixing	  the	  

same	   tumor	   1	   h,	   5	   h,	   and	   	   24	   h	   after	   injection.	   (C	   v)	   Fluorescence	   from	  

Lipo-‐ICG	  (green	  scale)	  acquired	   from	  a	   thin	  slice	  of	   the	  4T1	   tumor,	  24	  h	  

after	   injection.	   The	   tumor	   boundaries	   are	   outlined.	   (C	   vi-‐x)	   The	   same	  

layout	  is	  used	  to	  display	  images	  of	  a	  HT29	  tumor.	  
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Figure	  4.23	  shows	  optoacoustic	  images	  of	  another	  4T1	  tumor	  allograft	   in	  vivo	  

in	   a	   coronal	   plane	   1	   h	   after	   administration	   of	   Lipo-‐ICG.	   Upon	   multispectral	  

optoacoustic	  acquisition	  at	  700,	  720,	  770,	  800,	  830	  and	  860	  nm	  as	   illumination	  

wavelengths,	  the	  specific	  contrast	  agent	  signal	  was	  spectrally	  resolved	  with	  linear	  

fitting.	  The	  unmixed	   image	  displays	   such	   signal	   indicating	  Lipo-‐ICG	  distribution	  

mainly	   in	   the	   tumor	  periphery.	  However,	  a	  certain	  quantity	  was	  also	  detectable	  

inside	   the	   tumor,	   likely	   due	   to	   extravasation	   of	   the	   probe	   from	   the	   tumor	  

vasculature.	  As	  it	  was	  displayed,	  the	  intrinsic	  properties	  of	  the	  RM-‐MSOT	  system	  

allow	   the	   acquisition	   of	   anatomical	   and	   functional	   information	   in	   the	   same	  

experimental	  set	  as	  indicated	  in	  the	  same	  figure	  (image	  at	  the	  peak	  wavelength	  of	  

Lipo-‐ICG	   and	   unmixing	   of	   the	   same	   contrast	   agent).	   For	   the	   least	   square	   linear	  

fitting	  unmixing,	  it	  is	  assumed	  that	  the	  spectra	  at	  different	  points	  in	  the	  image	  is	  a	  

linear	  combination	  of	  the	  extinction	  coefficients	  of	  oxygenated	  and	  deoxygenated	  

hemoglobin	   and	   the	   probe.	   However,	   variations	   in	   the	   laser	   energy	   and	   light	  

attenuation	  as	   a	   function	  of	  wavelength	  hamper	  proper	  unmixing,	   and	   typically	  

cross-‐talk	   appears	   in	   the	   unmixed	   images.	   In	   this	   way,	   blood	   structures	  

(representing	   the	   anatomy)	   can	   be	   projected	   onto	   the	   unmixed	   image	   of	   the	  

probe.	  This	  limits	  the	  sensitivity	  of	  the	  method.	  Correction	  of	  this	  effect	  is	  a	  long-‐

standing	   challenge	  as	   it	   requires	  accurate	  modeling	  and	  very	   careful	   control	  on	  

the	  experimental	  procedure,	  and	  is	  out	  of	  the	  scope	  of	  this	  thesis.	  
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Figure	  4.23:	  Optoacoustic	  images	  of	  a	  4T1	  tumor	  after	  1	  hour	  injection	  of	  

Lipo-‐ICG	  in	  vivo.	  Left)	  Optoacoustic	  image	  at	  the	  peak	  wavelength	  of	  Lipo-‐

ICG	   (800	  nm)	  obtained	  with	  back-‐projection	  with	  negative	   values	   set	   to	  

zero.	  (Right)	  Unmixing	  with	  spectral	  fitting	  of	  Lipo-‐ICG.	  

To	   better	   understand	   in	   vivo	   experiments	   with	   the	   RM-‐MSOT	   system,	   a	  

histological	   study	   of	   some	   4T1	   tumor	   sections	   is	   shown	   in	   Figure	   4.24.	   H&E	  

staining	  was	   used	   to	   give	   an	   overview	  of	   the	   properties	   of	   tissue	   at	   this	   tumor	  

level	   and	   cell	   viability.	   The	   distribution	   of	   Lipo-‐ICG	   was	   confirmed	   by	  

epifluorescence	  image,	  showing	  the	  brightest	  signal	  where	  the	  probe	  was	  located.	  

CD-‐31	  staining	  was	  also	  performed	  to	  assess	  tumor	  vasculature.	  In	  Figure	  4.24	  A	  

the	   reconstitution	   of	   complete	   tumor	   slices	   stained	   with	   H&E	   is	   shown.	   They	  

were	  acquired	  from	  two	  4T1	  tumors	  harvested	  at	  1	  h	  and	  24	  h	  post	  injection.	  At	  

the	   same	   tumor	   level	   epifluorescence	   images	   were	   taken	   also	   in	   both	   tumors,	  

showing	  the	  extravasation	  of	  Lipo-‐ICG	  moving	  from	  the	  highly	  vascularized	  outer	  

boundaries	   to	   the	   inner	   core.	   Figure	   4.24	   B	   displays	   in	   higher	   resolution	   H&E,	  

CD31	  and	  fluorescence	  microscopy	  images	  at	  800-‐830	  nm	  (Lipo-‐ICG	  signal)	  from	  

the	   areas	   marked	   with	   the	   three	   boxes	   on	   Figure	   4.24	   A.	   Results	   from	   both	  

tumors	   obtained	   at	   1	   h	   and	   24	   h	   post	   injection	   are	   displayed.	   CD31	   staining	  

overall	  confirmed	  the	  differences	   in	   tumor	  vascularization	  according	  to	   the	  RM-‐

MSOT	  system	  experiments.	   1	  h	   after	   injection,	  Lipo-‐ICG	   is	  present	   in	   the	   tumor	  

vasculature.	   The	   signal	   is	   not	   visible	   at	   24	   h	   (Figure	   4.24	   B	   (iv)).	   On	   the	   other	  
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hand,	   Lipo-‐ICG	   signal	   from	   the	   tumor	   core	   raises	   from	   1	   h	   to	   24	   h	   as	   seen	  

comparing	  Figure	  4.24	  B	  (iii)	  and	  Figure	  4.24	  B	  (vi).	  

Figure	   4.24:	   Ex	   vivo	   histology	   study	   of	   Lipo-‐ICG	   extravasation	   in	   4T1	  

tumor	  model.	  Reconstitution	  of	  H&E	  staining	  and	  epifluorescence	  images	  

of	  4T1	  tumor	  slices	  1	  hour	  (top)	  and	  24	  h	  (bottom)	  after	  injection	  of	  lipo-‐

ICG.	   (B)	   H&E	   (color	   channel),	   CD31	   (red	   channel)	   and	   Lipo-‐ICG	   (green	  

channel)	  microscopy	  pictures	  of	  various	  locations	  of	  the	  tumor	  presented	  

in	   (A),	   i-‐iii	   for	   1	   h	   after	   Lipo-‐ICG	   injection	   (left)	   and	   iv-‐vi	   for	   24	   h	   after	  

Lipo-‐ICG	  injection	  (right).	  	  
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4.5.3.3 In	  vivo	   imaging	   of	   gold	   nanoparticles	   and	   intrinsic	   functional	  

contrast	  

In	   a	   similar	   approach	   as	   in	   the	   Lipo-‐ICG	   imaging	   experiments,	   the	   specific	  

AuNR	  signal	  after	  multispectral	  acquisition	  was	  determined	  in	  the	  tumor	  region.	  

In	   Figure	   4.25	   A	   top,	   the	   optical	   spectrum	   for	   the	   AuNR	   used	   is	   shown.	   The	  

optoacoustic	   spectrum	   was	   equivalent.	   In	   Figure	   4.25	   A	   botton,	   an	   anatomical	  

image	  of	   the	  studied	  4T1	  allograft	  at	  800	  nm	  with	  superimposed	  specific	  AuNR	  

distribution	   profile	   is	   displayed.	   The	   AuNR	   signal	   was	   found	   mainly	   in	   blood	  

vessels	  (arrows)	  and	  commenced	  to	  emerge	  in	  the	  tumor	  periphery	  major	  vessels	  

(box	  2)	  in	  the	  vicinity	  of	  the	  rest	  of	  the	  body.	  Figure	  4.25	  B	  shows	  the	  validation	  of	  

AuNR	   optoacoustic	   signal	   rich	   distribution	   areas	   with	   the	   CD31	   blood	   vessel	  

staining	  marker	  in	  the	  studied	  tumor.	  It	  is	  demonstrated	  that	  AuNR	  started	  to	  be	  

located	  in	  the	  region	  adjacent	  to	  the	  rest	  of	  the	  body	  with	  higher	  concentration	  in	  

blood	  vessels	  (see	  Figure	  4.25	  A	  and	  B,	  box	  2	  compared	  to	  the	  box	  1).	  Dark	  field	  

was	  performed,	   showing	   the	  presence	   of	  AuNR	  where	   the	   optoacoustic	   specific	  

signal	  was	  also	  detected	  by	  MSOT	  (Figure	  4.25	  C,	  DF1).	   In	   the	  region	  with	  non-‐

visible	   AuNR	   signal	   in	  MSOT,	   the	   probe	  was	   also	   not	   present	   on	   the	   validation	  

experiment	   (Figure	   4.25	   C,	   DF2).	   The	   histological	   overview	   of	   the	   tumor	   was	  

implement	  with	  H&E	  staining	  (Figure	  4.25	  C).	  

As	  one	  of	   the	  principal	  advantages	  of	  MSOT,	   the	   capability	  of	   the	   system	   to	  

image	   the	   distribution	   and	   at	   the	   same	   time	   co-‐registration	   of	   intrinsic	   and	  

external	   contrast	   signals	   in	   the	   same	   experimental	   data	   set	   is	   showcased.	   As	  

dominant	   intrinsic	   contrast	   agents	   in	   tissue,	  MSOT	   imaging	  with	   tumor-‐bearing	  

mice	  permits	  spectral	  resolution	  of	  HbO2	  and	  Hb	   in	  vivo.	  Figure	  4.25	  D	  confirms	  

the	  co-‐registration	  of	  HbO2	  and	  Hb	  heterogenic	  distribution	  profiles	  in	  the	  tumor,	  

contributed	  by	  differentially	  oxygenated	  blood	  in	  the	  periphery	  and	  in	  the	  inner	  

part	  of	  the	  tumor.	  The	  spectrum	  in	  the	  regions	  of	  interest	  with	  mostly	  oxygenated	  

and	  deoxygenated	  blood	  was	  additionally	  evaluated	  in	  Figure	  4.25	  D,	  (ROI	  1	  and	  
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2).	  In	  these	  regions,	  the	  spectra	  was	  calculated	  locally	  (black	  line)	  and	  compared	  

to	  the	  theoretical	  spectra	  for	  HbO2	  (red)	  and	  Hb	  (blue).	  

As	  a	  last	  step,	  the	  distribution	  of	  AuNR	  in	  the	  tumor	  was	  shown	  (Figure	  4.25	  

E)	  and	  compared	  with	  the	  ones	  for	  HbO2	  and	  Hb.	  1	  h	  after	  the	  injection	  of	  AuNR,	  

the	   main	   proportion	   of	   AuNR	   signal	   was	   found	   to	   rather	   match	   with	   HbO2	  

component	  (Figure	  4.25	  F),	  but	  not	  with	  the	  Hb	  one	  (Figure	  4.25	  G).	  This	  result	  

denoted	  that	  at	  this	  time	  point,	  the	  external	  contrast	  agent	  was	  probably	  localized	  

in	  the	  arterial	  vasculature,	  but	  not	  in	  the	  venous	  one	  containing	  Hb	  as	  a	  principal	  

absorption	   component.	   The	   extravasation	   of	   AuNR	   only	   began	   into	   the	   tumor	  

mass.	  
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Figure	  4.25:	  RM-‐MSOT	  system	  imaging	  and	  validation	  of	  AuNR	  and	  blood	  

oxygenation	  spatial	  distribution	  in	  4T1	  breast	  tumor	  allograft.	  (A)	  Optical	  

spectrum	   for	   AuNR	   (top)	   and	   specific	   signals	   (yellow)	   multispectrally	  

resolved,	   superimposed	   with	   anatomic	   image	   (grey)	   at	   720	   nm	  

illumination	  wavelength	   (peak	   of	   AuNR)	   (botton).	   The	   AuNR	   signal	  was	  

located	  mainly	   in	  blood	   vessels	   (arrows).	  Regions	  1	   and	  2	  were	  used	   to	  

validate	   in	  B.	   (B)	  CD-‐31	   immunohistochemical	  staining	  as	  a	  blood	  vessel	  

marker	  shows	  that	  AuNR	  was	  concentrated	  in	  tareas	  with	  higher	  number	  

of	  blood	  vessels.	  (C)	  H&E	  staining	  for	  tumor	  histological	  profile.	  DF1	  and	  

DF2:	   regions	   with	   and	   without	   AuNR	   contrast	   agent	   respectively.	   Small	  

boxes:	  dark	  field	  microscopy	  profiles	  with	  AuNR	  map.	  Scale	  bars:	  50	  µm.	  

(D)	   Optoacoustic	   profiles	   for	   Hb	   and	   HbO2.	   Small	   boxes:	   Graphs	   for	  

spectral	  characteristics	  measured	  in	  the	  ROIs	  containing	  mostly	  HbO2	  and	  

Hb	   components.	   The	   black	   curves	   on	   the	   graphs	   indicate	   the	   calculated	  

spectra	  in	  each	  of	  the	  ROIs.	  They	  are	  compared	  to	  the	  theoretical	  spectra:	  

HbO2	  (red)	  and	  Hb	  (blue).	  (E)	  Specific	  signal	  for	  AuNR	  after	  multispectral	  

unmixing.	  (F)	  Specific	  signals	   for	  AuNR	  and	  Hb	  were	  spectrally	  resolved,	  

but	  could	  not	  be	  co-‐localized.	  (G)	  Specific	  signals	  for	  AuNR	  and	  HbO2	  were	  

spectrally	   resolved	   and	   could	   be	   co-‐localized	   confirming	   AuNR	   to	   be	  

located	  mostly	  in	  arterial	  blood	  vessels	  1	  h	  after	  i.v.	  injection.	  
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4.5.3.4 Tumor	  oxygenation	  at	  different	  breathing	  conditions	  

In	   this	   experiment,	   a	   4T1	   tumor	   was	   imaged	   in	   three	   different	   conditions	  

(same	  Z-‐plane)	  with	  different	  percentages	  of	  O2	  in	  the	  breathing	  gas.	  The	  animal	  

was	   anesthetized	   in	   the	   first	   two	   scans	  with	   Isoflurane	   as	   explained	   in	   4.5.2.3,	  

initially	  with	  medical	  air	   (20	  %	  O2)	  and	  then	  with	  100	  %	  O2.	  Finally,	   the	  mouse	  

was	   sacrificed	   with	   a	   mixture	   of	   Ketamine/Xylazine	   and	   the	   last	   scan	   was	  

performed.	  The	  three	  scans	  were	  separated	  by	  10	  minutes	  in	  order	  for	  the	  tissue	  

to	   stabilize	  with	   the	  new	  conditions.	  A	   color	   image	   taken	  with	   the	   cryoslicer	   at	  

approximately	  the	  same	  coronal	  optoacoustic	  slice	  is	  shown	  (Figure	  4.26	  A).	  After	  

multi-‐wavelength	  acquisition	  data	   (710,	  730,	  760,	  800,	  830	  and	  850	  nm),	  back-‐

projection	   reconstruction	   of	   the	   different	  wavelengths	   signals	   and	   linear	   fitting	  

was	  performed.	  The	  principal	  endogenous	  contrast	  agents	  (HbO2	  in	  red	  and	  Hb	  in	  

blue)	  were	  unmixed	   in	   the	   tumor	  (Figure	  4.26	  B).	  As	  expected,	   the	  oxygenation	  

maps	   were	   not	   the	   same	   for	   the	   three	   scans.	   The	   higher	   amount	   of	   HbO2	   was	  

found	   while	   breathing	   100	   %	   O2,	   whereas	   no	   HbO2	   was	   detected	   in	   the	   dead	  

mouse.	  
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Figure	   4.26:	   Tumor	   oxygenation	   varying	   the	   breathing	   conditions.	   (A)	  

Color	   image	   while	   cryoslicing	   at	   the	   same	   tumor	   level	   than	   the	  

optoacoustic	  reconstructions	  in	  B.	  The	  arrows	  indicate	  similar	  structures	  

in	   both	   cases.	   (B)	   Optoacoustic	   reconstruction	   unmixing	   after	   linear	  

fitting	  with	  HbO2	  (red)	  and	  Hb	  (blue).	  	  

4.5.4 Discussion	  

In	   this	   chapter,	   we	   have	   shown	   that	   the	   RM-‐MSOT	   system	   provides	   high-‐

fidelity	  images	  of	  heterogenic	  solid	  tumor	  models	  (4T1	  and	  HT29)	  in	  vivo	  and	  ex	  

vivo	   in	  mice.	   This	   system	   has	   typical	  MSOT	   advantages	   such	   as	   the	   capacity	   to	  

simultaneously	   acquire	   anatomical	   and	  molecular	   data	   in	   an	   experimental	   data	  

set	  with	   co-‐registration	  of	   different	   contrast	   agents.	   Then,	   it	  meets	   the	  demand	  

for	   the	   analysis	   of	  microenvironment	   gradients	   deep	   in	   solid	   preclinical	   tumor	  

models.	   	   The	   superior	   resolution	   combined	  with	   sustained	   competitive	   imaging	  

depth	   is	   critical	   to	   understand	   tumor	   heterogeneity	   and	   functional	   properties	  

during	  tumor	  development	  and	  anticancer	  therapy.	  
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Two	  different	  probes	  (Lipo-‐ICG	  and	  AuNR)	  were	  injected	  in	  mice	  and	  mapped	  

within	   the	   tumors	   to	   show	   the	   ability	   of	   the	   system	   to	   differentiate	   external	  

contrast	   agents	   from	   the	   rest	   of	   tissue	   structures.	   	   Mapping	   Lipo-‐ICG	   in	  

heterogeneous	  solid	  tumors	  revealed	  a	  detailed	  probe	  biodistribution	  pattern	  as	  

well	  as	   the	  capacity	   for	  3D	  imaging	  as	  a	  complementary	  tool	   to	  standard	  MSOT.	  

Moreover,	  the	  RM-‐MSOT	  system	  provided	  kinetic	  location	  of	  the	  external	  contrast	  

agent	   at	   different	   time	   points.	   In	   the	   same	   way,	   the	   RM-‐MSOT	   system	   could	  

resolve	  and	  analyze	  in	  vivo	  specific	  signals	  for	  AuNR	  contrast	  agent	  upon	  multiple	  

wavelength	   acquisition	   with	   high	   resolution.	   Clear	   similarities	   were	   found	  

between	  optoacoustic	  and	  validation	  profiles	  in	  ex	  vivo	  slicing	  for	  both	  probes.	  	  

Also	   important	   is	   the	  high	   resolution	   imaging	   capacity	   of	   intrinsic	   contrast,	  

namely	   Hb	   and	   HbO2,	   which	   is	   indicative	   of	   hypoxia	   and	   tumor	   perfusion	  

heterogeneity.	   In	   this	  way,	  other	   important	  pathophysiological	  gradients	  can	  be	  

defined.	   In	   order	   to	  prove	   the	   reliability	   of	   the	  RM-‐MSOT	   system	   to	   resolve	  Hb	  

and	   HbO2,	   several	   regions	   of	   interest	   in	   the	   tumors	   were	   experimentally	  

compared	   and	   resolved	   with	   theoretical	   spectra.	   This	   analysis	   revealed	  

correlation,	  demonstrating	   that	   the	  RM-‐MlSOT	  system	  yielded	  a	  real	  map	  of	   the	  

intrinsic	   contrast	   components	   in	   vivo.	   Both	   endogenous	   contrasts	  were	   studied	  

also	  under	  different	  breathing	  condition.	  
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5 Conclusions	  and	  outlook	  

5.1 Conclusions	  

In	  this	  thesis	  we	  aimed	  at	  a	  two-‐fold	  objective	  for	  important	  improvements	  of	  

MSOT	  in	  practical	  scenarios.	  In	  a	  first	  step,	  we	  discussed	  the	  concept	  of	  efficiency	  

of	  probes,	  which	  can	  serve	  as	  a	  guide	  for	  probe	  selection	  in	  molecular	  imaging.	  In	  

a	  second	  and	  principal	  objective,	  we	  developed	  a	  mesoscopic	  optoacoustic	  system	  

for	   high-‐resolution	   visualization	   of	   tumors	   in	   preclinical	   experiments	   and	  

showcased	  important	  applications	  in	  cancer	  research.	  

The	  importance	  of	  choosing	  an	  efficient	  probe	  was	  studied	  with	  a	  macroscopic	  

optoacoustic	  system	  for	  small	  animals.	  Phantom	  experiments	  were	  performed	  to	  

study	  the	  efficiency	  of	  gold	  nanoparticles	  and	  fluorescent	  dyes.	  The	  importance	  of	  

the	   quantum	   yield	   of	   dyes	   was	   noted	   in	   the	   reduction	   of	   efficiency.	  

Photobleaching	   effects	   were	   also	   analyzed	   and	   ICG	   was	   shown	   to	   be	   more	  

affected	   by	   this	   effect	   than	   other	   dyes.	   An	   optoacoustic	   spectrometer	   was	   also	  

developed	  to	  study	  the	  spectrum	  of	  optoacoustic	  signals.	  The	  performance	  of	  this	  

system	   was	   showcased	   with	   oxygen	   saturation	   measurements	   in	   blood,	   which	  

were	  comparable	  to	  the	  repective	  measurements	  obtained	  with	  a	  gas	  analyzer.	  
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The	   principal	   outcome	   of	   this	   thesis	   was	   the	   creation	   of	   a	   rotational	  

mesoscopic	  optoacoustic	  system	  (RM-‐MSOT)	  for	  the	  visualization	  of	  heterogenic	  

solid	  tumors	  in	  preclinical	  studies.	  The	  reconstructed	  tomographic	  data	  provided	  

high-‐fidelity	  images	  with	  an	  in-‐plane	  resolution	  of	  50	  µm	  and	  penetration	  depths	  

beyond	   15	   mm	   when	   using	   a	   piezoelectric	   cylindrically-‐focused	   immersion	  

transducer	  with	   15	  MHz	   central	   frequency.	   Different	   reconstruction	   algorithms	  

were	   explored	   in	   the	   thesis,	   where	   a	   tradeoff	   generally	   exists	   between	   image	  

quality	  and	  computation	  time.	  The	  system	  has	  typical	  MSOT	  advantages,	  such	  us	  

the	  ability	  to	  simultaneously	  acquire	  anatomical	  and	  molecular	  information	  in	  the	  

same	  data	  set	  with	  seamless	  co-‐registration	  at	  different	  optical	  wavelengths.	  

The	   characterization	   of	   the	   RM-‐MSOT	   system	   was	   achieved	   with	   different	  

phantoms	  and	  ex	  vivo	  and	  in	  vivo	  studies	  were	  performed	  in	  mice	  with	  two	  tumor	  

models.	  The	  4T1	  breast	  cancer	  cell	  line	  results	  in	  a	  fast	  growing	  tumor	  with	  leaky	  

vasculature	  and	  the	  HT29	  colon	  carcinoma	  model	  presents	  slower	  growth	  and	  a	  

restricted	  microvascular	  network.	   	  The	  4T1	  tumor	  shows	  a	  rich	  vascular	  outline	  

in	   its	  core,	  but	  an	  avascular	  pattern	   in	   the	   tumor	  periphery.	  The	  shape	  of	  HT29	  

tumor	  is	  different,	  displaying	  large	  peripheral	  vessels	  and	  less	  vascular	  density	  in	  

its	  core.	  

The	  major	   advantages	   of	   the	   RM-‐MSOT	   system	   technology	  were	   highlighted	  

with	   the	   detailed	   in	   vivo	   and	   ex	   vivo	   imaging	   of	   external	   and	   intrinsic	   contrast	  

agent	  concentrations	  in	  preclinical	  models	  of	  breast	  cancer.	  The	  capacities	  of	  the	  

system	  to	  image	  the	  spatial	  distribution	  of	  injected	  probes	  in	  slices	  of	  the	  tumors	  

in	  vivo	  was	  showcased,	  and	  volumetric	  imaging	  was	  also	  achieved	  by	  stacking	  the	  

two-‐dimensional	   cross-‐section.	  High-‐resolution	  with	   competitive	   imaging	   depth	  

is	   important	   in	   the	   research	   of	   tumor	   heterogeneity	   and	   functional	   properties	  

during	   tumor	   formation	   and	   anticancer	   therapy.	   The	   probe	   distribution	   images	  

rendered	   by	   the	   RM-‐MSOT	   system	   could	   be	   co-‐registered	   with	   the	   anatomical	  

ones	   and	   correlated	   with	   the	   validation	   ex	   vivo	   images,	   demonstrating	   the	  

reliability	  of	  the	  setup.	  
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The	   performance	   of	   the	   RM-‐MSOT	   system	   in	   imaging	   the	   bio-‐distribution	   of	  

two	   important	   contrast	   agents,	   namely	   liposomal	   ICG	   and	   gold	   nanorods,	   was	  

showcased.	  Liposomes	  are	  known	  as	  the	  most	  common	  vehicle	  currently	  used	  for	  

targeted	  drug	  delivery.	  The	  liposomes	  employed	  enable	  observations	  of	  enhanced	  

permeation	   and	   retention	   with	   the	   RM-‐MSOT	   system.	   The	   optoacoustic	   setup	  

offered	  a	  detailed	  view	  of	   the	  particle	  distribution	  within	   tumors	  and	  a	  marked	  

variation	  on	  the	  delivery	  ability	   in	   the	   two	  different	   tumor	  models.	  Detection	  of	  

Lipo-‐ICG	   based	   on	   its	   absorption	   signature	   was	   performed	   at	   different	   time	  

points.	  Shortly	  after	  injection,	  Lipo-‐ICG	  stayed	  limited	  to	  the	  vascular	  system	  and	  

did	  not	  distribute	  within	  other	  tissues	  or	  deoxygenated	  regions	  of	   limited	  blood	  

supply.	  In	  later	  time	  points,	  the	  concentration	  of	  the	  liposomes	  in	  the	  center	  of	  the	  

4T1	   tumor	  was	   detected	  with	   a	   corresponding	   decrease	   of	   visible	   signal	   in	   the	  

surrounding	   vasculature.	   The	   results	   were	   different	   in	   the	   HT29	   tumor	  model.	  

Lipo-‐ICG	  did	  not	  appear	  in	  the	  tumor	  core	  and	  persisted	  in	  the	  tumor	  peripheral	  

vasculature.	   The	   results	   were	   confirmed	   also	  with	   epi-‐fluorescent	   illumination.	  

The	   distribution	   of	   AuNR	   in	   4T	   tumors	   was	   also	   resolved	   with	   the	   RM-‐MSOT	  

system	  in	  vivo	  upon	  multiple	  wavelength	  acquisition	  and	  validated	  with	  dark	  field	  

imaging.	  The	  AuNR	  signal	  was	  resolved	  primarily	  in	  blood	  vessels	  and	  started	  to	  

appear	  in	  the	  tumor	  periphery	  major	  vessels.	  

Imaging	  of	  intrinsic	  contrast	  agents	  like	  Hb	  and	  HbO2,	  was	  also	  achieved	  in	  the	  

same	   setup.	   The	   maps	   of	   these	   components	   represent	   an	   indicative	   sign	   of	  

hypoxia	   and	   tumor	   perfusion	   heterogeneity	   and	   define	   also	   other	   important	  

pathophysiological	   gradients.	   To	   demonstrate	   the	   consistency	   of	   the	   RM-‐MSOT	  

system	  to	  resolve	  Hb	  and	  HbO2,	  regions	  of	   interest	  were	  selected	   in	   the	  studied	  

tumors	   and	   compared	   to	   the	   theoretical	   spectra.	   Co-‐localization	   of	   AuNR	   with	  

HbO2	  demonstrated	  high-‐resolution	  multichannel	  imaging	  and	  probe	  distribution	  

shortly	  after	  injection.	  Experiments	  using	  breathing	  air	  at	  different	  oxygen	  levels	  

also	  demonstrate	  similar	  results	  in	  regions	  of	  interest	  marked	  in	  the	  tumors.	  	  
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The	   reported	   RM-‐MSOT	   system	   proved	   the	   high	   potential	   for	   studying	  

heterogeneous	  vasculature,	  blood	  oxygenation	  and	  pathophysiological	  profiles	  as	  

a	  function	  of	  tumor	  microenvironment	  at	  any	  stage	  of	  tumor	  development,	  using	  

its	   multispectral	   imaging	   capacity	   to	   compare	   and	   co-‐localize	   external	   and	  

intrinsic	  contrast	  agents.	  The	  setup	  may	  find	  application	  as	  a	  valuable	  preclinical	  

tool	  for	  studying	  the	  pathophysiology	  of	  tumors	  and	  their	  response	  to	  treatment	  

using	  specific	  contrast	  agents	  and	  internal	  microenvironment	  gradients.	  

5.2 Outlook	  

One	   of	   the	   challenges	   of	   the	   RM-‐MSOT	   system	   is	   to	   reduce	   the	   required	  

acquisition	   time	   to	   obtain	   a	   stack	   of	   2-‐D	   image	   slices	   and	   to	   perform	   a	  

measurement	   at	   multiple	   wavelengths.	   The	   first	   is	   necessary	   when	   a	   higher	  

number	  of	  optoacoustic	  planes	  are	  required	   for	  a	  better	  vertical	  resolution.	  The	  

second	   is	  needed	   to	   estimate	   (unmix)	   the	   spatial	  distribution	  of	   endogenous	  or	  

exogenous	   contrast	   agents,	   which	   generally	   changes	   with	   time.	   A	   possible	  

solution	  to	  this	  problem	  is	  to	  increase	  the	  number	  of	  single	  element	  transducers	  

around	  the	  sample	  or	  to	  use	  arrays	  of	  detectors	  covering	  a	  wider	  angle	  of	  view.	  	  

Another	   solution	   is	   to	   increase	   the	   rotation	   speed,	   which	   may	   come	   to	   the	  

detriment	   of	   image	   quality	   unless	   the	   pulse	   repetition	   rate	   of	   the	   laser	   is	   also	  

increased.	  

Other	  setups	  based	  on	  scanning	  the	  transducer(s)	  instead	  of	  the	  sample	  can	  also	  

be	  explored,	  where	  gas	  anesthesia	  can	  be	  more	  efficiently	  provided	  but	  problems	  

arise	  due	  to	  the	  need	  of	  scanning	  the	  optical	  illumination	  elements.	  Cylindrically-‐

focused	  transducers	  with	  higher	  frequencies	  can	  also	  be	  characterized	  and	  used	  

for	   tumor	   imaging	   in	   the	   RM-‐MSOT	   system.	   However,	   detectors	   with	   wider	  

element	   diameter	   or	   tighter	   focus	   present	  more	   difficulties	   to	   scan	   around	   the	  

tumors	  due	  to	  the	  proximity	  of	  the	  animal	  body.	  
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Considering	   that	   a	   significant	   number	   of	   projections	   are	   needed	   to	   create	  

images	  from	  the	  samples,	  new	  memory-‐efficient	  reconstruction	  algorithms	  must	  

be	  explored	   in	   future	  work.	  Various	   filters	  highlighting	  the	  particular	  structures	  

of	  tissue	  can	  be	  also	  used	  for	  image	  quality	  enhancement,	  and	  further	  studies	  for	  

the	  automatic	   selection	  of	   the	   speed	  of	   sound	   in	   tissue	  as	  a	  basic	   step	  of	   image	  

reconstruction	  can	  also	  be	  helpful.	  
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